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1. INTRODUCTION 

 

Skull serves as home and protecting unit of the brain and other crucial components of 

central nervous system. And to repair any skull vault defect cranioplasty is important. 

Cranioplasty is the surgical procedure to repair any cranial defects, congenital or acquired, 

by insertion of an object (bone or nonbiological materials). Head injuries, cerebral tumors, 

ischemia, and infections on the calvaria bones like frontal, parietal, temporal and occipital 

require reconstruction [1-3]. In general, cranioplasty is performed following craniectomy 

or craniotomy. Complication post-craniectomy includes herniation of the cortex through 

the bone defect, seizures, subdural effusion, and syndrome of the trephined (i.e., headaches, 

dizziness, intolerance of vibration and noise, loss of concentration, depression, and anxiety) 

[4, 5]. The time interval between craniectomy and cranioplasty depends upon various 

factors like the cause and condition of the defect, age and health of the patient, availability 

of suitable substitute etc. Major aims of cranioplasty are minimizing the post-craniectomy 

complications, brain protection and restoring its cosmetic integrity [6]. Cranioplasty 

ensures biochemical protection of the brain, as well as stabilize normal intracranial 

pressure, which helps reestablishing the dynamics of cerebrospinal fluid and cerebral blood 

flow [3, 7-14]. Moreover, cranioplasty also shown to be decrease the incidence of epilepsy 

and increase social performance.   

With its long history, Cranioplasty has always been a subject of conflict for both plastic 

surgeons and neurosurgeons, because the optimal result depends on a thorough 

multidisciplinary approach. The stages of the treatment and the surgical steps must be 

conducted in a well-strategic collaboration by the two specialists to get the best possible 

outcome [15].  
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History of reconstruction of large skull bone defects dates back to antiquity. Till then 

autogenous bone grafts remains the gold standard, which is generally harvested from 

calvarium, iliac crest, tibia, or fibula [16]. Though use of metal plates in 2000 BC was 

found where the material used was contingent upon the socioeconomic rank of the patient 

[17]. With time and extended research, the disadvantages of different grafts pointed out and 

respectively the use of grafts become more interesting topic of research. Problems like, 

infection of the bone graft, donor-site morbidity, handling of bone graft, wastage of time 

reduced the usage of autogenous grafts. According to the source of the graft material, 

craniofacial implants are being called xenografts, allografts, autogenous bone graft and 

synthetic materials.  

Along with the advantages and disadvantages of the said implants, an ideal craniofacial 

implant is yet to come.  Depending on the research of craniofacial implants and subsequent 

case studies the ideal material used for cranioplasty would be radiolucent, resistant to 

infections, not conductive of heat or cold, resistant to biochemical processes, malleable to 

fit defects, complete closure of the defect site [8]. The requirements and expectations from 

a synthetic graft material are quite high. An ideal graft material should be strong, 

lightweight, easily shaped, osteoinductive or osteoconductive, and enable osteointegration. 

The best substitute should have the mechanical properties close to the surrounding bone. It 

was found that depending upon the species and age a wide range of anisotropic elastic 

moduli of craniofacial bone can be obtained. The average elastic modulus of cranial bone, 

both fetal and matured, tested in a three-point bend set-up were 7.467 + 5.39 GPa (0.5 m/s), 

10.777 + 9.38 GPa (1.0 m/s) and 15.547 + 10.29 GPa (2.5 m/s), whereas the average 

porosity of cranial bones was 13.087 + 4.23% and the average percent bone volume 

(BV/TV) was 70.847 + 10.13%[18].  
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Several synthetic biomaterials are available for craniofacial bone substitute, such as 

titanium, polymethylmethacrylate (PMMA), polyethylene (PE), polyetheretherketone 

(PEEK), hydroxyapatite (HAp), or combinations/ composites of these materials. The 

principal aim of the current clinical biomaterial research is to address the limitations of 

now-available materials. Bioactive glasses are a group of non-metallic ceramic 

biomaterials with osteoconductive, osteoinductive, and bacteriostatic properties which was 

first introduced in the field by prof. L Hench and his team. Apart from the unique 

advantageous features of bioactive glass ceramics, their heterogeneous macrostructure 

restricts their versatility and mechanical strength [19]. Evolution of research in this field 

evolved the area tremendously and the limitations are now taken care of by going 

interdisciplinary and making composites with other materials for particular purposes. The 

components of the composite are chosen very wisely and calculatedly to overcome certain 

limitations. Composites have an interesting aspect of high adaptiveness and tuneable 

properties by varying the component ratio which is helpful to fabricate patient specific 

implants [20-22]. 
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2. LITERATURE REVIEW 

2.1 Cranioplasty 

2.1.1 History and evolution of cranioplasty 

The first ever report regarding craniofacial reconstruction was written in 1505, though evidence 

of cranioplasty dates back to 7000 BC [23]. Ancient civilizations like the Incans, the Britons, 

the Asiatics, the North Africans, and the Polynesians practiced cranioplasty quite 

experimentally using mostly metals. Socioeconomic rank of the patient decided the type of 

material to be used. The first documented description of cranioplasty explains the technique 

used in the 16th century written by Fallopius. He proposed that bone could be replaced in cranial 

fractures if the dura stays intact.  Another textbook from 1505 guides the physicians to treat 

the wounds with the help of xenograft obtained from a goat or a dog. Another well-known and 

successful cranioplasty published by Van Meekeren in 1668, illustrates a treatment of a Russian 

man after a word injury using canine xenograft and the outcome was good[24-26]. Bone grafts 

from dog, ape, goose, rabbit, calf, and eagle have been implanted into humans after boiling. 

Xenografts were diminished by the high rate of infections and the better outcome of the 

autografts. In 1821, Walther first successfully transplanted autologous bone graft where the 

removed bone flap has been attached again on the site. This procedure avoids host-tissue 

rejection, but the main disadvantage is related to donor site morbidity [26-28]. In 1889, Seydel 

used pieces of tibia to cover a parietal defect as a plastic reconstruction. Many other bone 

harvest sites were experimented such as ilium, ribs, sternum, scapula, fascia, etc. however the 

need of two operative fields creates hesitation. Use of the cranium became more popular 

comparing other donor sites by the Miil-ler-Konig procedure [29]. These types of grafts can be 

preserved by cryopreservation or by placing in an abdominal pocket. The common 

disadvantage related to autologous bone grafts is bone flap resorption causing structural 
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breakdown.  In addition to it, Matsuno et al. showed that autologous bone grafts has very high 

rates of infection compared to other synthetic materials [30].  

As we know that cranioplasty was started by using synthetic materials like metals which 

resurged in the early 1900s. Metals were experimented excessively till then as they are strong 

but malleable. Aluminium was the first metal used in cranioplasty but was prone to infect and 

irritate surrounding tissues. Although gold was used by people with high status, it is 

unfavourable for general use because of its high cost and softness. In the 20th century silver 

was tested along with gold before and during World War I, but later made obsolete by other 

advanced materials. After World War I different alloys were investigated and proved as a 

potential candidate for reconstruction of cranial defects. These included a wide range of metals 

like platinum, lead, aluminium, tantalum, cobalt, chromium, steel, and their different alloys. 

During World War II tantalum was largely used due to its bioinert, malleable, and noncorrosive 

nature [31]. Based on the advances in research and case studies more disadvantages came to 

notice, and alloying was readily accepted at that time due to their tuneable properties. Alloys 

are known to bend their properties according to the requirement by changing the metal 

proportions. This feature made them irresistible for a range of different types of cranial defects. 

Titanium was introduced in the late 1965 and found that it is better than other metals in 

biocompatibility and mechanical strength [32-34].  

Celluloid, a synthetic plastic was first used as an implant in late 19th century; however, it was 

not completely biocompatible. In the mid-20th century, more suitable alternatives of 

thermoplastic resins were introduced. Methyl methacrylate was discovered in 1939 and 

introduced in cranioplasty in 1940. It is a polymerised ester of acrylic acid with a compatible 

mechanical strength. However, the difficulty in the preparation of the implant was a major 

limitation along with its brittle nature [35]. Despite these drawbacks, PMMA was used widely 
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in that span of time as a cranial bone graft. Polyethylene was developed in 1936 but used in 

this field in 1948 in case of smaller cranial defects. The low mechanical strength barred its use 

for reconstruction of large-size defects [26, 36]. Development of porous polyethylene made it 

more suitable to use as a bone graft by allowing soft-tissue ingrowth [37, 38]. In the beginning 

of 21st century the modern era of cranioplasty has been initiated in search of patient specific 

implant. In this era with the specific requirement of the patient like, size, shape, bioactivity, 

biocompatibility, implantation period etc. the properties of the grafts have been chosen. In 

order to get grafts with such tuneable properties the horizon of this field increased 

tremendously, and different new types of implants has been introduced. Also different 

modifications of old implant materials like calcium phosphates, especially hydroxyapatites; 

bioactive glasses came to the picture [39]. New polymer materials like PEEK were introduced 

to cranial reconstruction [3, 40]. Plates and screws of verity of new synthetic resorbable 

polymers with innovative design were introduced to clinical practice. Research related to bone-

forming cell activity at the defect site has been prioritised using a combination of bone particles 

and growth factors. Also composites of different materials like calcium phosphates, bioactive 

glasses with a range of different elements, polymers, metals have been experimented 

extensively to reconstruct cranial defects. 

The use of bioactive glass composites in craniofacial application is still limited, but the 

possibility is enormous as bioactive glass has all the required eligibility as a craniofacial 

implant and by making composites the possibility will increase further as the properties can be 

tailored. The aim of this chapter is to draw the attention of the scientists and researchers by 

summarise the recent advancement of craniofacial implants based on composites of bioactive 

glass and their studies in craniofacial surgical challenges along with their aftermath. Our 

discussion tactfully covers the current innovations in implant-material development and fine 
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tuning together with structural and functional modifications. With the vast versatility of 

bioactive glass composite materials this area is waiting to be explored more and more. 

2.1.2 Requirements of craniofacial surgery: 

Depending upon the factors like, size, shape and position of the defect, implantation time, 

mechanical properties of the surrounding bone, age of the patient; the requirements of 

cranioplastic implants differ. With the aim of making patient specific implant the factors are 

taken in consideration for the better future of craniofacial reconstruction. The desired properties 

of the implant can be achieved by making different composites, to use in unique surroundings 

of the respective patient. 

According to the origin, cranial bone defects may be of congenital or acquired. Congenital 

defects mostly come from craniosynostosis, whereas the acquired cranial bone defects mainly 

occur as a result from head injury or surgical action upon an intracranial lesion, cranial bone 

tumour, bone resorption, or osteomyelitis. Tendency of traumatic etiology is higher in children 

and young people, mostly male. There are two types of bone tumour, primary and secondary 

which can cause skull defect. Primary bone tumours are namely fibrosarcomas, osteosarcomas, 

chondrosarcomas, osteomas, etc and secondary bone tumours like dermoids, epidermoids, 

Ewing sarcomas may affect cranial bones by means of pressure or they may force the bone out 

of its normal position, even sometimes destroying the bone.  

Though the cranial bone defect size is not very significant for surgical purposes, but it is an 

important parameter for engineering the implant. The materials required and their properties 

are vastly dependent on the shape and size of the defect. Recently Uygur et al proposed a 

classification from small-sized (smaller than 25 cm2), medium-sized (between 25 to 200 cm2) 

and large sized (larger than 200 cm2) defect [41]. However, a standard classification of cranial 

bone defect size is not available yet. 
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2.1.3 Mechanical properties of cranial bone: 

The mechanical properties of skull bones have been extensively characterised and it was found 

that cranial bone is comprised of a three sandwich type layered structure: external layers are 

made of compact, high density cortical bone whereas the central layer consists of a low-density, 

irregularly porous bone structure [18, 42-45]. Studies showed that fetal and adult cranial bones 

are vastly different in properties. Fetal cranial bone is thin and non-homogeneous which 

displays a highly directional fibre orientation [46]. With the maturity of the cranium the bones 

structurally differentiate into a three-layered composite structure. With the structural 

development, the mechanical properties of the skull bones change diversely. The large 

variation of the mechanical properties can be attributed to the morphological differences 

between the subjects. 

It was found that depending upon the species and age a wide range of anisotropic elastic moduli 

of craniofacial bone can be obtained. The average elastic modulus of cranial bone, both fetal 

and matured, tested in a three-point bend set-up were 7.467 + 5.39 GPa (0.5 m/s), 10.777 + 

9.38 GPa (1.0 m/s) and 15.547 + 10.29 GPa (2.5 m/s), whereas the average porosity of cranial 

bones was 13.087 + 4.23% and the average percent bone volume (BV/TV) was 70.847 + 

10.13%. A correlation between percent bone volume (BV) and the elastic modulus (r2=0.1963; 

p=0.0004) and maximum bending stress (r2=0.2708; p< 0.0001) was found [18]. These results 

reported plays very important role in the processing of patient specific implant. The maximum 

force to failure, the elastic modulus and the maximum bending stress are very significant to 

make a suitable implant. Porosity and bone thickness are two other important variants which 

also control the role of the bone graft. 
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2.1.4 Requirements for ideal craniofacial implant material: 

The requirements and expectations of an optimal graft material vary from patient to patient. 

The complexity of the required properties is increasing day by day. An optimal biomaterial 

should have certain qualities like mechanical strength, lightweight, easily shaped, 

osteoinductive or osteoconductive, and have a structure, which enables osseointegration. 

Density, surface area and porosity are some other properties which also play significant part to 

make an implant appropriate for application. Depending upon the requirement it can be 

biodegradable or biostable, and it may be bioinert or bioactive. The suitable structural design 

would support ingrowth of bone so that the implant could be integrated with the surrounding 

bone. Hence an implant with porous structure with more size in the range of 50-400 μm is 

beneficial for osteointegration [47]. Porous structure works as a scaffold for osteoblast cells, 

which later forms bony ingrowth. 

2.2 Bone grafting and bone graft substitutes 

2.2.1 Definition of Bone graft: 

The definition of bone graft as Muschler & Lane is “a bone graft is any implanted material that, 

alone or in combination with other materials, promotes a bone healing response by providing 

osteogenic, osteoconductive, or osteoinductive activity to a local site” [48, 49]. The definition 

of these healing responses is as follow: 

Osteogenesis: Formation of new bone from osteocompetent cells that survived in the graft.  

Osteoinduction: Formation of new bone from the differentiation of mesenchymal cells from 

the host stimulated by osteoinductive proteins such as bone morphogenic proteins (BMP) and 

insulin-like growth factors 1 and 2 (IGF-1 and -2). 
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Osteoconduction: Formation of new bone by ingrowth of vascular tissue and mesenchymal 

cells from the host along a scaffold presented by the graft [50]. 

2.2.2 Types of bone graft 

2.2.2.1 Biological bone graft 

Substances of biological origin include autograft, xenograft, demineralized bone matrix, 

collagens, stem cells and various osteoinductive growth factors.  

2.2.2.1.1 Autogenous bone graft: 

When a bone graft is being harvested from the body of the recipient itself, it becomes easily 

available as well as inexpensive. The advantages like, high efficacy, better patient 

acceptability, no immunogenicity made it considered as the gold standard for bone 

reconstruction [51]. It can be harvested in the form of cancellous, cortical or cortico-cancellous 

grafts. Though cortical bone graft has higher mechanical strength than cancellous bone grafts, 

lack of osteoblast or mesenchymal cells make osteogenesis impossible. Cancellous bone grafts 

show greater capacity for osteogenesis with its abundant osteoblasts and osteocompetent 

progenitor cells. The cotico-cancellous graft poses properties of both and is the mostly used 

autogenous bone graft [48, 52]. Autograft generally harvested “fresh” or extracted during 

craniectomy and preserved. The reliable way to preserve autografts is to either pocketed to the 

abdomen or cryopreserved [53]. Autograft generally harvested fresh from calvarium, tibia, iliac 

crest, or fibula and this method is considered the most reliable method. The disadvantages 

however include increased surgical complexity and a requirement for a second surgical site 

which comes with additional surgical time and morbidity.  
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2.2.2.1.2 Allogenic bone graft: 

Allograft harvested from a member of same species as the recipient, but not from the host. The 

graft must undergo various process to minimize the chances of host rejection. These processing 

steps decide the classification of the allograft, fresh-frozen, free-dried, demineralized freeze-

dried bone allograft (DFDBA), and demineralized bone matrix (DBM) [51]. However, lack of 

mechanical strength and transmission of prion diseases make it difficult to use it as a bone 

graft.  

2.2.2.1.3 Xenograft: 

When grafts are derived from different species than they are called xenografts. Bio-OSS 

(Osteohealth, Shirley,NY) is the most common xenograft, which is derived from bovine bone. 

Prior use it is deproteinated, particulated, and contained in a porous scaffold to make it 

oteoconductive.  

2.2.2.2 Non-biological bone graft: 

In case of better cosmetic outcome in lower cost autogenous bone graft is used widely, but non-

biological/synthetic materials are considered as an alternative to avoid various complications 

like, infection, donor side morbidity and reduced strength and malleability for aesthetic contour 

[54]. Availability of Osteoconduction and/or osteoinduction properties categories synthetic 

bone grafts. Researches were directed to develop synthetic materials having bio-features like, 

biocompatibility, osteo-integration, osteo-conduction etc. One such biomaterial is acrylic 

composition based on PMMA (polymethylmethacrylate) [8, 55-58]. PMMA was found to be 

nontoxic due to absence of monomers, strong and impact resistant. It can be formed to near net 

shape of application area of skull during operation itself. Another polymeric compound 

recently developed is PEEK (polyether ether ketone) [11, 59, 60]. It is radiolucent, chemically 
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inert, strong, and elastic. Not only that it is comfortable and neither creates artifacts on imaging 

nor generates heat while in use. Ceramic compositions based on Al2O3, hydroxyapatite and 

calcium sulphate have been developed as biomaterials [61]. Ceramic materials are highly 

biocompatible, bioactive and have good mechanical strength. However, they are known to 

possess poor impact strength and therefore brittle in nature. Bioglasses are another category of 

bioactive ceramic material and their inclusion as nano- and micro-sized particles in synthetic 

cranial flaps has been found to induce osteo-induction, osteo-conduction and osteo-integration 

property.  Titanium metal still has a good share as material for cranioplasty due to its good 

biocompability, mechanical strength and radiolucency. The bio-features have been enhanced 

by application of bioactive ceramic (hydroxyapatite) coatings on the surface. Another area of 

current work is inclusion of controlled drug delivery feature in these synthetic materials. 

2.2.3 Bioactive glass as a craniofacial implant:  

The maxillofacial area is a unique challenge for many decades to the surgeons because of its 

versatile properties (mechanical strength, thickness, bone structure) and infection-sensitivity. 

Especially paranasal sinuses, upper respiratory tract and oral cavity are among the most 

sensitive areas which needs special attention. Since the first use of bioactive glass, it has been 

attracted the attention of the respective surgeons due to their osteoconductive as well as 

antimicrobial properties [62-67]. During the initial times it was found to be very successful in 

dental applications with promising results. Bioactive glass has been used frequently in the 

treatment of intra-bony defects and in dental extraction sites as filler before dental implant 

placement [68, 69]. Also the anti-gingivitis and anti-plaque effects of bioactive glass 

(NovaMin®) have been studied with evident proof of gingival bleeding reduction and oral 

plaque formation [70].  The success in the dental field leads to the use of bioactive glass implant 

in the other areas related to cranioplasty. Bioactive glass S53P4 was used in frontal sinus 
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elimination and frontal bone reconstruction, nasal septum defect repair, orbital wall and nasal 

septum reconstruction and canal wall down mastoidectomy [71-73]. Middle ear implant made 

by bioactive glass for ossicular chain reconstruction also showed very good success rate even 

after eight years [74].  

However, bioactive glasses are a very rigid material with high compressive strength but are 

also very brittle and thus have limitations in shaping and flexibility for specific clinical 

requirements. These properties also prevent the use of bioactive glass in load bearing 

applications. Limitations led to the development of composite materials using bioactive glass 

to make use of its benefits up to full extent. Composite material is by definition a material 

composed of at least two different biomaterials. Over the last two decades composites of 

bioactive glass has been used in different aspects and fields according to the properties of the 

composite materials. The arsenal of the application of bioactive glass has been increased 

enormously as the mechanical, biological, and physiological properties of the composite 

materials can be tailored by changing the concentrations of the components. 

The field of bioactive glass composite for craniofacial reconstruction has been nurtured a lot 

in the last two decades, but there are still a lot of vacant spaces to fill up the arsenal. A vast 

number of composites were tried with success, sometimes without success, but all the data 

made us more accurate in planning for the upcoming fabrication of composite materials. With 

the introduction of 3D scaffold designing in tissue engineering a new door has opened, patient 

specific implant got a new definition because of this technology. In the coming years more 

emphasis will be given to make 3D implants based on bioactive glass or bioactive glass 

composites as bioactive glass can be used as to fabricate 3D scaffold. New ideas of adding stem 

cells and/ or growth factors will get attention of the researchers. The bioactive glass-based 

composites have been used in vitro using a wide range of cell types and its high time to use 
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those data to apply the composites in clinical trials in vivo. The long-term understanding of in 

vivo in this field is still limited, specially related to the kinetics of degradation and ion release. 

The use of nano scale composites will need to be investigated too. The results of these 

investigations will give a better insight of the synergic effect of bioactive glass composites 

leading to more control over the strategies. 

 In order to improve the bioactivity, stimulating effects on osteogenesis, angiogenesis and 

antibacterial effects of bioactive glasses in a specific physiological environment, many 

methods have been studied incorporating various metal ions in the silicate network. Different 

substituted silicate glasses exhibit a certain level of acellular bioactivity when tested in vitro 

through standard SBF test, according to Kokubo et al. [75]. Mechanical and osteoinductive 

properties of bioactive glass scaffold materials can be improved via metallic ion substitution 

[76]. Among various ion substitutions, strontium (Sr2+), zinc (Zn2+), magnesium (Mg2+) and 

silicon (Si4+) have been widely studied[77-83].  

2.2.3.1 Strontium-bioactive glass 

Strontium (Sr) is a naturally occurring mineral found in water and food. It is also an essential 

trace element of human body. The total amount of Sr in human body of a 70 kg “standard” man 

is around 0.32 g. Recently, researchers found that Sr positively effects bone metabolism to 

promote bone formation and osteoblast replication while inhibiting bone resorption by 

osteoclasts [84]. Evidence also showed that strontium not only enhances osteogenic 

differentiation, it also helps to stabilize bone structure [85]. However too much Sr may increase 

the number of osteoclast cells which can inhibit bone regeneration and remodelling, leading to 

osteonecrosis. Thus, Strontium has very good effects up to an optimum level. Among the trace 

elements human body have, only Sr was correlated with bone compression strength [86]. In 

vitro and in vivo studies showed that strontium ions up-regulate osteoblasts and down regulate 
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osteoclasts [87, 88]. Presence of Sr on the surface of a biomaterial, decrease the rate of ion-

release at the defect site, which is therapeutically beneficial [89]. Sr-substituted boron glasses 

show a good adhesion with osteoblast-like cells, Saos-2, thus enhances the cyto-compatibility 

of borate glass.  

Jonathan Lao et al. confirmed that Sr-doped bioactive glasses are more bioactive in vitro than 

their original counterparts. Sr-doped glasses are also able to increase the rate of bonelike apatite 

layer formation on their surface. Moreover, it also decreases the Ca/P ratio very rapidly, which 

leads to faster stability of apatite layer, hence greater bioactivity [90]. Substitution of 5 wt% 

strontium in place of calcium shows advantageous effect on fetal mouse calvarial bone cells 

[91].  

Strontium based bioactive glasses tends to increase metabolic activity in osteoblasts and to 

decrease osteoclast activity. The decrease of osteoclasts is may be caused by decreasing tartrate 

resistant acid phosphate activity and inhibiting resorption of calcium phosphate films [92]. In 

some cases it was found that substitution of Sr in place of Ca is more effective strategy for 

building materials suitable for bone regeneration therapies [92]. Substitution of Ca by Sr by 

mol% sometimes increase silica content as Sr is heavier than Ca, which results in reduced 

solubility and hence bioactivity. Though replace by weight% sometimes increase the rate of 

HCA formation [90, 93].  

In comparison, Sr is slightly larger than Ca, which expands the silica network and increases 

ion dissolution rates, leading to significantly increased in vitro and in vivo reactivity. The in 

vivo bioactivity is greater in case of Sr-doped bioactive glasses due to the biological effects of 

Sr on bone-forming cells [94].   

Very recently D. Sriranganathan et al. reported that with increase of the Sr-substitution for Ca 

in high phosphate bioactive glasses decrease the formation of apatite layer directly. They 
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proposed that the apatite formation proceeds via the formation of an octacalcium phosphate 

(Ca8(PO4)6H2.5H2O) phase, which then transform into hydroxycarbonate apatite. Above a 

certain concentration of strontium the octacalcium phosphate phase is unable to form, which 

ultimately delay the HCA formation [95]. 

2.2.3.2 Lithium-bioactive glass: 

Lithium has a prolonged medical history as it has been used for over 100 years to treat manic 

depression [96]. Lithium also marked its importance in treatment of both bipolar and unipolar 

depressive disorders. Along with that lithium also has several other effects on blood and brain 

[97]. Clinicians also observed that lithium often increase the white blood cell count 

(granulocytosis) and reduce blood lymphosite count (lymphomenia). Lithium also tends to 

enhance immunological activities of monocytes and lymphocytes. Researchers also found 

evidence of lithium in bone mineral metabolism [98-100]. 

In vitro bioactivity test indicates a decrease in bioactivity with increase in lithium-ion 

concentration. The theory behind it is that lithium forms lithium oxide groups by reacting with 

the hydroxyl groups present in the pure sol-gel, which limits crystal formation. Recently M. 

Khorami et al observed the in vitro bioactivity of lithium substituted 45S5 glasses and found 

no certain advantage of lithium in the reactivity of the bioactive glass composition. A theory 

based on observations state that in vitro reactivity increases with increasing glass solubility. In 

this study, lithium was replaced for sodium in wt% and hence a little decrease in the molar 

concentration of glass network formers (SiO2 and P2O5) takes place, which may result in an 

increase in glass solubility. However, the ionic radius of Li+ is lower than Na+. Thus, lithium 

has a strong affinity for bonding to oxygen and tends to contract the free spaces in the silicate 

network. This phenomenon reduces the rate of glass dissolution and improves chemical 

durability [101]. 
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The release of lithium ions in SBF is higher for sample with higher lithium content, with an 

initial burst in the first 24 h followed by more sustained release. Lithium also shows ALP 

activity and mineralisation in a dose dependent manner from 0.2 to 0.85 ppm when exposed to 

murine osteoblast cells [102]. 

2.2.4 E-glass substrate 

Chemically durable alumino borosilicate glasses are generally known as e-glass. E-glass fibers 

are generally used as a reinforcement for polymer matrix or composites to increase their 

flexural strength. These glasses are considered inert in body environment; hence it does not 

dissolve and doesn’t show any indication of cytotoxicity. E-glass comprised of low alkali oxide 

content then other melt-derived bioactive glasses (<2 wt%) and high Al2O3 (14 wt%) and B2O3 

contents (10 wt%). Currently e-glass is used as unidirectional rovings and bidirectional woven 

fabrics and used in the treatments of segmental defects, in oral implants, and in cranial implants 

replacing lamellar bone [103]. 

Aitasalo et al. used E-glass to couple with bisphenol-a-glycidyl methacrylate and triethylene 

glycol di-methacrylate matrix to achieve an implant for craniofacial bone reconstruction. The 

e-glass weave was used as a supporting framework for the inner layers of glass veil, between 

particles of bioactive glass [104].  

2.2.5 Magnesium and its alloys 

Biomedical use of magnesium and its alloys initiated nearly a century ago, was not very 

successful since in vivo corrosion of magnesium could not be addressed [105]. Being 

biodegradable and having a Young’s modulus close to that of bone, use of Mg-alloys for 

biomedical implants is receiving renewed interest. The Young's modulus (E=41-45 GPa, for 

Mg-alloys vs. E=3-20 GPa for bones) implies that usage of these alloys in orthopaedics reduces 
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occurrence of stress shielding [106]. Biodegradability of these alloy implants implies that they 

need not be removed using a second round of surgery, thus minimizing trauma and medical 

expenses [107-109]. Recent works have used magnesium alloy based wound closing for 

gastrointestinal procedure [110] and Mg-based material coated with a conducting polymer as 

a biocompatible platform for controlled drug release [111]. Biocompatibility and 

biodegradation studies, in vitro and in vivo, have been carried out for several commercially 

available Mg-alloys [112-117]. This is an important step in adoption of Mg-alloys for 

biomedical purposes since most of the commercially available alloys were developed for other 

sectors like automobiles and aviation.  

Magnesium corrodes in water to dislodge hydrogen from water, forming a basic solution. This 

gets further complicated in vivo since if the pH is high enough, Ca (or Mg) phosphates will 

tend to precipitate and form a layer on the surface [118]. Additionally, the alkaline surface and 

evolving hydrogen bubbles are liable to influence cell adhesion and tissue growth. In vivo early 

stage degradation rates for most Mg-alloys have been found to be high [119], implying the 

corrosion process in a physiological environment will rapidly change the surface interaction of 

a Mg-based biomaterial. This is of prime concern as implant surface composition, morphology, 

and microstructure are important determinants of its propriety for cell adhesion and protein 

absorption [120].  

One approach towards improving suitability of these alloys has been including biologically 

important elements, formulating binary Mg-based alloys, for example, with zinc [121, 122], 

strontium [123], or calcium [124]. Other combinations tried including Mg-Zn-Ca [125] and 

Mg-Nd-Zn-Zr [126, 127]. The challenge is thus fabrication of Mg-alloy implants that do not 

succumb to fast, early-stage degradation due to corrosion and avoiding the problem of 

hydrogen formation and alkalization. The obvious choice towards such fabricates is surface 
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modification [128]. These could include techniques like electrochemical deposition [129, 130], 

electroless plating [131-133], plasma electrolytic oxidation [134-137], physical vapour 

deposition[138-142], ion implantation[143-147] and laser treatment[148, 149]. Surface 

treatments should not permanently affect structure and properties of Mg-alloys or effect 

biodegradability. The interface must be dynamic in nature. 
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3. AIMS AND OBJECTIVES 

The ideal material used for cranioplasty would be biocompatible, mechanically strong, 

radiolucent, resistant to infections, not conductive of heat or cold, resistant to biomechanical 

processes, light weight, malleable to fit defects with complete closure, inexpensive, non-

magnetic with low thermal conductivity and long-term stability. 

The prime objective of this study is to find suitable material for a composite three-element bone 

graft, consisting of a laminate to hold the scaffold as well as supply necessary mechanical 

strength, a scaffold to bond with the host bone, and screws to hold the graft in position.  

The laminate must be  

• Non-metallic non-toxic glass matrix with high mechanical stability.  

• Leaching of glass former/ modifier is less, Ease of preparation, availability.  

• Necessitates bone bonding/ soft tissue bonding at the surface and potentially 

impregnate biological moieties.  

Bioactive glass scaffold should have 



  

41 | P a g e  

 

• Suitable mechanical and osteoinductive properties. 

• Fast early-stage bone forming ability. 

• Better anchorage of newly formed tissues.  

• Stability of the scaffold till the formation of mature bone at the site. 

Screw-material should have the properties as follows 

• Mechanically compatible to hold the implant at the same time biologically active and 

non-toxic. 

• Suitable combination of mechanical properties and fracture toughness. 

• Better resistance against corrosion than the available mg-alloys. 

• Degradability in such way that it will hold the implant till needed but relieves the patient 

from the pain of second surgery to remove the implant. 

Hence the specific aims of the study is  

I. To examine the effect of bioactive glass coating on the surface of inert e-glass and evaluate 

the bioactivity of the sample. Phase, composition, and microstructural analysis will be done 

thoroughly before going into bioactivity studies. Static and dynamic bioactivity studies will be 

done to get a better understanding about the substrate. 

II. To assess the beneficial effects of Sr2+ and Li+ doping on in vivo bone formation of an 

interconnected bioactive glass porous scaffold developed in the laboratory through rabbit bone 

defect model. Detailed phase, composition and microstructure analysis were performed prior 

using tools like X-ray diffraction (XRD), Fourier transformed infrared spectroscopy (FTIR), 

differential thermal analysis-thermo-gravimetric analysis (DTA-TGA), quantitative EDAX 

analysis and scanning electron microscopy (SEM) respectively.  
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III. To investigate the effect of HAp and bioactive glass (S53P4) coating on electrochemical 

and biological properties of commercially available Mg-alloy implant. Mg-alloy is known for 

their bioresorbable properties with higher degree of corrosion in vitro. As before the coated 

substrates will be studied for different physical, chemical, mechanical and biological 

characterisation including XRD, FTIR, Raman spectroscopy for phase analysis and evaluation; 

FESEM-EDAX at the interface for detailed layer-wise microstructural characterisation; 

electrochemical corrosion test using SBF solution. In vitro biocompatibility assessments like 

cell viability and proliferation assay using MG63 cell line, alkaline phosphatase assay, 

mineralization assay by ARS staining, gene expression by real time RT-PCR, cell morphology 

within the scaffold constructs by Laser confocal will be done thoroughly.  

The fabricated materials will be checked for their efficacy by extensive in vivo animal trial. In 

vivo studies like radiology, histology, fluorochrome labelling study, SEM of bone-implant 

interface, toxicity, in vivo immune response was observed to ensure the applicability of the 

implant as a better craniofacial bone reconstruction material. 
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4. MATERIALS AND METHODS 

4.1 HAp coated E-Glass preparation  

 

4.1.1 Materials 

 

Chemically pure and having more than 99.5% assay calcium nitrate tetrahydrate 

[Ca(NO3)2.4H2O], sodium chloride [NaCl], sodium hydrogen carbonate [NaHCO3], 

magnesium chloride hexahydrate [MgCl2.6H2O], Tris(hydroxymethyl)aminomethane [Tris 

buffer, C4H11NO3], calcium chloride dihydrate [CaCl2.2H2O] and sodium sulfatedecahydrate 

[NaSO4.8H2O] were procured from Merck (Mumbai, India), while phosphorous pentoxide 

[P2O5], potassium chloride [KCl] and 35.4% hydrochloric acid [HCl] were purchased from 

S.D. Fine-Chem Ltd. (Mumbai, India). Di-potassium hydrogen phosphate trihydrate 

[K2HPO4.3H2O] was from Sigma-Aldrich (Steinheim, Germany) and ethanol (absolute) was 

from Merck KGaA (Darmstadt, Germany). Doubly distilled water was used throughout the 

conducted experiment. Commercially available e-glass (having a composition of 54.3%SiO2-

15.2%Al2O3-17.2%CaO-4.7%MgO-8.0%B2O3-0.6%Na2O) fibers were used to obtain plates 

after remelting and casting them in a polished steel mould. Plates were used instead of fibers 

for allowing more precise chemical and biological analysis of the material surface.  

 

4.1.2 Formation of gel 

 

Two clear solutions of Ca(NO3)2.4H2O (0.1 mol) and P2O5 (0.003 mol) were made at room 

temperature separately by stirring them for 30 min., using ethanol (99%, 10 mL) as mutual 

solvent. Subsequently, they were mixed slowly and stirring was continued for 2 h at room 
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temperature, followed by aging for another 2 h. Increasing viscosity of the gel after first hour 

was also measured by creep test (Bohlin GEMINI, UK) using cup-and-bob method (shear 

stress: 0.002 Pa, time: 7200s).   

 

4.1.3 Fabrication of coated e-glass substrates 

 

Viscous solution, thus obtained (as mentioned in 4.1.2), was tipped on e-glass plate substrates 

(50 μL on 1 cm x 1 cm plates with average roughness (Ra) of 0.7m) dropwise followed by 

drying at room temperature for 18 h. Further, the coated sample was pre-freezed at -20°C 

overnight followed by freeze drying (Eyela FDU.2200, Japan) at 70-80 MPa pressure and -

83°C for 20 h. The samples were then thermally treated at 850°C (heating rate 2°C/min. with 

15 min dwelling time). A low-speed diamond saw (Buehler, Isomet, USA) was used further 

for sectioning and characterization.  

 

4.1.4 Characterisation of coated e-glass substrates 

 

Surface roughness of the coated and uncoated samples were measured by contact profilometer 

(Form Talysurf, i120, Taylor Hobson, UK). Phase analysis of the coating was done by X-ray 

diffraction (XRD) technique in a powder diffractometer using CuKα (λ= 1.54178 Å) radiation 

[PANalytical, The Netherlands]. ‘High Score Plus’ software was used to analyse the XRD data 

with the help of Inorganic Crystal Structure Database (ICSD, PDF4). To identify the functional 

groups, Fourier-transformed infrared spectroscopy (FTIR) was performed using PerkinElmer 

Spectrum 100, USA spectrophotometer with HeNe laser (Class II/2) following the KBr pellet 

method (2 mg sample: 200 mg KBr). Scratched-off material from surface was used for 

preparing KBr pellets. To compliment, Raman spectra was performed as well by using STR500 
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Raman Spectrometer (Technos Instrument, Seki technotron, Japan. The top-surface 

microstructure and interface of coating cross-section was assessed by field-emission scanning 

electron microscope (FESEM) (Supra 35VP, Zeiss, Germany). Ca/P molar ratio was measured 

by taking average from energy dispersive X-ray analysis (EDX) taken at different points of the 

sample with an accelerating voltage of 15 kV. 

 

Transmission electron microscopy (TEM) (Tecnai G2 30ST, FEI, Natherlands) was performed 

to obtain the finer details of the microstructure of coating cross-section. Local crystallographic 

structure was gathered from the selected-area electron-diffraction (SAED) patterns in the TEM. 

As for the cross-sectional sample preparation for TEM characterization, the coated glass 

substrates were first cut into pieces of about 2.5 mm x 10 mm area. Two such cut pieces were 

glued with coated surfaces face-to-face with ‘Gatan G-1 Epoxy’ (Gatan Inc., USA) and grinded 

suitably to give a rod like shape of 2.5 mm diameter and 10 mm length. This rod of sandwiched 

coatings was further glued inside a hollow stainless-steel tube of 3 mm outer diameter using 

the ‘Gatan G-1 Epoxy’ resin. Cross-sectional slices of about 0.25 mm thickness were cut from 

the tube filled with the sandwiched coating sample using Buehler low speed diamond saw. 

Using Gatan Disk Grinder (Gatan Inc., USA) the slices were thinned down to 80 microns and 

further dimpled at the centre using Gatan dimple grinder (Model 656, Gatan Inc., USA) down 

to 30 microns at the centre. The dimpled cross-section specimens were finally ion-polished by 

using Gatan model 691 precision ion polishing system (PIPS, Gatan Inc., USA) with 4 keV 

Argon ion-beams at 4o incidence angle on both sides of the cross-sectioned surfaces till 

perforations to generate electron-transparent thin area of the coating suitable for TEM 

observation. 
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4.1.5. Immersion tests in simulated body fluid (SBF)  

 

Static in vitro bioactivity (in terms of capability of forming carbonated hydroxyapatite) of 

coated samples was evaluated in contact with simulated body fluid (SBF) prepared as per 

Kokubo[150]. Concentrations of the different constituting elements of SBF solution (in mM) 

taken are as follows: Na+ 142.0; K+ 5.0; Ca2+ 2.5; Mg2+ 1.5; Cl- 147.8; HCO3- 4.2; HPO4
2- 1.0; 

SO4
2- 0.5. pH was maintained ~ 7.4 by using Tris buffer during preparation. Surface area (SA) 

/ volume (V) ratio of the samples to SBF added was maintained as 1 cm2/15 mL with constant 

temperature (37.4 °C) during the study (in an incubator in closed test tubes for 7 and 14 days 

without refreshing SBF solution in between) [75]. Quasi-dynamic (QD) SBF study was 

performed by following the same method but by replenishing with fresh SBF solution after 

every 24 hours and up to 14 days. Weight changes of samples and pH change of the dissolution 

medium (SBF) were recorded up to 14 days. 

 

Samples after static and QD SBF studies after 7 and 14 days were analysed for structure by 

XRD, FTIR and Raman while surface microstructure evolved were analysed by FESEM and 

TEM. Samples for microstructural analyses were prepared as described earlier. Top surface of 

the samples was again assessed for hardness and elastic modulus by nano-indentation method. 

 

Nanoindentation experiments were conducted utilizing a 5×5 array on both uncoated and 

coated e-glass substrates after static and QD SBF studies for 7 and 14 days by load controlled 

nanoindentation technique with a Berkovich nanoindenter of tip radius 150 nm. A commercial 

machine (Fischerscope H100-XYp; Fischer, Switzerland) with depth and load sensing 

resolutions of 1 nm and 0.2 N respectively was used. In the present experiments, the peak 

load was kept constant at 10mN, while both the loading and the unloading times were kept 
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fixed at 30 seconds. For all experimental data reported in this work the error bars represent ±1 

standard deviation of the data. 

 

4.1.6. In vitro biocompatibility study 

 

4.1.6.1 Cell culture procedure 

 

The cell culture medium, for the human osteoblasts like cells (MG-63 cell line) was made of 

DMEM, 10% foetal calf serum, and 1% penicillin/streptomycin. The cultures were kept till 

they reached 90% confluence in a humidified environment of 5% CO2, at 37°C. Following 

confluence, the cells were trypsinized, centrifuged, and suspended back in media for counting. 

The samples (both bare e-glass and HAp coated e-glass) were sterilized for 30 min. with 70% 

ethanol and UV light, washed repeatedly with sterile PBS (pH 7.4) followed by treatment with 

DMEM medium for 4 h to create a better environment for the cells. Just prior to cell seeding, 

to ensure better penetration of cells, the scaffolds were partially dried for 2 h. Twenty micro-

litres of the cell suspension in medium, containing 105cells, were added drop-by-drop on to 

each sample. Following seeding, to boost cell adhesion in the initial hour, the matrices were 

maintained in a humidified environment, at 37°C, 5% CO2. The matrices were kept in medium 

for 14 days, while the medium was replaced every alternate day. 

 

4.1.6.2 Cell viability assay 

 

MTT assay was performed at different points of time over full cell culture duration to 

investigate the cell viability. The samples were incubated in 5 mg/mL MTT stock solution 

which was diluted at a ratio of 1:10 using PBS (pH 7.4). Formazan crystal formed post 
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incubation was dissolved in dimethyl sulfoxide and the absorbance of the resulting solutions 

was measured using the Manufacturer’s protocol with spectrophotometer (Bio-Rad, iMark). 

 

4.1.6.3 Cell proliferation by Alamar blue assay 

 

Cell proliferation on samples over 14 days was assessed by Alamar blue dye-reduction. Alamar 

blue dye was diluted in the culture medium with a 1:10 dye-to-media ratio. Samples were 

incubated in the dye solution for 4 h in the dark. Dye reduction was determined 

spectrophotometrically in a microplate reader (Thermo Scientific Multiskan Spectrum, Japan) 

at 570 and 600 nm. The percentage of dye reduction was calculated from the below-mentioned 

equation: 

 

% AB reduction = [(εoxλ2)(Aλ1)- (εoxλ1)(Aλ2)/(εredλ1)(A'λ2)- (εredλ2)(A'λ1)] x 100 

 

where ελ1 and ελ2 were molar extinction coefficient of Alamar blue at 570 and 600 nm 

respectively, εox in oxidized and εred in reduced form; Aλ1 and Aλ2 were absorbance of the test 

wells; and A'λ1 and A'λ2 were the absorbance of the negative control wells. All given pairs 

were values at 570 and 600 nm. 

 

4.1.6.4 Alkaline Phosphatase assay (ALP) 

 

Spectrophotometric measurements of the alkaline phosphatase produced by MG-63 cultured 

on the different samples were carried out [151]. At specific day points, the cell laden constructs 

were washed with PBS (pH 7.4), homogenized with 1 mL Tris buffer (1 M, pH 8.0), and 
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sonicated for 4 min. on ice. A volume of 20 µL of this suspension, was incubated with 1 mL 

of 16 mM p-nitrophenyl phosphate (Sigma) solution for 5 min., at 30 °C. To measure p-

nitrophenol produced in presence of ALP, the absorbance at 405 nm was evaluated and ALP 

activity was reported as p-nitrophenol produced, normalized by incubation duration and cell 

count: µmole/min/105 cells. 

 

4.1.6.5 Cellular morphology 

 

Laser confocal microscopy was used to examine the cell morphology and the dispersion of the 

cells on the samples. For confocal laser microscopy, samples after 7 days culture were fixed 

using 4% paraformaldehyde for 1 h and the cells were then permeabilized over 5 min. by use 

of 0.1% Triton X-100, prepared in BSA. Samples were then blocked with 1% bovine serum 

albumin (BSA) for 1 h. The actin filaments were stained using Alexa Fluor® 488 and the nuclei 

with Hoechst 33342. The confocal laser microscopy was performed on Olympus FV 1000 

(Olympus, Japan) and post-processing was carried out with Olympus FV 1000 Advanced 

software version 4.1 (Olympus, Japan). 

 

4.1.6.6 Gene expression by real-time RT-PCR 

 

For total RNA extraction, different samples cultured in MG-63 for 21days were transferred 

into 2-mL plastic tubes containing 1.5 mL of Trizol solution (Invitrogen, USA). After brief 

incubation for 15 min., the treated samples were centrifuged at 12000 g for 10 min./4°C. The 

supernatant liquid was transferred to a new tube and 200 mL of chloroform was added to it. 

After further incubation for 5 min. at room temperature, the solution was gently mixed for 15 

s, followed by incubation for 5 min. at room temperature. The tubes were further centrifuged 
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for 15 min. at 12000 g/4 °C. The upper aqueous layer was transferred to a RNeasy Plus mini-

spin column (Qiagen, Germany). The RNA was washed and eluted according to the 

manufacturer’s protocol. RNA samples were reverse transcribed into cDNA using High 

capacity cDNA reverse transcription kit (Applied Biosystems, USA) according to the 

manufacturer’s protocol. 

 

Real-time PCR conditions were optimized and were performed with SYBR Green (Applied 

Biosystems, USA) in an ABI Prism® 7000 Sequence Detection System (Applied Biosystems, 

USA). For real-time analysis, SYBR Green supermix, 5 pmol/mL of each forward and reverse 

primers and 5 µL cDNA templates were used in a final reaction volume of 50 µL and plates 

were loaded using a RT loading platform. Cycling conditions included an initial denaturation 

step of 8 min. and 45 s at 95 °C followed by 45 cycles of 30 s at 95 °C, 30 s at 58 °C, and 30 s 

at 72 °C. Data collection was enabled at 72 °C in each cycle. CT (threshold cycle) values were 

calculated using the Relative Quantification software (Applied Biosystems).  

 

Highly purified gene-specific primers for osteopontin (OPN), collagen I, osteocalcin (OCN), 

Runx2, and housekeeping gene GAPDH were designed based on previous reports [30] and 

synthesized commercially (MWG-Biotech AG Ltd, India). Relative expression levels for each 

target gene were normalized by the Ct value of the housekeeping GAPDH gene using an 

identical procedure (2-ΔΔCt formula, Perkin Elmer User Bulletin s≠ 2). Each sample was 

analysed in triplicate. 
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4.1.6.7 Mineralization assay by ARS staining 

 

Alizarin Red-S (ARS) staining was used to detect and quantify mineralization. ARS is a dye 

which binds calcium salts selectively and is widely used for calcium mineral histochemistry. 

Growth factors loaded samples with MG-63 cells (constructs) were washed three times in PBS 

and fixed in ice cold 70% ethanol for 1 h. These constructs were washed three times with 

distilled water and stained with ARS (40 mM) for 20 min. at room temperature. After several 

washes with distilled water, these constructs were observed under optical microscope and the 

stain was desorbed with the use of 10%-cetylpyridinium chloride for 1 h. The dye was 

collected, and absorbance read at 540 nm in microplate reader. 

 

4.1.7 Statistics 

 

Mean ± standard deviation (SD) data of samples in triplicate (n = 3) have been presented. 

Statistical comparison for different samples were shown using one way analysis of variance 

(ANOVA). Significant differences were presented as *** p < 0.001; ** p < 0.01; * p < 0.05. 

Cases where ANOVA gave significant difference, subsequent Tukey’s Honest Significant 

Difference (HSD) method has been adopted. 
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4.2 Li-Sr substituted bioactive glass scaffold preparation 

 

4.2.1 Bioactive glass scaffold preparation 

 

Bioactive glass (with or without doping of Li or Sr) was prepared through conventional glass 

melting procedure using appropriate amounts of reagents like silica (SiO2), calcium carbonate 

(CaCO3), dry soda ash (Na2CO3), decahydrated borax (Na2B4O7.10H2O), TiO2, di-ammonium 

hydrogen ortho-phosphate, lithium and strontium carbonate (all inorganic chemicals including 

the ones referred later in the manuscript were analytical grade from M/s S.D. Fine-Chem 

Limited, India until specified separately). Briefly, reagents were first mixed homogeneously, 

melted at 1450 oC in a Pt-crucible, homogeneity was maintained while melting and finally 

quenched in water to obtain the cullet. Dried cullets were further milled in a high energy ball 

mill for 3 h in aqueous medium. The final composition of the as-prepared glass powders 

(obtained by ICP-AES chemical analysis) is given in Table 1. 0.25% Li2O and 1% SrO (by 

weight) doping was used strategically for the base glass composition and nomenclatures like 

BAG, L-BAG, S-BAG and LS-BAG were given for bioactive glass without doping, Li-, Sr- 

and binary Li+Sr substitution respectively and used throughout the manuscript.  
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Table 1: Chemical composition of the as-prepared powders by ICP-AES 

 

Constituent 

Mean wt. % 

BAG L-BAG S-BAG LS-BAG 

SiO2 55.50 55.77 53.92 55.02 

B2O3 1.38 1.76 2.33 1.00 

CaO 23.60 23.95 23.00 23.36 

Na2O 10.80 10.01 11.00 9.94 

P2O5 5.74 5.85 5.59 5.59 

TiO2 1.64 1.71 2.00 1.88 

Li2O - 0.22 - 0.30 

SrO2 - - 1.12 1.00 

 

 

To fabricate porous scaffolds, milled as-prepared respective glass powders were first mixed 

with an equal quantity of porogen (scintillation grade naphthalene). The resultant mix was 

compacted at 150 MPa in a cold-isostatic press (EPSI, Belgium); cut into 8 mm diameter 

specimens using a low-speed diamond saw (Isomet, Buehler, USA). Subsequently, naphthalene 

was driven off very slowly (from r.t. to 80 ºC) with pre-determined rate of schedule, followed 

by heat treatment at 675 oC except for LS-BAG (650 oC) on a Pt-plate for 6 min. These 

temperatures were selected after careful assessment of glass-transition temperatures (Tg) 

mentioned later. The samples were finally stored in a vacuum desiccator until further use.  
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4.2.2 Bioactive glass powders and scaffold characterization 

 

Both as-prepared and heat-treated powders were analyzed for phase by XRD at a diffraction 

angle of 10-80 °2θ [X’Pert Pro, Phillips Analytical, Netherlands; Cu Kα1 radiation; scan speed 

2° min-1. FTIR transmittance spectra was recorded at mid-IR range (4000-400 cm-1) [Spectrum 

100, PerkinElmer, USA; resolution: 2 cm-1; by KBr pellet method] to confirm the functional 

groups present. On the other hand, DTA-TGA was conducted to determine the thermal profiles 

of the glass powders [STA 449C, Netzsch, Germany; rate of heating upto 1000°C: 10o C/min. 

with initial sample mass of 5 ± 0.5 mg]. Heat treatment temperatures of BAG, L-BAG, S-BAG 

and LS-BAG were selected by assessing the Tg by the same DTA-TGA analysis. 

 

Further, porous scaffolds were first physically characterized for open or apparent porosity 

(A.P.) and bulk density (B.D.) by water displacement method (Archimedes’ principle), then by 

a table-top SEM (Phenom pro-X, Netherlands) for detailed microstructural characterization 

and assessment of pore size, shape and morphology with Au/Pd sputter coating on the samples 

prior. B.D. was calculated by [D/(W-S)] and A.P. by [(W-D)/(W-S)] x 100%, where D, W and 

S are dry, soaked and suspended weight of the samples respectively while calculating by the 

methods mentioned. Variations of pore sizes were calculated by processing several SEM 

images thus obtained and using free software available (Perfect Screen Ruler v. 2.0) 

subsequently. 

 

4.2.3 SBF bioactivity study 

 

Primary bioactivity study of the bare scaffolds was carried out in contact with SBF, before in 

vitro cell cytotoxicity and in vivo pre-clinical study just to check calcium and phosphate ion 
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deposition ability of the samples. Supernatants were analyzed for Ca2+, HCO3
-, and HPO4

- ions. 

SBF was prepared as per Kokubo et al. (1990) [152]. All the samples were selected with surface 

area of sample and volume of SBF taken with ratio of 2 mm2/mL (e.g., 40 mm2/20 mL) and 

soaked for 7 and 14 days. Samples were kept statically at a temperature 37.4o C with pH 7.4 

inside an incubator. After 7 and 14 days, ion concentrations were plotted and analyzed. One of 

respective samples (from BAG, L-BAG, S-BAG and LS-BAG) was seen for microstructure by 

FESEM (using Sigma, Carl Zeiss, Germany) after day 14. The samples were dried, and carbon 

sputter coated prior observation. 

4.2.4 In vitro cell cytotoxicity 

 

Chemicals used: Iscove’s modified Dulbecco's medium (IMDM), phosphate-buffered saline 

(PBS), formaldehyde, 3-(4,5 dimethyl thiazol-2yl)-2,5 diphenyltetrazolium bromide (MTT), 

osmium tetroxide, paraformaldehyde, dimethyl sulfoxide (DMSO) were from Sigma Aldrich, 

St. Louis USA; fetal bovine serum (FBS) and penicillin/streptomycin, trypsin-ethylene diamine 

tetra acetic acid (EDTA), L-glutamine were from Invitrogen, CA,USA. 

 

Fibroblast (NIH3T3) cell line (NCCS, Pune, India) was cultured in IMDM supplemented with 

10% FBS and 1% penicillin-streptomycin (Complete Medium) in a humidified atmosphere of 

5% CO2 at 37oC. BAG, S-BAG, L-BAG, LS-BAG scaffolds were autoclaved and then rinsed 

with 70% alcohol for sterilization. NIH3T3 (2 x 103) cells were seeded on scaffolds which were 

previously placed in a 24 well plate. Cells were allowed to attach on the surface of scaffolds 

for 2 h. Subsequently another 1.0 mL of complete medium was added in each well and cultured 

on for 3 and 7 days. Culture medium was changed in every 2 days. 
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To test cytotoxicity of BAG, S-BAG, L-BAG, LS-BAG scaffolds on cells, MTT assay was 

carried out after 3 and 7 days of culture.  Cell without scaffold was used as control. MTT 

solution was prepared by dissolving MTT (5.0 mg) in DMSO (1.0 mL). MTT (100 µL) solution 

was diluted with IMDM (900 µL). After removing the previous medium diluted MTT solution 

was added in each well and incubated for 3 h. Purple coloured formazan crystal which are 

formed by the oxidation of tetrazolium salt by mitochondrial succinate dehydrogenase enzyme 

was dissolved in DMSO (500 µL). The resulting solution (200 µL) was placed into a 96 well 

plate and the optical density at 550 nm was measured using plate reader (Thermo Scientific).  

Each experiment was carried out in triplicate and the results were presented as means ± SD. 

4.2.5 Cell morphology by SEM 

 

NIH3T3 (2 x 103) cells were seeded on scaffolds and cultured for 7 days. Scaffolds containing 

cells were washed with PBS (0.1 M) and fixed with paraformaldehyde (2%) overnight at 4oC. 

Subsequently, it was fixed with 2% osmium tetroxide (OsO4) for 2 h at 25oC. The fixed samples 

were then dehydrated in an ethanol series 30%, 50%, 70%, 90% and 100% each for three times, 

followed by gold sputter coating for SEM observation of cell morphology. 

 

4.2.6 In vivo study of rabbit femoral bone defect model 

 

The animal experiments were performed following an ethical committee approved protocol in 

accordance with Institutional Animal Ethical Committee (IAEC), West Bengal University of 

Animal and Fishery Sciences (WBUAFS), West Bengal, India (Permit No. Pharma/IAEC/34 

dated 30 June 2014). Sixteen adult New Zealand White rabbits (1.5-2 kg) were randomized 

into four groups (n = 4): control group I (pure BAG) and the test animals, group II (S-BAG), 

group III (L-BAG) and group IV (LS-BAG) with bilateral implantation. All surgeries were 
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performed under general intramuscular anesthesia using xylazine hydrochloride (6 mg/kg) 

(Xylaxin, Indian Immunologicals, India) and ketamine hydrochloride (33 mg/kg) (Ketalar, 

Parke-Davis, India). Scaffolds were press fitted within the created defects in the distal 

metaphyseal region of femur and wounds were sutured in three layers (Fig. 1). Subsequently, 

animals were administered with cefotaxime sodium (Mapra India, India) at 20 mg/kg body 

weight intramuscularly for 5 days twice daily at 12 h interval and meloxicam at 0.2 mL (Intas 

Pharmaceuticals, India) once daily. Animals were finally sacrificed after 2 and 4 months of 

implantation.  

 

 

Fig. 1: Surgical placement of the porous scaffolds (with or without doped BAG). 
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4.2.7 Characterization of in vivo samples 

 

Bone healing in the defect was monitored using chronological radiographs taken immediately 

after implantation and once in a month up to 4 months. Radiographs were scored independently 

by double blinded investigators per methods described by Zhukauskas et al. [153] (Table 2). 

For histological analysis, the bone specimens from the healed bone defect were collected, 

washed thoroughly with normal saline and was immediately fixed in 10% formalin for 7 days. 

Subsequently, the bone tissues were decalcified using Goodling and Stewart’s fluid containing 

15 mL formic acid, 5 mL formalin and 80 mL distilled water, followed by fixation with 4% 

paraformaldehyde. Finally, the samples were embedded in paraffin wax and 4 μm sections 

were cut from the mount and stained with haematoxyline and eosin finally. Additional scoring 

system was developed from the histological slide using several in vivo biological activities 

(cellular response) and the response score was marked with ‘0’ for absence, ‘1’ for mild, ‘2’ 

for moderate, ‘3’ for marked and ‘4’ for severe activity. 

 

Table 2. Radiological scoring system (adopted as per Zhukauskas et al. [153]) 

Animal 

response 

Score description 

1 Bone just extending into the defect 

2 Bone substantially bridging the cortical defect 

3 Bone fully bridging the cortex without significant callus 

4 Bone fully bridging the cortex with distinct overlying callus 

 

For another set of samples, fluorochrome, i.e., oxytetracycline dehydrate (Pfizer India, India) 

was intramuscularly injected 3 weeks before sacrifice at two time points, i.e., 2 and 4 months 
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(administered at 25 mg/kg body weight). Undecalcified ground sections (20 μm) were prepared 

from implanted segments of bone using different grades of sandpaper and observed under UV 

light with Leica DM 2000 bright light phase contrast and fluorescence microscope including 

Leica Qwain software. Golden yellow fluorescing area was observed to identify newly formed 

bone and was also measured in μm2 and converted to percentage of bone formation. The 

extracted samples were also observed using SEM for bone-implant interfacial characteristics. 

Samples were first fixed in 5% glutaraldehyde in PBS buffer for 48 hours followed by gradual 

ethanol series drying. Dried samples were gold coated before imaging using the same desktop 

SEM, described earlier.  

 

Micro-computed tomography (µ-CT) images of extracted bone samples with inserted scaffolds 

(BAG, L-BAG, S-BAG and LS-BAG) were taken using XT-H 225 (Nikon Metrology, 

Belgium) with maximum 110 kV rotating target X-ray source (75 µA test current), spot size 3 

µm, resolution: ~ 12 µm and 5-axis manipulator. Images thus obtained were qualitatively 

assessed for bone in-growth into the scaffolds. 

 

4.2.8 Statistical analysis 

 

Radiological and histological images for all groups of animals were analyzed as means ± 

standard deviations and data has been analyzed by SPSS software package (Version 16, SPSS 

Inc., Chicago, USA) employing two-way ANOVA considering group and month as factors. 
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4.3 Calcium phosphate and bioactive glass coating on Magnesium alloy 

4.3.1 Fabrication of samples 

 

4.3.1.1 Sample preparation 

 

The Mg-alloy with alloying elements of approximately (22.5 w/o Zn and 0.5 w/o Ca was used 

for the present study. (Henceforth, the samples will be referred as BM). The alloying elements 

were quantified by X-ray fluorescence spectroscopy (XRF). Further, the phases of the alloys 

were analysed by XRD (PANalytical, Netherlands) and FTIR (Spectrum 100, PerkinElmer, 

USA) f and SEM-EDX (Scanning Electron Microscopy-Energy Dispersive Analysis of X-Ray) 

(PhenomproX, Phenom-World B.V., Netherlands) was used for microstructural and 

approximate qualitative elemental determination. r. Samples were cut into rectangular strip/ 

plate with size 10 mm x 100 mm x 3 mm using abrasive cutting machine. The surface of the 

specimens was roughened by 99.9% high pure alumina grit (16 mesh) using a pressure blast 

(MEC Shot Blasting Equipments Pvt. Ltd., India). The roughness of the surface was around 6-

10 μm (average). Subsequently, acetone was used to clean all the samples ultrasonically and 

dried at room temperature for further use. 

 

Bioactive glass S53P4 was synthesized by conventional melt-quench method using SiO2 

(LobaChemie, Mumbai, India, Min. assay 99.7%), CaCO3 (Min. assay 98.5%), Na2CO3 (Min. 

assay 99.9%) and (NH4)2HPO4 (Min. assay 99%) (Merck, Mumbai, India) as raw materials. 

Calculated batches were mixed thoroughly and melted at 1360oC followed by quenching in 

double distilled water (DDW). Frits was collected and extensively milled at 250 rpm using a 

planetary ball mill (PM100, Retsch, Germany) followed by further grinding and sieving to 

obtain granules ranging between 70-150 μm. The powder chemical composition was checked 
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by wavelength dispersive X-ray fluorescence spectrometry. The final powder was also tested 

to ensure particle size distribution (Microtrac S3500, USA). 

 

Hydroxyapatite was prepared by conventional wet chemical method using A.R. grade calcium 

hydroxide [Ca(OH)2, Central Drug House, India] and ortho-phosphoric acid (H3PO4, Merck, 

India) as raw materials. Stoichiometry of reagent materials was maintained in a way (1.67) that 

pure phase can be obtained. After completion of drop-wise mixing of H3PO4, solution was kept 

for 24 h for precipitation. Precipitate was then washed and filtered followed by drying at 80oC 

for 24 h. After drying, this was ground and sieved to get homogeneously sized powders. 

Powder was fired at 800oC to obtain phase pure hydroxyapatite. Finally, the same was graded 

sieved to obtain granules ranging between 70-150 μm. Sintered (at 1250oC) free flowing 

granules were used for subsequent plasma spray coating purpose. Further details have been 

reported elsewhere [154]. 

 

Strips/ plates of BM were used for hydroxyapatite (HAp) and bioactive glass (BG) coating by 

using air plasma spray system (SulzerMetco, USA) (henceforth, BG and HAp coated BM 

samples shall be referred as BMG and BMH respectively). Six (6)-axis manipulator (ABB 

Engineering, China) was used to obtain uniformity of the coating on substrate. Plasma cathode, 

a conical tip was made of thoriated tungsten, while copper was used to make anode/ nozzle of 

the torch with a conical shape that finished in a cylindrical duct 6 mm in internal diameter (ID). 

Torch generation was carried out using argon (primary plasma gas) and hydrogen (secondary 

plasma gas). Spray conditions used are detailed in Table 3. 
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Table 3: Spray condition used for plasma spray coating of HAp and bioactive glass on Mg-

alloy 

Coating parameters HAp coating 

(BMH) 

S53P4 coating 

(BMG) 

Arc current 500 A 350 A 

Current 458 A 357 A 

Voltage 62.2 V 58.2 V 

Argon 55 NLPM 55 NLPM 

Hydrogen 3 NLPM 2 NLPM 

Flow rate 21 g/min 28 g/min. 

Water conductivity 39.9 µs 39.9 µs 

Gun  distance 6 inch 6 inch 

Average time 40 sec 35 sec 

 

4.3.1.2 Feedstock powder and coating characterization 

 

Phase analyses of the powders were carried out by powder X-ray diffraction (XRD) using a 

diffractometer (PANalytical, Netherlands) with Cu Kα (λ= 1.54178 Å) radiation [40 kV/ 30 

mA with 2 between 20–60o, step size of 0.05o] and further verified by Fourier transformed 

infrared spectroscopy (FTIR) [KBr pallet method; mid-IR range of 4000-400 cm-1, resolution 
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4 cm-1] using Spectrum 100 spectrometer (PerkinElmer, USA) having He-Ne laser as IR 

source.  

 

Similarly, phase analyses of the coatings before and after immersion in stimulated body fluid 

(SBF) were carried out by XRD and confirmed by FTIR for molecular structural information. 

Field-emission scanning electron microscope (FESEM) (Zeiss Supra, 35VP, Germany) 

equipped with energy-disperse spectrometer attachment were utilized to evaluate both top 

surface and cross-section morphologies and quantitative elemental allocations of the samples 

before and after immersion. Prior the study, carbon sputter coating was given ( 30 nm) to 

make the surface conductive. Coating delamination strength was assessed in a scratch tester 

(Scratch Adhesion Tester, Ducom, USA) using a diamond indenter Rockwell C, with tip radius 

200 μm with increasing load from 1-35 N.  

 

4.3.1.3 Electrochemical corrosion test 

 

Electrochemical corrosion of coated and uncoated samples was carried out in SBF solution 

with an electrochemical workstation (Bio-Logic Science Instruments SAS, France). Atypical 

three-electrode cell at 36.5±0.5oC was used to carry out all the measurements. A reference 

electrode called Saturated calomel electrode (SCE), a counter electrode called platinum mesh 

was used and sample with 0.64 cm2 surface area exposed to the solution was used as working 

electrode. Prior the experiment, samples were ground using 1200 grit emery paper, followed 

by polishing with 1 μm alumina powder and washing with ethanol (99%). The potentio-

dynamic polarisation data were collected from -0.25 V (with reference to SCE) to 1.6 V with 

a scanning rate 10 mV sec-1.  
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4.3.1.4 SBF immersion test 

 

In vitro bioactivity was studied in simulated body fluid (SBF) maintained at a temperature of 

37.4 ± 0.2oC. Method as reported by Kokubo et al. [155]was used to prepare SBF, pH was 

maintained ~ 7.4 by using tris (tris(hydroxymethyl)aminomethane) buffer during preparation. 

Surface area (SA) of samples is to volume (V) of SBF added was maintained at 1 cm2/15 mL 

with constant temperature (37.4±0.2 °C) during the study (inside incubator in closed test tubes 

for 7 and 14 days without replenishing SBF solution in between). Change of weight, pH and 

supernatant ion concentrations (Mg2+, Ca2+, PO4
3) were noted with time. After 7 and 14 days, 

low angle XRD and FTIR were used for assessment of coating composition while FESEM 

photograph was taken on top surface to verify the microstructure. Quantitative phase analysis 

of the XRD data was done by using RIR method in X’pert pro HighScore Plus software. 

 

4.3.2 In vitro biocompatibility assessments 

 

4.3.2.1 Cell culture procedure 

 

Cell culture medium containing DMEM, 10% fetal calf serum and 1% penicillin/streptomycin 

with human osteoblasts like cells (MG-63) was used and kept in a humidified atmosphere of 

5% CO2 at 37 °C. The 90% confluence cells were counted following the procedure of 

trypsinization, centrifugation and finally suspended back in media. Sterilization of the samples 

was   carried out using 70% ethanol and UV light for 30 minutes followed by washing with 

sterile PBS (pH 7.4) and treated with DMEM medium for 4 h to generate a conducive 

atmosphere for better sustaining of cells. Implants were partially dried for 2 h to make certain 

for superior cell penetration. The next step includes drop-by-drop addition of twenty µL of the 
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cell suspension in medium, containing 105 cells in each sample. The cell loaded samples were 

kept in a humidified environment, at 37°C, 5% CO2 to facilitate better cell adhesion in the early 

hour. The cell seeded matrices were kept in medium for 21 days with alternate day replacement 

of medium. 

 

4.3.2.2 Cell viability assay 

 

The MTT assay was carried out to examine the viability of cells at several time points. The 

procedure involved the incubation of samples in 5 mg/mL MTT stock solution (1:10 dilution) 

using PBS (pH 7.4). After 4 h of incubation, formazan crystals were dissolved in DMSO, and 

the optical density was measured in spectrophotometer (Bio-Rad, iMark) as per the 

Manufacturer’s guidelines. 

 

4.3.2.3 Cell proliferation by alamar blue (AB) assay 

 

Cell proliferation on matrices was measured using Alamar blue dye-reduction assay over 21 

days using dye-to-media ratio of 1:10. Amicroplate reader (Thermo Scientific Multiskan 

Spectrum, Japan) was used to estimate the dye reduction of the incubated samples at 570 and 

600 nm (For 4h in dark condition) using equation (1). 

 

% AB reduction = [(εoxλ2)(Aλ1)- (εoxλ1)(Aλ2)/ (εredλ1)(A’λ2)- (εredλ2)(A’λ1)] x 100 … (1) 

 

where ελ1 (570 nm) and ελ2 (600 nm) represents the molar extinction coefficient of alamar 

blue; εox and εred in oxidised and reduced form respectively; absorbance of test wells was Aλ1 
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and Aλ2; and A’λ1 and A’λ2 correspond to the absorbance of negative control wells. All given 

pairs were evaluated are values at 570 and 600 nm. 

 

4.3.2.4 Alkaline phosphatase assay (ALP) 

 

The MG-63 cells (NCCS, Pune, India), seeded with scaffolds were cultured for a definite time 

point to quantify the produced alkaline phosphatise spectrophotometrically. Briefly, the cell 

laden constructs were rinsed with PBS (pH 7.4), homogenised with 1 mL Tris buffer (1 M, pH 

8.0), and finally sonicated for 4 min in chilled condition. Next, 1 mL of 16 mM p-nitrophenyl 

phosphate (Sigma) solution was added to 20 µL of the supernatant and incubated for 5 min., at 

30 °C. The p-nitrophenolproduced in presence of ALP was measured by observing the 

absorbance at 405 nm depicting absorbance was calculated at 405 nm, as p-nitrophenolformed, 

normalized by incubation duration and cell count: µmole/min/105 cells. 

 

4.3.2.5 Cellular morphology  

 

The orientation, distribution and morphology of cells were monitored by Laser confocal 

microscopy. In brief, the samples were fixed with 4 % paraformaldehyde for 1 h followed by 

5 min cellular permeabilzation using 0.1 % Triton X-100 in bovine serum albumin (BSA). Post 

blocking of samples with 1% BSA for 1 h, actin filaments were stained using Alexa Fluor® 488 

and the nuclei with Hoechst 33342. Later, these were imaged by confocal laser microscopy 

(Olympus FV 1000, Olympus, Japan) and analysed with Olympus FV 1000 Advanced software 

version 4.1 (Olympus, Japan). 
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4.3.2.6 Gene expression by real-time RT-PCR 

 

RNA extraction was performed on 21 days cultured MG-63 cells on different samples by using 

Trizol solution (Invitrogen, USA). In brief, cell seed samples were transferred to small vials 

containing 1.5 mL of Trizol solution and incubated for 15 min. After that centrifugation was 

done at 12000 rpm for 10 min/ 4 °C and the clear supernatant was collected in a fresh tube 

followed by addition of chloroform, incubated for 5 min at RT. The sample was then mixed 

for 15 s and again incubated for 5 min at RT. Again, the samples were centrifuged at 12000 

rpm for 15 min at 4 °C and the topmost aqueous layer was transferred to a RNeasy Plus mini-

spin column (Qiagen, Germany). According to the manufacturer’s protocol the RNA was 

washed and eluted repeatedly. Then the RNA samples were reverse transcribed into cDNA 

using High-capacity cDNA reverse transcription kit (Applied Biosystems, USA) in line with 

the manufacturer’s guidelines. 

 

Using SYBR Green (Applied Biosystems, USA), gene-expression was performed by Real-time 

PCR conditions in an ABI Prism® 7000 Sequence Detection System (Applied Biosystems, 

USA). SYBR Green supermix, 5 µL cDNA templates and 5 pmol/mL of each primer (forward 

and reverse) were used for real time analysis in a final solution of 50 µL volume and plates 

were loaded using a RT loading platform. Cycling conditions involved an initial denaturation 

step of 8 min. and 45 s at 95 °C followed by 45 cycles of 30 s at 95 °C, 30 s at 58 °C and 30 s 

at 72 °C. Data was collected at 72 °C in each cycle. CT (threshold cycle) values were calculated 

using the Relative Quantification software (Applied Biosystems). 

 

Highly purified gene-specific primers for osteopontin (OPN), collagen I, osteocalcin (OCN), 

Runx2, and housekeeping gene GAPDH (Table 4) were selected bearing in mind the literature 
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and synthesized commercially (MWG-Biotech AG Ltd, India). The Ct value of the 

housekeeping GAPDH gene was used to normalise relative expression levels for each target 

gene using an identical procedure (2-ΔΔCt formula, Perkin Elmer User Bulletin s≠ 2). Each 

sample was experimented in triplicate. 

 

Table 4: RT-PCR primer sequences (forward and reverse) used in the current gene expression 

study 

Genes Forward primer Reverse primer 

Runx2 5’-GCTTCTCCAACCCACGAATG-3’ 5’-GAACTGATAGGACGCTGACGA-3’ 

OCN 5’-AAAGCCCAGCGACTCT-3’ 5’-CTAAACGGTGGTGCCATAGAT-3’ 

Osteonectin 5’-ACAAGCTCCACCTGGACTACA-3’ 5’-TCTTCTTCACACGCAGTTT-3’ 

OPN 5’-GACGGCCGAGGTGATAGCTT-3’ 5’-CATGGCTGGTCTTCCCGTTGC-3 

ALP 5’-TCAGAAGCTCAACACCAACG -3’ 5’-TTGTACGTCTTGGAGAGGGC -3’ 

BSP 5’-CAGGGAGGCAGTGACTCTTC-3’ 5’-AGTGTGGAAAGTGTGGCGTT-3’ 

COL I 5’-TCCTGCCGATGTCGCTATC-3’ 5’-CAAGTTCCGGTGTGACTCGTG-3’ 

GAPDH 5’-AGGTCGGTGTGAACGGATTTG-3’ 5’-TGTAGACCATGTAGTTGAGGTCA-3’ 

 

4.3.2.7 Mineralization assay by ARS staining 

 

The mineralization study was assessed by using the Alizarin Red-S (ARS) staining dye. In 

brief, prior to washing thrice with PBS, the MG-63 cells loaded constructs were fixed in ice 

cold 70 % ethanol for 1 hr. Next, constructs were again washed with distilled water and stained 

with ARS (40 mM) for 20 min at RT. At the end, the stained constructs were viewed under 
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optical microscope after rigorous washing with distilled water. The principle of the study is to 

observe the mineralization which occurs due to binding of the ARS with calcium salts. This 

can be qualified by imaging (mentioned above) and quantified by reading the absorbance at 

540 nm in microplate reader prior to desorbing the stain by using 10% cetylpyridinium chloride 

for 1 h respectively. 

 

4.3.3 In vivo biocompatibility studies 

 

Nine (9) mature New Zealand white rabbit (1.5-1.8 kg body weight) were utilized in the present 

in vivo experiment. The rabbits were maintained in separate cages of temperature and humidity-

controlled room including provision of standard diet and water. The animals were assigned into 

three random groups consisting of three animals each. In group I (3 animals) bare Mg alloy 

scaffolds (BM) were implanted bilaterally in distal part of femur bone; whereas hydroxyapatite 

coated Mg alloy implants (BMH) and bioactive glass coated Mg alloy implants (BMG) were 

placed in other two groups (group II and III respectively). The protocol of Institutional Animal 

Ethical Committee (IAEC), West Bengal University of Animal and Fishery Sciences 

(WBUAFS), India (Approval No.  Pharma/188 (viii) dated 31.07.2015) was strictly followed. 

 

4.3.3.1 Surgical procedure 

 

Before surgery, distal femur of both hind legs was shaved, cleaned, and aseptically prepared. 

Anaesthesia was achieved with a combination of xylazine hydrochloride (Injection Xylaxin, 

Indian Immunologicals, Ahmedabad, India) at 6 mg/kg body weight and ketamine 

hydrochloride (Ketalar, Parke-Davis, Hyderabad, India) @33 mg/kg body weight 

intramuscularly (IM). Skin incision was made in the distal lateral part of the femoral bone in 



  

70 | P a g e  

 

all groups. The femur bone was approached by surgically exposing the skin, subcutaneous 

tissue, the muscle and finally periosteum. A circular bone defect was created by micromotor 

dental drilling to press fit the implants. During this procedure, constant sterile cold water was 

irrigated at the defect site to prevent thermal necrosis of bone. The respective implants were 

then press fitted and the incised muscles, fascia and skin were apposed with standard suturing 

techniques. 

 

4.3.3.2 Postoperative clinical examinations 

 

During the post-operative period, animals were checked for any lameness, swelling of the 

operated site, edema and the cardinal signs of local inflammatory reaction up to 2 months.  

 

4.3.3.3 Radiological examinations  

 

Chronological radiographs of the operated limb were performed at day 0 and afterwards on 1 

and 2 months postoperatively (300 mA, M.E. X-Ray Machine, India) to ascertain the proper 

position of implant within the bony defect. 

 

4.3.4 Histological study 

 

Implanted bone area was collected for histology to assess the status of cell-material interaction. 

Accordingly, implanted bone tissue samples were collected for all the groups on 2 months 

postoperatively. Bone sections were initially fixed in 10 % formalin for 7 days and afterwards 

decalcified using Goodling and Stewart’s fluid (15 ml formic acid, 5 ml formalin and 80 ml 

distilled water). The resultant decalcified bone samples were fixed in paraformaldehyde and 
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4µm tissue sections was prepared from the paraffin embedded block and stained with 

haematoxylin and eosin. The stained tissue sections were finally examined under the Leica 

microscope (Leica Microsystems, Weztlar, Germany) for histological examination.  

 

4.3.5. Scanning electron microscopy study 

 

Two-month post-implanted bone samples were also checked for interfacial study of new 

osseous tissue formation using SEM. After carefully removing the soft tissue from the bone, 

the samples were fixed in 2 % E. M.  grade glutaraldehyde phosphate solution for 48 h, washed 

thrice for 30 min. with PBS (pH 7.4) and distilled water and finally drying the samples in a 

series of graded alcohol solutions. Gold sputter coated bone samples were imaged using an 

FESEM (LEO, U.K.) for microstructural analysis of newly formed osseous tissue at the 

interface of bone and material. 

 

4.3.6. Fluorochromelabelling study 

 

Oxytetracycline as fluorochrome marker (Terramycin; Pfizer  India, India) @ 25mg /kg body 

weight was injected 25 days prior to euthanasia of the animals at 2 month i.e., on the days 35, 

36 and 3, 4 (2-6-2 manner) postoperatively . The retrieved implanted bone samples were 

grounded to 20 µm thickness and finally placed under ultraviolet incidental light with a Leica 

DM 2000 fluorescence microscope. The golden yellow fluorescence (new bone formation) 

pixels were measured and consequently transformed to percentage of new osseous tissue 

formation.  
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4.3.7. Toxicological study 

 

Toxicological study of BM, BMH and BMG implanted bone was carried out by histology of 

three majororgans, like heart, liver and kidney. To carry out the same, the H & E stained 

histological sections of heart, liver and kidney from the sacrificed animals were prepared to 

observe any presence of significant cellular changes or not. 

 

4.3.8. Immunocompatibility study 

 

The amount of host-implant immune-compatibility was determined by measuring the 

concentration of IL2, IL6 and TNF-α cytokine response of the animals post in vivo implantation 

with biomaterials (i.e., BM, BMH and BMG implants). Blood serum was collected at 1, 2, 4 

and 8 weeks post-surgery and concentrations of IL2, IL6 and TNF-α were estimated using 

ELISA kits for rabbit (Invitrogen, USA). 
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5. RESULTS AND DISCUSSION 

 

5.1 HAp coated e-glass characterization 

 

In this part, the main objective was to coat bio-inert E-glass fibers with materials having better 

corrosion properties than commonly used ceramics. Thus, HAp was selected as a coating 

material and as a first step, a coating was successfully developed for the first time on e-glass 

coupons aiming better implant-bone interaction on the substrate with high mechanical strength. 

 

5.1.1 Characterisation of the coating 

 

Reaction of Ca(NO3)2.4H2O with P2O5 in ethanol results in the formation of a translucent gel, 

which is a mixture of amorphous HAp, calcium nitrate and xCaO.y[POm+1(OH)n(OEt)o] (x and 

y: arbitrary, 2m+n+o = 3)[156]. The gel was used for coating only after 2h from termination of 

mixing, as its viscosity remains low initially. To get the desired phase, crystallinity and pore 

size, the coated substrates were sintered at 850 oC. Optical microscope images after sintering 

showed micro-cracks on top of the coatings due to thermal-expansion co-efficient mismatch 

between e-glass (5.4x10-6/oC at 25oC) and HAp (14.75x10-6/oC at 25oC for HAp)[157]. 

 

XRD studies (Fig. 2a) of coated substrate confirmed the presence of only hydroxyapatite phase. 

The major diffraction peaks found at 31.67o, 32.83o, and 25.79o 2 matched well with the 

standard peaks of pure hydroxyapatite crystals as in JCPDS PDF #09-0432 data card. Hence 

the peaks can be indexed as those of the HAp having hexagonal crystal structure with space 

group P63/m[158].The average crystallite size calculated from Debye-Scherrer equation was 

found to be 26 ± 3 nm. The slight expansion of lattice parameters with respect to the standard 
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values has also been observed. The “a/b” axis of the hexagonal crystal expanded from 9.432 Å 

to 9.4484 Å and “c” axis expanded from 6.881 Å to 6.907 Å. Accordingly, the unit cell volume 

of the crystal structure was also increased from 530 Å3 (standard hydroxyapatite) to 534.02 

Å3hinting at some effects of thermal stress. The Percentage of crystallinity calculated by using 

Landi’s et al method [159] was found to be moderately high (~ 89%)on top surface which is 

desirable for in vitro or in vivo dissolution with time. A small hump at 30.46o 2was due to the 

presence of -TCP phase as impurity. As expected, there was no crystalline peak in the bare 

substrate (Fig. 2a(i)), and typical amorphous nature of e-glass was noticed. 

 

 

Fig. 2: (a) XRD patterns [along with bare e-glass substrate (i)], (b) FTIR and (c) Raman spectra 

acquired from the top coated surface. 

 

The FTIR (Fig. 2b) spectrum of the coating showed four typical vibrational modes of PO4
3- 

(1,2,3 and 4) which are found to be present at 962 cm-1, 472 cm-1, 1047/1089 cm-1 and 603 

cm-1, respectively. The peak at 962 cm-1 (1) corresponds to non-degenerate symmetry 

stretching of P-O bond in the PO4
3- group and the peak at 472 cm-1 (2) is the doubly degenerate 

phosphate bending mode[160]. The stretching vibration modes of PO4
3- (3) group were 

reflected at 1047 cm-1 and 1089 cm-1. Another peak at 603 cm-1 states the presence of triply 

degenerate O-P-O bending (4). The peaks at 635 cm-1 and 3572 cm-1 reflect the vibrational 
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and intramolecular-stretching-vibrational mode of hydroxyapatite phase. Especially OH- peak 

at 3572 cm-1 and PO4
3- peak at 962 cm-1 indicate highly crystalline nature of the coating 

corroborating the findings of XRD [161]. Raman spectrum (Fig. 2c) acquired from the top 

coated surface showed characteristic peak of PO4
3- (1) at 961 cm-1 which confirms the HAp 

phase. There were also two doubly degenerate bending mode (2) at 429 and 445 cm-1 (P-O 

bond), four triply degenerate asymmetric stretching mode (3) at 1030, 1046, 1054 and 1076 

cm-1 (P-O bond), and four triply degenerate bending mode (4) at 582, 594, 610 and 620 cm-1 

(O-P-O bond) of phosphate groups present[162]. All bands are characteristically assigned to 

internal vibrational modes of the phosphate groups.  

 

The FESEM images of the coated top surface after sintering (Fig. 3a) showed mainly rod-like 

morphology of HAp crystallites with diameters 200-300 nm and lengths between 1-1.5 μm. 

Some plate-like morphologies with irregular surface were also observed. HAp crystallites were 

also found on the crack regions acting as bridge which indicates the coating coverage of the 

substrate surface. FESEM imaging carried out at interface (Fig. 3b) showed no interfacial gap 

between substrate and coating and the coating thickness was approximately 10 μm. There was 

no microstructural feature at the cross-section indicating dense structure. 
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Fig. 3: FESEM microstructure of (a) top coated surface and (b) cross-sectional image showing 

the interface.   

 

Further detailed study on the cross-section of microstructure using TEM (Figs. 4a-c) showed 

interconnectivity of pores with diameters of about 300-500 nm, along with certain 

agglomeration of crystals. The population density of HAp crystals was found to decrease with 

a slight increase in crystal size towards periphery of coating layer which is also a reason behind 

the occurrence of cracks at the surface of coating. With decreasing HAp crystal density, 

interconnectivity of pores increased along the outer region which were considered to be 

important, as they acted as path channels for supply of micronutrients and removal of cell 

excretions required for tissue in-growth in the scaffold [163]. Interface study confirmed firm 

apposition and close contact of coating with the substrate. Line scan EDX showed (Figs. 4d-e) 

clear demarcation of phases from substrate to coating, also showing absence of interfacial gap. 

Ca/P ratio was calculated and found to be ~ 1.67, which also confirms the purity of the 

hydroxyapatite phase and thus conforms with the XRD and FTIR analyses. The SAED patterns 

(Fig. 4f) of HAp layer showed clear electron diffraction rings of pure crystalline hydroxyapatite 

phase, for which d = 2.81 Å and d = 3.44 Å correspond to the (211) and the (002) 
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crystallographic planes respectively, of hexagonal hydroxyapatite, which was also found to be 

in good agreement with the XRD findings. 

 

 

Fig. 4: Cross-sectional TEM images of coated e-glass taken at different regions showing the 

micro/nano-structural features of the coating’s depth and the interface (a-c), EDX line scan (d 

and e) and SAED pattern (f). 

 

5.1.2 SBF immersion study (static and quasi-dynamic): 

 

Kinetic SBF study depends on two main factors, dissolution, and deposition of ions. These 

mechanisms in turn depend on the differences of ionic concentration between the sample and 

the solution in which the former is immersed [164]. Both dissolution and deposition processes 
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take place simultaneously at different rates. XRD patterns of coated samples after 7 days of 

static bioactivity study (Fig. 5a-(i)) indicated the formation of calcium phosphate hydroxide 

[Ca10(PO4)6(OH)2] (matched with JCPDS PDF #00-054-0022) and calcium carbonate 

(matched with JCPDS PDF #00-029-0305) with relative percentage of phases being 32.7% and 

67.3%, respectively. High percentage of calcium carbonate is due to a higher rate of calcium 

deposition than its dissolution. The higher deposition of calcium carbonate can be explained 

by solubility products of calcium carbonate and calcium phosphate hydroxide. This 

phenomenon is possible only if the solubility product of calcium carbonate is higher than the 

solubility product of calcium phosphate hydroxide. After 14 days of immersion (Fig. 5a-(ii)), 

due to high rate of phosphate deposition, more hydroxyapatite formed (approx. 69.1%) 

(matched with JCPDS PDF #04-014-8416) with about 30.1% calcium carbonate. Calcium 

carbonate may accelerate interaction between implant and body fluid as blood plasma also 

contains Ca2+ and CO3
2- ions, hence creating a resemblance between the host and foreign body. 

 

Fig. 5: XRD patterns acquired from the top surface after 7 and 14 days of (a) static and (b) 

quasi-dynamic SBF study [after (i) 7 and (ii) 14 days] [H = hydroxyapaptite, H1= calcium 

phosphate hydroxide and C = calcium carbonate]. 
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In quasi-dynamic study, deposition or dissolution process cannot be completed when the 

reacting SBF was replaced with fresh volume of SBF, which increased the difference in the 

ionic concentrations of the solution and the sample. Therefore, the characteristic peaks of 

hydroxyapatite (matched with JCPDS PDF #01-086-0740) was seen after 7 days (Fig. 5b-(i)), 

however, with time due to the increased difference in the ionic concentrations, the deposition 

rate increased. After 14 days of quasi-dynamic study (Fig. 5b-(ii)), the x-ray diffraction peaks 

of carbonated hydroxyapatite phase (matched with JCPDS PDF #00-019-0272) was seen. This 

phase might form due to A-type substitution (i.e., carbonate replacing a hydroxyl group) or B-

type substitution (i.e., carbonate replacing phosphate group) or both [165]. 

 

FTIR spectrum supports the above findings, where the coated e-glass substrates after 7 and 14 

days of static SBF study (Fig. 6a-(i) and (ii)) showed a decrease in PO4
3- peaks at 958 cm-1and 

CO3
2- peaks at 873 cm-1(related to hydroxyapatite). The presence of carbonate group could be 

confirmed by the peak at 2347 cm-1 [161]. In addition, the decrease in peak intensity hints at a 

reduction in the amount of calcium carbonate phase from day 7 to 14, which corroborates with 

the XRD findings. The sharp peak of structural –OH group at 3572 cm-1 could not be found 

after SBF study, which implies that the A-type substitution by carbonate group (replacing 

hydroxyl group) was more prevalent [165]. The peaks representing P–O vibrations at ν2 

bending (~472 cm−1), ν4 bending (~603 cm−1), ν3(asymmetric stretching around ~1033-1067 

cm−1) indicated the presence of calcium phosphate hydroxide formation on day 7. A similar 

trend was noticed on day 14 as well. When subjected to quasi-dynamic SBF study (shown in 

Fig. 6b-(i) and (ii)), a similar reaction behaviour as that of static SBF study (with similar peaks 

as just mentioned) was observed. The characteristic apatite PO4
3-peakswere noticed at 560, 603 

and 635 cm-1, while the peak at 575 cm-1appeared for crystallites of small size [166]. The 

increasing intensity of CO3
2- peak around 1428 cm-1 after 14 days of the quasi-dynamic SBF 
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study, indicates A-type substitution of carbonate group (i.e., carbonate replacing a hydroxyl 

group)[165]. 

 

 

Fig. 6: FTIR spectra of the top surface after 7 and 14 days of (a) static and (b) quasi-dynamic 

SBF study [after (i) 7 and (ii) 14 days]. 

 

Microstructures of top surface of the samples after static SBF study are shown in Figs. 7a and 

b after 7 and 14 days, respectively. After 7 days (Fig. 7a), dissolution phenomena were 

dominant so that the needle-like structure of coated sample was missing, with concomitant 

deposition of calcium carbonate crystals at microcrack regions. As the solubility product of 

calcium carbonate is higher, it will capture nucleation sites faster than others and the 

cracks/edges are most favourable sites for crystal growth. Such transformed crystal structures 

on the top surface signifies prominence of calcium carbonate phase over calcium phosphate 

hydroxide phase and was also confirmed from XRD (Fig. 5a-(i)) and FTIR (Fig. 6a-(i)). The 

calculated molar ratio of Ca/P from EDX data of corresponding sample was 1.4, which is the 

indication of non-stoichiometry [163, 167]. After 14 days (Fig. 7b), fresh deposition of HAp 

crystals could be seen on top surface. The deposits appeared as densely populated with pores 
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of variable dimensions, spread throughout the surface, and contained cracks as well. The Ca/P 

molar ratio after 14 days was found to be 1.67 as calculated from EDX data. In case of quasi-

dynamic SBF study, FESEM microstructure depicted a layer of apatite on the top surface of 

the samples after 7 days (Fig. 7c) and 14 days (Fig. 7d). For day 14, the thickness of the layer 

increased. Ca/P molar ratio after 7 days was 1.667 which signified the formation of 

hydroxyapatite phase whereas, after day 14, the ratio became 1.87, which was the indication 

of carbonated-hydroxyapatite phase formation, as was also observed in XRD (Fig. 5b-(ii)). 

 

 

Fig. 7: Microstructure of top surface after static (a – 7 days and b – 14 days) and quasi-dynamic 

(c – 7 days and d – 14 days) SBF studies. 

 

TEM (Figs. 8a-e) studies revealed the formation of dense calcium phosphate hydroxide 

nanocrystals after 7 days of static SBF study (Fig. 8a-inset). Apatite formation on top of the 
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coating was found not to be in a colonised manner; rather it covered the coating surface. The 

absence of any interfacial gap indicates high biocompatibility and good availability of 

nucleation sites of the sample. Crystals could also be seen inside surface pores which act as 

anchor point, and can contribute in favour of increasing the adherence of the apatite layer. In 

lower magnification (Fig.8b) imaging, bigger calcium carbonate nanocrystals can be seen, but 

with less density. EDX (Figs. 8c-d) data supported the existence of the calcium carbonate 

nanocrystals, by showing different calcium and oxygen ion concentrations at different regions 

of the coating section. These calcium carbonate nanocrystals are indicated by arrow-heads in 

the dark-field TEM image (Fig.8b). The regions with higher concentration of carbon and 

oxygen represent the calcium carbonate crystal filled region and the rest is covered with 

calcium phosphate hydroxide. SAED pattern (Fig. 8e-inset) showed clear diffraction rings of 

crystalline calcium phosphate hydroxide of d = 2.72 Å corresponding to the (300) 

crystallographic plane.  

 

 

Fig. 8: TEM images of different regions after 7 days of static SBF studies; microstructure (a 

and the inset, b), EDX (c and d) and HRTEM showing crystalline fringes along with SAED 

pattern in the inset (e). 
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After 14 days of static bioactivity study (Figs. 9a-b), extensive apatite deposition almost 

completely covering the pores of the coating was found on the outer surface. Nucleation of 

elongated HAP nanocrystals were seen along the periphery of the pores, and this is also the 

primary stage of crystal growth. Crystal growth is a thermodynamically controlled process, in 

which the guest crystals use host crystal surface as nucleation sites, or template, for deposition 

of their own phase [168]. In this case, crystals were found to be more orderly arranged than the 

7-day sample which indicates settling and maturation of the crystals with time. EDX (Figs. 9c-

d) showed homogeneity in concentrations of Ca and P ions in different regions proving the 

formation of HAp in higher percentage to be the major phase, which is also in agreement with 

the XRD analysis. The SAED pattern (Fig. 9e) depicted highly crystalline nature of the coating 

as strong diffraction rings could be observed clearly. The most prominent diffraction ring 

corresponds to a “d-spacing” of 2.794 Å representing the (211) crystallographic plane of pure 

HAp.  

 

 

Fig. 9: TEM images of different regions after 14 days of static SBF studies; microstructure (a 

and b), EDX (c and d) and SAED pattern (e). 

 

 



  

84 | P a g e  

 

In quasi-dynamic SBF study, the TEM images (Figs. 10 a,b and c,d) showed moderate 

crystallinity near the surface of coating after 7 and 14 days which could be corroborated by the 

SAED patterns of the respective samples. After 7 days, a crystalline layer composed of 

hydroxyapatite crystals covered the surface of HAp coated sample. However, initially after day 

7, the arrangement of crystals was found to be randomly oriented, indicating the effect of daily 

replacement of fresh SBF. After 14 days, the population of the crystals were increased which 

is due to the daily layer by layer deposition of apatite. Also, the crystals were found to be 

smaller than those of static SBF study as they get less time to complete their crystallization 

process. 

 

 

Fig. 10: TEM images of different regions after 7 and 14 days of quasi-dynamic SBF studies; 

(a, b and c) microstructure and SAED pattern after 7 days and (d, e and f) microstructure and 

SAED pattern after 14 days. 
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Ca and P ions of the supernatant liquid were analysed by ICP-AES after static and quasi-

dynamic SBF study collected at day 7 and 14 and are given in Figs. 10a and b respectively. 

Static SBF study (Fig. 11a) showed a decrease in concentration of both calcium and phosphate 

ions after 7 days. This was due to the deposition of ions on the surface of coated samples, 

leading to the formation of calcium carbonate crystals as well. After 14 days, a slight increase 

in calcium and phosphate ions helped in decreasing calcium carbonate concentration and 

changing of phase from calcium phosphate hydroxide to HAp. The supernatant fluid after 

quasi-dynamic SBF study (Fig. 11b) showed a series of small changes in calcium and 

phosphate ion concentrations leading to variation in Ca/P molar ratio and ultimately resulting 

in different CaP phase/s in XRD. 

 

 

 

Fig. 11: Concentration of different ions of supernatant in (a) static and (b) quasi-dynamic SBF 

study at day 7 and 14. 

 

From load-displacement curves, Young’s modulus (E) and hardness (H) were calculated based 

on Oliver and Pharr method [169]. When indenter is pressed against sample, elastic and plastic 

deformation occurs simultaneously, resulting impression conforming indenter shape. During 
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unloading, displacement recovered for elastic, eventually providing elastic solution for 

modeling contact process. H is defined as indentation load divided by projected contact area 

(measured from contact depth from load-displacement curve). Thus, it’s the mean pressure 

which a material can support under load. E, on the other hand, can be calculated from initial 

unloading contact stiffness or the initial slope of unloading curve. We have calculated the 

parameters for both coated e-glass substrates (CEG) and after 7 and 14 days immersion under 

static (7d-s and 14d-s) and quasi-dynamic (7d-Q and 14d-Q) condition and are shown in Table 

5. It has been found that both H and E of HAp coating on e-glass substrates were increased 

after static and QD studies. The effect is more pronounced for static SBF immersion as there 

is no fresh replenishment each day like QD process. Significant kinetic enhancement of H and 

E for static samples were due to more ordered crystalline deposition of apatites after 14 days, 

thus corroborating the findings of TEM. Significant increase of H and E after 7 days of QD 

study was due to uniform apatite crystal formation on top which became disordered after day 

14 owing to daily change of fresh buffer and hence decrement of E and close values of H.  

 

Table 5: Nano indentation values of H and E of different samples 

  

Sample H (GPa) E (GPa) 

CEG 0.05 ± 0.01 2.46 ± 0.7 

7d-s 0.16 ± 0.07 11.9 ± 2.2 

14d-s 1.57 ± 0.14 32.9 ± 2.4 

7d-Q 0.37 ± 0.07 33.1 ± 5.7 

14d-Q 0.37 ± 0.07 24.3± 5.3 
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5.1.3. In vitro biocompatibility studies 

 

5.1.3.1 Cell viability, proliferation assay and Alkaline Phosphatase assay (ALP): 

  

Cell viability (by MTT), proliferation (by Alamar blue assay) and ALP expression of MG-63 

on bare and coated e-glass samples were measured on days 5, 7, 14 and 21. Maximum cell 

viability was recorded for coated e-glass after 21 days of cell culture (statistically significant 

**p<0.01, ***p<0.001) (Fig. 12a). Leachates obtained after 7 and 14 days showed noticeable 

difference of cell viability between the control and the sample (Fig 11a). Maximum cell 

proliferation in Alamar BlueTM test was recorded for coated e-glass after day 21 (statistically 

significant, *p<0.05***p<0.001) (Fig. 12b). Starting from initial days, the HAp coated e-glass 

sample was found to be way more prone towards cell proliferation than being under control. 

This can be justified by the fact that the HAp coated surface exhibits a greater availability of 

potentially colonisable space by the grown osteoblasts, which once attached, can spread at a 

higher rate than the control. Another crucial factor for the cell to adhere and increase cellular 

activity is the adsorption of protein on the surfaces, which are abundant in case of HAp coated 

samples due to its interconnected porous structure [170] MTT and Alamar blue result supported 

each other’s interpretation that both samples do not have any associated cytotoxicity. ALP 

expression indicates surface activity of the sample towards bone mineralization. ALP occurs 

at very early stages of osteogenesis and hydrolyses of the organic phosphates releasing 

phosphorus ions, which are important for the process of extracellular matrix mineralization. 

High ALP expression of the coated sample shows higher activity, which is beneficial to the 

collagen fiber synthesis, formation of calcium nodules, and the maturation of bone 

mineralization. It also increases with the maturation of osteoblasts [171, 172]. Maximum ALP 

expression was recorded for coated samples after 21 days of cell culture (statistically 
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significant, **p<0.01, ***p<0.001) (Fig. 12c) that clearly indicates the non-cytotoxicity as well 

as the bioactivity of the coated samples. 

 

Fig. 12: Response of osteoblast like cells (MG-63) seeded on e-glass substrate and coated 

surfaces, cultured for 21 days at 37oC and 5% CO2 humidified atmosphere; (a) viability (b) 

proliferation of cells and (c) alkaline phosphatase (ALP) activity, (d) quantification of mineral 

deposition using ARS staining. *** p< 0.001, ** p < 0.01 and * p < 0.05, n=3 at each time 

point. 

 

ARS staining helps to measure the mineral content of the sample which is important for apatite 

formation on the surface. Calcium (Ca2+) deposition was measured on day 14 and 21 (Fig. 12d). 

Maximum Ca2+ deposition was recorded for coated e-glass substrates after 21 days of cell 

culture (statistically significant, **p<0.01, ***p<0.001).  
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5.1.3.2 Cell morphology within the samples by Laser confocal microscopy: 

  

Cell morphology on bare and coated e-glass samples are given in Figs. 13a and b respectively. 

Maximum number of cells was present in coated e-glass compared to the bare substrate. For 

coated samples, actin covers the entire surface, forming neo matrix and penetrated into the 

sample, due to the porous nature of the coating. Since cell cytoskeleton organization is 

important for cell attachment and morphology, the actin filaments were stained using Alexa 

Fluor® 488 (green), nuclei were stained with Hoechst 33342 (blue) and examined under 

confocal at 20X [173]. 3D constructs were Z-scanned during confocal microscopy to examine 

cell growth upon different layers. Scans across multiple layers were then merged into the final 

image. The images showed extensive and uniform distribution of the actin filaments on coated 

e-glass. However, for bare e-glass, actin distribution was sparse and isolated to be present just 

around the cell nuclei. 

 

 

Fig. 13: Cytoskeletal actin organization and distribution of MG-63 cells grown on (a) e-glass 

substrate and (b) coated surface at day 7. 
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5.1.3.3 Gene Expression by real time RT-PCR:  

 

Gene expression involved in bone mineralization and maturation in the osteoblastic cells was 

analysed when in contact with the materials. Osteogenesis process evolves proteins such as 

osteopontin (OPN), osteocalcin (OCN), collagen type I (COL-I) and RUNX-2. In the early 

stages of osteoblastic development and mineralization, OPN is secreted, and acts by binding 

with the organic and inorganic phase to promote tissue adhesion. OPN gene expression is also 

associated with increased cell adhesion [174]. Variations in mRNA expression levels of bone 

specific (OCN, OPN, RUNX2 and COLI) markers were detected (Figs. 14a-d) in each sample, 

when the samples (n=3) were averaged and normalized against the housekeeping gene 

(GAPDH). Coated e-glass showed significantly higher level of gene expression of markers 

such as OPN and OCN than control (bare e-glass), indicating an advanced differentiation 

process, osteoblastic maturation and bone mineralization.  
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Fig. 14: Levels of mRNA for osteogenic specific genes [(a) Runx2, (b) OPN, (c) OCN and (d) 

COLI) of MG-63 cultured on e-glass substrate and coated surface for 3 weeks. *** p< 0.001, 

** p < 0.01 and * p < 0.05, data are presented as mean±SD, n=3.  

 

In vitro biocompatibility evaluation, a basic biological test for biomaterials plays a significant 

role to assess cell/biomaterial interactions. A prerequisite step in the process of cell-material 

surface interactions is the attachment of dependent cells, which in turn can influence ensuing 

cellular and tissue responses [175]. The E-glass is known to be bio-inert, chemically durable, 
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strong with high mechanical strength, and can be used as an implant when composed with other 

bioactive materials. HAp is classified as osteoconductive, because it supports new bone growth 

on the implant along bone-implant interface. Hence, e-glass can hold the mechanical integrity 

of the sample, while HAp provides the necessary ingredients for bone regeneration. 

 

Since a categorical attribute of osteoblasts is mineralization as osteogenesis matures, ALP 

activity and ARS mineralization assay are used to quantify such mineralization upon implants 

[176]. Substantial levels of mineralization lead to cells having an orderly, sheet-like structure. 

Increasing ALP activity over the culture duration, intensity of Alizarin Red staining, and 

confocal images that show stressed actin arrangement of cells upon the implants. Encouraging 

results were found for samples particularly with HAp coated e-glass compared to bare e-glass. 

Similarly, the images from confocal laser microscopy show random actin-stress fibers along 

with dense cell colony deposits across the coated implant and to a slightly less extent on the 

bare implant. Effective adherence of cells onto implants leads to formation of ordered ECM 

[176] and the presence of ECM is a requirement for successful tissue reconstruction. Nano-

scaled structure of HAp conceivably contributes to the favourable cyto-compatibility of the 

implants. Progression of cell proliferation from Day 7 to Day 14 is a little slow for all the 

implants [Fig. 12(b)]. This slightly restricted progress may be ascribed to the cells requiring 

some time to adjust and adapt to the 3D matrix upon being transferred from the 2D cultures 

[176]. 

 

Overall, the in vitro analyses show that the HAp coated e-glass leads to significant 

improvement of implant properties in terms of biocompatibility, cell viability and proliferation, 

osteoinductivity and osteoconductivity. HAp coating of e-glass can potentially be utilized in 

fabrication of durable bioactive non-metallic implants and tissue engineering scaffolds.
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5.2 Li-Sr substituted bioactive glass scaffold  

 

5.2.1 Bioactive glass powder characterization 

 

Figs. 15a-d shows the DTA thermogram of as-prepared powder samples (melted at 1450oC) 

without and with Li/ Sr doping. Glass transition temperatures (Tg) was found to be around 

750oC for BAG and 790, 780 and 770oC respectively for L-BAG, S-BAG and LS-BAG with 

crystallization temperature 862 and 865oC for BAG and L-BAG respectively. With the addition 

of dopants, Tg increases from the base composition (BAG) with associated enthalpy increase 

as well. No adsorbed or structural water loss noticed throughout the temperature regime. Heat 

treatment temperature of the porous green specimens fabricated later with these powders were 

selected based on the repeated trials on the porous green specimens with suitable strength, 

unaffected porous network inside and no incipience of glassy or crystalline phase.  
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Fig. 15: DTA profile of as-prepared samples for (a) BAG, (b) L-BAG, (c) S-BAG and (d) LS-

BAG. 

 

XRD pattern (Fig. 16) of respective heat-treated specimens for each composition confirms 

amorphous nature with broad diffraction at 2Ɵ ranging between 20-35o indicative of disorder 

in the structure and glassy nature of powders. Addition of dopants had no appreciable influence 

on the glassy structure of base material except slight changes in amorphicity and no appearance 

of any crystalline peak. 
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Fig. 16: XRD patters of (a) BAG, (b) L-BAG, (c) S-BAG and (d) LS-BAG samples heat treated 

at their respective temperatures. 

 

FTIR spectra (Fig. 17) of same powders show presence of hydroxyl (-OH) group around 3445 

cm-1, along with Si-O-Si stretching frequency around 465 cm-1 and Si-O-Si bending frequency 

around 1020 cm-1 for all samples [177]. Other band assignments included Si-OH symmetric 

stretch at 780-980 cm-1 and vibrational mode of asymmetric stretch of Si-O-Si between 1100-

1000 cm-1. The band assignments are summarized and are given in Table 6. 
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Fig. 17: FTIR spectra of (a) BAG, (b) L-BAG, (c) S-BAG and (d) LS-BAG samples heat treated 

at their respective temperatures. 

 

Table 6: Band assignments for the peaks obtained for all samples (cf. Fig. 17) 

Wave number 

 (cm-1) 

Band assignment Wave number 

(cm-1) 

Band assignment 

465  (Si-O-Si) bending 1630  (OH) 

595 P-O of PO3
2- group 2853 -OH (water) 

784  (Si-O-Si) tetrahedral 2923  (CH) 

1020 

 (Si-O-Si) 

asymmetric 

3445  (OH) 
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5.2.2 Bioactive glass scaffolds characterization 

 

Figs. 18a-d shows the SEM microstructure of the porous scaffolds for all compositions. Highly 

amorphous microstructures were obtained with presence of granular appearance throughout of 

the samples taken at different magnifications. A range of micro- to macro-pores were observed 

without any grains or crystals. 

 

Fig. 18: SEM microstructure of the porous scaffolds for all compositions (inset: higher 

magnified site). 
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Due to the amorphous nature, green powders were fused at the boundary with presence of 

micro-pores between the fused powders. Mean pore sizes of BAG and L-BAG samples 

calculated by image processing was about 20 µm, while this was 47 µm and 8 µm for S-BAG 

and LS-BAG respectively. All the samples except LS-BAG showed presence of both micro- 

(10-50 µm) and macro-pores (> 50 µm). For LS-BAG, it was more of coarsening than sintering 

of particles. For L-BAG, pore size was found to be in the range of 20-230 µm with 1-2 µm 

small pores throughout the microstructure. S-BAG on the other hand had pore size in the range 

of 30-260 µm with bi-modal distribution of pores in the range from 1-2 µm and 10-20 µm. 

Pore size range for LS-BAG was mainly in the range of 10-50 µm with presence of 1-2 µm of 

micro-pores. Amorphous content was found to be more in case of L-BAG and LS-BAG 

compared to S-BAG and BAG. Most probably Li had played a solute-drag effect for coarsening 

of the base glass particles. That means Li actually facilitated the coarsening so that green 

powder particles move against each other due to appearance of sharp melt at the interface. The 

effect was more evident in case of LS-BAG. Strontium on the other hand, did not have such 

effect as mentioned. As a consequence, porous scaffolds made of BAG and S-BAG showed 

similar percentage of apparent porosity when heat treated as that of % naphthalene added while 

preparing the green compacts. But L-BAG and LS-BAG had much higher percentage of open 

porosity. As a result, bulk densities of the samples were found to be higher in case of BAG and 

S-BAG than L-BAG and LS-BAG. The data (average values) are presented in Table 7. 
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Table 7: A.P. and B.D. data of the porous scaffolds 

Sample A.P., % B.D., g/c.c. 

BAG 54.4±1.63 1.16±0.02 

L-BAG 61.3±1.84 0.97±0.02 

S-BAG 56.5±1.7 1.09±0.02 

LS-BAG 64.5±1.94 0.84±0.02 

 

5.2.3 Simulated body fluid (SBF) study 

 

Fig. 19 shows a composite image showing variations of pH, concentrations of calcium, bi-

carbonate and bi-phosphate in the supernatant with time, in contact with SBF. pH of the 

supernatant of all samples showed slight decreasing tendency with time and upto day 14, which 

corroborates our earlier findings on similar base glass [178]. For all the samples, Ca ion 

concentration of the supernatant was increased from 7 to 14 days except S-BAG, which showed 

increment of Ca ions at day 7 and continuous maintenance upto day 14. For BAG, L-BAG and 

LS-BAG this increase of Ca was due to dissolution from sample surface. HPO4
2- ion conc. on 

the other hand was decreased from pure SBF, most probably due to phosphate deposition on 

the surface. Carbonate in the supernatant, showed a decrement at day 7 and subsequent 

increment at day 14 which was possibly due to more carbonate deposition on the surface at day 

7, more dissolution upto day 14 and eventually becoming saturated with the sample. The 

concentration of the supernatant analysis upto day 14 revealed bioactivity of the samples in 

terms of more and more –OH and PO4
3- ion deposition on the sample surface, which is a 

potential nucleation site for Ca after day 14 to form hydroxyapatite or carbonated apatite on its 

surface; but, S-BAG showed better bioactivity as the same deposition was prominent within 

day 14. The results obtained were compared with the MTT assay study shown later. 
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Fig. 19: Variations of (a) concentration of supernatant (Ca2+, HCO3
- and HPO4

2-), (b) pH of 

SBF after days 7 and 14 in contact with the porous scaffolds (BAG, L-BAG, S-BAG and LS-

BAG); (c) is the magnified part of HPO4
2- (a). 

 

Fig. 20 show the SEM microstructure of the porous scaffold surface after day 14 of SBF study. 

This shows formation of apatite like crystals on the surface of S-BAG (Fig. 20c) which was 

not very clear in case of other samples surfaces. L-BAG and LS-BAG showed amorphous 

nature of their respective surfaces (Figs. 20b and d), as kinetics of dynamic dissolution and 

deposition process of Ca2+, HCO3
- and HPO4

2- ions were still in continuation while for BAG 

(Fig. 20a), deposition of apatite like crystals have started.  
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Fig. 20: SEM microstructure of the porous scaffold surface after day 14 of SBF study; for (a) 

BAG, (b) L-BAG, (c) S-BAG and (d) LS-BAG. 

 

5.2.4 In vitro cell cyto-toxicity study 

 

From the calculated OD values (550 nm), percent cell (NIH3T3) proliferation was plotted 

against the days observed and is given in Fig. 21. 
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Fig. 21: MTT assay results; calculated OD values for NIH3T3 expressed on the samples of 

BAG, L-BAG, S-BAG and LS-BAG after days 3 and 7. 

  

It was found that the initial proliferation of cells after day 3 was better than control due to initial 

attachment of cells. After 7 days, however, this was found to be better in case of L-BAG than 

the others. Cell growth rate was found to be reduced for all samples than control. All sample 

surface was considered as non-toxic and biocompatible. Cell morphology by SEM after day 7 

was also revealed similar trend (Fig. 22) as L-BAG showed better NIH3T3 proliferation than 

other surfaces. Well-grown filopodia (microspikes) or cytoplasmic projections were seen and 

found to be more pronounced in this case. Filopodia contain actin filaments cross-linked into 

bundles by actin-binding proteins. Micropores present on the top of surface play pivotal role 

for better anchorage of the filopdia. 
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Fig. 22: SEM cell morphology on the samples of (a) BAG, (b) L-BAG, (c) S-BAG and (d) LS-

BAG after 7 days. 

 

NIH3T3 mouse embryo fibroblast cell lines are regularly used for MTT assay to assess cyto-

toxicity with respect to biomaterials’ effects on cell growth metabolism [179]. These cells have 

branched cytoplasm surrounding an elliptical nucleus and can be recognized by abundant rough 

endoplasmic reticulum and also synthesizes extracellular matrix (ECM) and collagen. NIH3T3 

has also capability to detect substrate rigidity beyond the cell border [180]. From the results of 

Figs. 21 and 22, it can be stated that there was substantial effect of Li alone to promote 
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fibroblasts which was found to be least in case of BAG. S-BAG on the other hand, was not 

contributing extensively towards ECM formation and the gross effect of Li and Sr on cell 

proliferation was found to be least in case of LS-BAG (Fig. 21). S-BAG however showed better 

bioactivity in terms of apatite like crystal formation which will expected to contribute towards 

bone cell colonization in vivo. In this case, fibroblast cell extensions consolidated the pore site; 

ECM formed in situ along with HCO3
-// HPO4

2- deposition in contact with SBF after 7 days 

(Fig. 19) may help maturation of bone defect site faster in vivo. The combined effect of Li and 

Sr thus expected to generate both soft and hard tissue in vivo. Most plausible reason behind 

slower rate of growth of NIH3T3 after 3 days may be the presence of other ions (e.g., Ca2+) 

which are also consistent with findings reported elsewhere stating that changes of extracellular 

calcium concentration can affect balance between proliferation and differentiation in 

fibroblasts. McNeil et al. demonstrated that elevation of extracellular calcium stimulates 

proliferation-associated signaling pathways in rat fibroblasts [181].  

 

5.2.5 Bone in-growth evaluation by micro-CT 

 

Serial slices of X rays were carried out throughout Z-axis of a particular implanted bone 

section, images thus obtained were clubbed together and are given in Figs. 23a and b for BAG, 

24a and b for L-BAG, 25a and b for S-BAG and 26a and b for LS-BAG after 2 and 4 months 

respectively. Serial images for BAG taken after 2 and 4 months showed that the porous scaffold 

has started degrading as revealed after 4 months but maintained its structure after 2 months. 

From the grey scale quantification, it can be shown that BAG samples had higher amount of 

mature bone tissue after 4 months than the 2 months when more soft tissue apposition was 

evident. Stability of the implant thus impaired after 4 months which is anticipated to be 

continued and simultaneously converted to hard cortical tissue. Effect of lithium and strontium 
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can be an interesting parameter which can dictate the degree of bone tissue conversion with 

time. 

 

Fig. 23: Serial slices along the Z-axis in micro-CT. Images are obtained for implanted BAG 

scaffolds. (a) After 2 months; (b) After 4 months. 

 

Fig. 24: Serial slices along the Z-axis in micro-CT. Images are obtained for implanted L-BAG 

scaffolds. (a) After 2 months; (b) After 4 months. 
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Fig. 25: Serial slices along the Z-axis in micro-CT. Images are obtained for implanted S-BAG 

scaffolds. (a) After 2 months; (b) After 4 months. 

 

Fig. 26: Serial slices along the Z-axis in micro-CT. Images are obtained for implanted LS-BAG 

scaffolds. (a) After 2 months; (b) After 4 months. 

  



  

107 | P a g e  

 

Serial sectional images of L-BAG after 2 months showed tissue invasion more in the central 

part of the implant than the periphery with a clear interfacial gap with the surrounding tissue. 

Grey scale values were found to be in between of cortical and cancellous tissues after 2 months 

which indicates that the implant was in the process of being resorbed which was continued up 

to 4 months. But the degree of resorption was higher in case of L-BAG than the BAG alone. 

L-BAG samples after 4 months showed very similar grey scale values with that of the cortical 

part of the bone. However, degradation of the samples was lowered for L-BAG than BAG 

alone.  

 

S-BAG samples had clearly shown its efficacy expressed towards conversion to more of 

cortical tissue than the cancellous one. Cortical tissue could be seen at the periphery of the 

inserted samples as seen after 4 months. LS-BAG samples after 2 months showed close 

resemblance of the cancellous tissue on the periphery and cortical tissue in the inside of the 

implanted samples. After 4 months, the same phenomenon continued, and the implanted 

samples were almost 60% converted to the surrounding bone. After 2 months, BAG samples 

only showed some interfacial gap which was absent for all doped samples. 

 

3D images using micro-CT are given in “Supplementary Information” as Figs. 1a and b for 

BAG, 15a and b for L-BAG, 16a and b for S-BAG and 17a and b for LS-BAG after 2 and 4 

months respectively. The extent to which both soft and hard tissue opposed to BAG samples 

when implanted, cannot be assessed quantitatively from radiography. Tissue and blood vessels 

could be seen in the 3D representation of the micro–CT. Porous nature both in and outside the 

medullary cavity were noticed in the 3D representation. Different grey scale values in the 

images represent quality of the bone and its degree of maturity. Implants could be seen from 

the 3D plots. It was found that mature bone tissue as well as blood vessels engulfed the implant 
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which indicates good vascularisation. Porous nature of the cortical bone was observed in some 

sections. In a comparison, LS-BAG samples showed highest degree of tissue impregnation and 

vascularity among the four compositions. Strontium doping synergistically affected bone tissue 

apposition than glass without any doping. BAG scaffolds without doping actually had lower 

vascularity potential than the doped ones. 

 

5.2.6 Radiological examination 

 

Fig. 27a-d shows radiographs of defect surgery site and their interpretation is presented in Table 

8. On the day of surgery, the distal metaphysis of femur showed presence of partial radiodense 

BAG implant (Fig. 27a) in the defect, which became moth-eaten on 1 month. The implant 

found to reduce in size gradually with implantation time and almost disappeared at 4 month 

with irregularly arranged bony tissue. In S-BAG samples (Fig. 27c), the defect radiodensity 

appeared to be unchanged after 1 month and the defect size shrunk at 2 months. At 3 months, 

only negligible amount of implant was present in the defect along with newly formed bony 

tissue and by the end of 4 months both the implant defects could be barely seen from the 

radiographs. L-BAG samples (Fig. 27b) also showed similar performance as that S-BAG, 

except that defect healing and new bone formation were enhanced. In LS-BAG samples (Fig. 

27d), radiograph showed narrowing of bony defect and shrinkage of implant as early as one 

month post-operatively. Subsequent radiographs showed no traces of implant and defect. More 

importantly the radiodensity in defect area was almost identical to that of healthy bone. 
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Fig. 27: Radiographs taken at ‘0’ day, 1, 2, 3 and 4 months post-operatively implanted with (a) 

BAG, (b) L-BAG, (c) S-BAG and (d) LS-BAG. 
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Table 8: Radiological scoring values of different samples at different time intervals 

Group 1 month 2 month 3 month 4 month SEM 

S-BAG 0.66a 1.00a 1.66b 2.33bc 0.28 

L-BAG 0.66 a 0.66 a 1.33b 2.33c 0.28 

LS-BAG 1.33 a 1.66 ab 2 bc 3c 0.28 

BAG 0.33 a 0.66 b 1 bc 1.66c 0.28 

Values are expressed as Mean ± SE. Values with different superscript within a row differs 

significantly (P<0.001) 

 

5.2.7 Histological evaluation 

 

Fig. 28 and Table 9 show the histological section images and evaluation report of bone-implant 

interface at 2 and 4 months after observing different cellular events. BAG scaffolds (Fig. 28a) 

showed well-formed bony structure containing haversian system, canaliculi and sinusoidal 

spaces along with deposition of R.B.C., fat cells and scanty numbers of osteoblast in peri-

medullary areas after 2 months. Strontium doped scaffolds (S-BAG: Fig. 28b) at 2 month 

showed prominent osteoblastic activity characterized by sufficient number of haversian canal, 

canaliculi, lacunae and osteoblastic cells with suitable cytoplasmic ratios. The bony matrix is 

invaded by highly proliferative branches of vessels containing sufficient amount of R.B.C, 

bony progenitor cells and focal calcified points. Similarly, L-BAG scaffolds (Fig. 28c) showed 

well developed bony structure with robust haversian system, osseous canaliculi and bony 

plates. The LS-BAG samples (Fig. 28d) depicted well-formed osseous structure containing 

haversian canal, lamellae and canaliculi which was invaded by numerous blood vessels along 

with prominent osteoblastic and osteoclastic activities in the margin of lesion.  
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Fig. 28: Histological sections taken after 2 and 4 months post-operatively implanted with (a) 

BAG, (b) S-BAG, (c) L-BAG and (d) LS-BAG. 
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Table 9: Histological scoring values of different samples at 2 and 4 months 

Cellular 

Response 

Time Point (2 month) Time Point (4month) 

Grou

p 1 

Group 

2 

Group 

3 

Group 

4 

Group 

1 

Group 

2 

Group 

3 

Group 

4 

Fibro vascular 

proliferation 

1 ± 

0.3 

1.66±0.

3 

1.33±0.

3 

1.66±0.

3 

1.33±0.

3 

1.66±0.

3 

1.33±0.

3 

1.66±0.

3 

Mononuclea

r cell 

1 ± 

0.23 

1±0.23 1±0.23 1.33±0.

23 

1±0.23 1±0.23 1.33±0.

23 

1.33±0.

23 

Osteoclast 

activity  

1±0.2

3 

1.33±0.

23 

1±0.23 1.33±0.

23 

1±0.23 1±0.23 1.33±0.

23 

1.33±0.

23 

Mucin 

deposit 

1.33±

0.16 

1±0.16 1±0.16 1.33±0.

16 

1±0.16 1±0.16 1±0.16 1±0.16 

Vascularisati

on 

1±0.2

6 

1.33±0.

26 

1±0.26 1.66±0.

26 

1.33±0.

26 

1.66±0.

26 

1.33±0.

26 

2±0.26 

Osteoblastic 

activity  

1±0.3

1 

1.66±0.

31 

1.33±0.

31 

1±0.31 1.33±0.

31 

1.66±0.

31 

1.66±0.

31 

2.3±0.3

1 

Values are expressed as Mean ± SE. 

 

Histological evaluations at 4 months for the doped and pure bioactive glasses are also shown 

in Figs. 28a-d. Compared to 2 months, apparently higher angiogenesis was observed in all 

doped samples. However, angiogenic proliferation was more in LS-BAG and L-BAG samples 

compared to other samples. All doped samples showed highly proliferative stage of osteoblast 

and osteoclast cells (progenitor cells) along with foci of calcification. 
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5.2.8 Fluorochrome labeling study 

 

Fig. 29 shows images of samples after oxytetracycline marking, where golden yellow 

florescence represents new bone and dark sea green indicates matured old bone. After 2 

months, BAG scaffolds depicted double tone golden yellow fluorescence in a narrow zone in 

the defect site and the host bone looked dark sea green homogenous color. Relatively, better 

intensity of new bone formation (golden yellow fluorescence) was observed in S-BAG and LS-

BAG at this time point.  L-BAG at this time point also showed more new bone formation as 

compared to pure sample. At 4 months, all the samples depicted more new bone formation as 

compared to 2 month. However, distinct new bone formation was exhibited in all doped 

bioactive glass implants. LS-BAG implanted bone showed wide regions of golden yellow 

fluorescence (new bone formation) indicating rapid bone regeneration. S-BAG bone samples 

showed scattered and multiple regions new bone formation in defect area demonstrating their 

effectiveness in bone regeneration. Based on the calculation, percentage of bone formation 

through fluorochrome labeling images at two time point of 2 and 4 months have been done and 

is given in Table 10. 
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Fig. 29: Fluorochrome labelling study (after oxytetracycline markings) taken after 2 and 4 

months post-operatively implanted with (a) BAG, (b) S-BAG, (c) L-BAG and (d) LS-BAG. 

Table 10: Percentage of bone formation through fluorochrome labelling images at two time 

point of 2 and 4 months 

Treatment 2 months 4 months 

BAG 32.47 ± 0.439bA 48.29 ± 0.541bB 

BAG-Sr 23.663 ± 0.513aA 45.432 ± 0.573aB 

BAG-Li 39.459 ± 0.562cA 51.466 ± 0.584cB 

BAG-Sr+Li 47.459 ± 0.513dA 54.897 ± 0.588dB 

a, b, c, d means with different superscripts within a column differs significantly among the 

treatment (p< 0.01). 

A, B mean with different superscript within a row differs significantly between the month of 

sample within a treatment (p< 0.001). 

 

5.2.9 Scanning electron microscopic (SEM) study  

 

Figs. 30 shows microstructural study of bone implant interface using SEM at two time point of 

2 months (Figs. 30a-d) and 4 months (Figs. 30e-h). Effect of lithium and strontium could be 

established in SEM images and compared with the micro CT images. In all samples, with time, 

both soft and hard tissue got matured. L-BAG samples had a clear influence on soft tissue 

interaction with the sample (Figs. 30b, f). Collagenous network was prevalent in case of L-

BAG while S-BAG samples (Figs. 30c, g) showed more of matured osteoblastic tissues 

opposed to the surface of the sample. LS-BAG on the other hand showed (Figs. 30d, h) both 
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collagenous network and mature bone tissues, which was not only covered the surface but also 

had invaded the porous network structure of the implant. Interestingly, BAG samples after 4 

months showed matured osteoblastic tissues (Fig. 30e), but there was also sporadic presence 

of RBCs on the surface of samples. Interfacial gap between the implanted samples and the 

surrounding bone was found more in case of BAG than the other samples. Bony networks could 

be seen for BAG but no collagenous microstructure. Interfacial gap was absent in case of L-

BAG and LS-BAG after 4 months but like the BAG samples, S-BAG also revealed slight 

interfacial gap after 2 months which however completely absent after 4 months. Granular 

nature of the porous scaffolds revealed before animal experimentation were absent when 

implanted. There were not any loose or unreacted glass particles after animal study.  

 

 

Fig. 30: SEM images of bone-material (BAG, L-BAG, S-BAG and LS-BAG) interface taken 

after 2 months (a-d) and 4 months (e-h) post-operatively respectively. 

 

Earlier in vitro and in vivo studies on porous bioactive glass scaffolds demonstrated their 

potentiality towards bone tissue engineering due to inherent osteoconductive and osteogenic 

properties [182, 183]. Further improvement in biological properties of these scaffolds can be 

achieved via incorporation of suitable dopants that positively affect osteoblast activities thereby 
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enable early new bone formation [76]. Amalgamation of trace metallic elements into tissue 

engineering constructs offer low cost, longer shelf life with low regulatory burden and low risk 

as compared to biologics. Due to these added benefits, delivery of trace metallic element as 

biological agents is getting considerable attention in tissue engineering and regenerative 

medicine applications [184-186]. To achieve toward this goal of improving the performance of 

bioactive glasses, a simpler method was identified to develop lithium and strontium doped glass 

and to investigate the mechanism of how these next-generation biomaterials can enhance both 

osteogenesis and angiogenesis for faster patient healing times and high surgical success rates. 

 

Li+ is new additive ion of interest that brought attention due to its imminent role in 

osteogenesis. In a very recent study, Miguez-Pacheco et al. has shown that substitution of Na 

by different % of Li in 45S5 bioactive glasses cause decrease in Tg and Tm favoring sintering 

by viscous flow [187] which also consolidates our present finding in case of L-BAG. However, 

we have also completed cell viability and proliferation studies to further strengthen its potential 

application. In another study, it has been reported that 75 patients treated with lithium were 

found to exhibit significantly greater bone mass in several areas compared to 75 normal 

participants [188]. Similarly, strontium (Sr2+), a non-essential element accounts for 0.035% of 

the calcium content in our skeleton system and has been shown to boost bone regeneration 

when incorporated into synthetic bone grafts [189].  

 

Li+ doping in bioactive glasses may inhibit GSK3, a negative regulator of the Wnt signaling 

pathway [190]. Moreover, it activates β-catenin-mediated T cell factor (TCF)-dependent 

transcription during bone and cartilage fracture healing [191]. Similarly, Sr2+enhances 

osteoclast apoptosis, increases pre-osteoblastic cell proliferation and collagen synthesis and 

thus decreases bone resorption and preserve bone formation[192, 193]. In our study, 
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radiological study revealed gradual replacement of scaffold with new bone after 2 months in 

all doped samples. Histological study revealed highly proliferative stage of osteoblast and 

osteoclast cells (progenitor cells) along with angio-proliferation component of bony tissue in 

doped samples compared to pure samples. This is presumably due to possible role of Sr and Li 

addition in bioactive glass. Sr2+ plays a vital role in overall bone turnover through early 

differentiation of osteoblast that helps in early expression of cbfa1 gene, indispensable for 

osteoblast differentiation [194]. Sr can also stimulate the calcium sensing receptor and other 

equivalent signaling pathways to induce early osteoblast differentiation [192]. The Wnt 

signaling pathway is one of the most key signal cascades in bone formation and remodeling 

process [195, 196]. A direct link between BMP production and an activated Wnt signaling 

pathway in osteoblasts has been observed [197, 198]. The activation of β-catenin signaling by 

Li+ shows its paramount role for fracture healing [191]. Higher osteoblastic activity and 

lamellar bone formation are prominent in binary Sr-Li doped bioactive glass which is due to 

combining effects of both dopants on bone formation processes of resorption and mineral 

aggregation.  

 

Fluorochrome labeling using tetracycline marker is an indicator for the new bone formation, 

bone mineralization and remodeling [199]. These stains when incorporated will directly bind 

to areas undergoing calcification at the bone/osteoid (unmineralized bone) interface. After 

administration, tetracycline generally follows ionized calcium and deposited to the areas of 

mineralized tissue [200, 201]. The labeled new bone and old bone emit bright golden-yellow 

and dark-sea green fluorescence respectively when observed under UV light. The method 

provides practical information in assessing the amount of new bone formation and bone healing 

[202]. In this study, at 2 month time point, the process of new bone formation was moderate in 

pure bioactive glass and relatively high in all three doped samples. In general, the activity of 
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new bone formation was increased in all samples after 4 months. This may be due to the 

significant effects of single or binary dopants which may in turn help in cellular proliferation 

and osteoblastic activity. Previous studies established that Sr can influence cellular activities 

via the membrane bound calcium sensing receptor, both in osteoblasts and in cells of the 

osteoclasts lineage [88, 203, 204]. Moreover, Sr may enhance the ability of MSCs as well as 

pre-osteoblasts proliferation and differentiation into bone-forming osteoblasts [205], through 

Wnt/b-catenin pathway by activating mitogenic signaling [206]. In a similar study using Sr 

doped HAp-based bioactive glasses implants, the sequential polychrome labeling of bone 

during in vivo osseointegration confirmed homogeneous bone formation around the test 

implants [207]. 

 

SEM examination revealed both collagenous network and mature bone tissues in L-BAG while 

S-BAG samples showed more of matured osteoblastic tissues apposed to the surface of the 

sample.  Interfacial gap between the implanted samples and the surrounding bone was found 

more in pure BAG than the doped other samples. Bony networks could be seen for pure BAG 

but no collagenous microstructure could be noticed, which is an indirect estimation of poorer 

bone quality in case of BAG than the other samples. Interestingly, sporadic presence of RBCs 

on the surface of samples indicating the healing was still continuing. Sr controls key proteolytic 

enzymes, matrix metalloproteinase-2 (MMP-2) and matrix metalloproteinase-9 (MMP-9) 

along with osteoprotegrin (OPG) and receptor activator of nuclear factor κ-β ligand (RANKL) 

that is produced by osteoblast cells and are key signaling mechanisms of osteoclast formation 

and its resorptive activity[208, 209]. The combining effect of Sr enhances overall bone turn 

over by reduced osteoclastic resorption and an enhanced osteoblastic activity.  
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Micro CT in scaffold research has enabled accurate morphological studies to be carried out, 

yielding comprehensive data sets [210, 211]. It also opened a new paradigm for investigations 

in tissue engineering [212]. Micro CT thus performed to understand the degree of vascularity 

as well as the interaction of soft and hard tissue with the material when implanted. In the present 

study, mature bone tissue as well as blood vessels engulfed the implant which indicates good 

vascularisation. In a comparison LS-BAG samples showed highest degree of tissue 

impregnation and vascularity among the four compositions probably due to the synergistic 

effect of lithium and strontium in particular. After 2 months, serial sectional images of L-BAG 

indicated that tissue invasion was more pronounced than in the central part of the implant than 

the periphery with a clear interfacial gap with the surrounding tissue. Grey scale values were 

found to be in between of cortical and cancellous tissues after 2 months which indicates that 

the implant was in the process of resorption. But the degree of resorption was higher in case of 

L-BAG than the BAG alone. S-BAG samples had clearly shown its efficacy expressed towards 

conversion to more of cortical tissue than the cancellous one. LS-BAG samples after 2 months 

showed close resemblance of the cancellous tissue on the periphery and cortical tissue in the 

inside of implanted samples. BAG samples only showed some interfacial gap which was absent 

for all doped samples. In a similar study, the bone regeneration ability of different bioactive 

glass particles has been observed in rabbit model [213, 214]. 
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5.3. Calcium phosphate and bioactive glass coating on Magnesium alloy 

 

5.3.1. Material characterization 

 

5.3.1.1. Substrate characterization 

 

SEM of bare substrate (BM) exhibited typical ground surface caused by mechanical grinding 

[Fig. 32A-a] having EDX [Figs. 32A-c and e] and XRF (not shown) confirming alloying 

materials Mg, Zn and Ca with impurities (like SiO2, Al2O3, SrO etc.). XRD [Fig. 31A-a] of 

BM indicated crystalline phase-pure magnesium, matched with JCPDS PDF #00-035-0821, 

while FTIR [Fig. 31B-a] supported the presence H2O and Mg-O as a result of environmental 

corrosion. 

 

 

Fig. 31: (A)XRD pattern and (B) FTIR spectra of (a) BM, (b) HAp granules fired at 1250 oC, 

(c) bioactive glass, (d) BMH (• HAp phase) and (e) BMG. 
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Fig. 32: (A) Top surface FESEM [(a), (b) and (d) for BM, BMH and BMG respectively] and 

interface FESEM-EDAX [(c) and (e) for BMH and BMG ]; (B) Scratch profile of (a) BMH 

and (b) BMG [Inset: optical microscope image of surface]; and (C) Tafel plot recorded during 

corrosion testing in contact with SBF for (a) BM, (b) BMH and (c) BMG samples. 

 

5.3.1.2. Powder characterization 

 

XRD of graded/ sieved (80-120 μm) HAp and bioactive glass powders confirmed crystalline 

hydroxyapatite phase [Fig. 31A-b] and amorphous glassy phase [Fig. 31A-c] from 

characteristic peaks [2Ɵ values 31.7o, 32.2o and 32.9o corresponding to (211), (112) and (300) 

planes and matched with JCPDS PDF# 00-009-0432] and amorphous hump respectively. FTIR 

spectra [Fig. 31B-b] showed peaks related to vibrational and stretching of phosphate groups 

(603, 962 and 1093 cm-1) and apatite –OH group (3572 cm-1) supporting phase-purity of 

hydroxyapatite along with peaks corresponding to carbonate group (1640 cm-1) as well. FTIR 
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of bioactive glass sample [Fig. 31B-c] showed peaks at 1023 cm-1(stretching) and 455 cm-

1(bending) corresponding to Si-O-Si vibrations and that at 872 cm-1 corresponds to O-Si-O 

stretching. A broad absorption peak at 3426 cm-1 corresponds to intermolecular hydrogen 

bonded OH whereas presence of molecular water is also evident by sharp peak at 1645 cm-1 

and 2924 cm-1and impurities like ionic nitrates at 1463 cm-1. Final composition of bioactive 

glass used for plasma spray coating was (approx. by wt.): 53% SiO2, 23% Na2O, 20% CaO and 

4% P2O5. 

 

5.3.1.3. Coating characterization 

 

Figs. 31A-d and 31A-e shows the XRD of coated surface of BMH and BMG samples 

respectively. BMH samples showed phase mixture of HAp and Mg (73% and 27% respectively 

calculated from Reitveld analysis). Percentage of crystallinity (calculated by Landi’s et al. 

method [215]) and average crystallite size (calculated by Scherrer’s method[215]) of HAp 

phase is  found to be about 74% and 19 nm respectively. Coating coverage was better in case 

of BMG compared to other samples with no formation of crystalline/ other amorphous phase. 

Amorphicity of S53P4 was increased after plasma spray process which is reflected by lower 

intensity of XRD pattern.  

 

Figs. 31B-d and 31B-e show FTIR spectra of BMH and BMG respectively. Wider peaks in 

comparison with spectra of the HAp powder were found in case of BMH samples. Decrease in 

the crystallinity of BMH (as seen in XRD) has also been reflected in FTIR. No characteristic 

peaks were found due to carbonate bond as that of base HAp powder. Broadening of peaks at 

560, 603 and 1049 cm-1 and decrease in intensity at 3752 and 632 cm-1can be observed in case 
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of BMH samples. Peak broadening (at 472, 1024 and 1600 cm-1) can be seen in case of BMG 

sample also after plasma spray coating.  

 

Figs. 32A-b & c and 32A-d & e show FESEM microstructures of top surface and coating 

interfaces of plasma sprayed BMH and BMG, respectively. Layer-wise fish scale like 

morphology of melted and deformed splat can be seen near vicinity of substrate, whereas 

globular shaped splat along with some porosity (~ 1-10 μm) was also found around outside/ 

periphery of BMH samples together with some unmelted particles. Dimensions of pores for 

BMG was slightly higher (15-30 μm) with layer-wise globular shaped unmelted/ unreacted 

particles. The thickness of the coating was found to be 50-60 μm for BMH and 90-100 μm for 

BMG samples. There was sharp decrease in the Mg concentration which can be seen from the 

EDAX line scan at across the interface, Figs. 32A-c and 32A-e. 

 

Load-displacement plot obtained after scratch test on BMH and BMG are shown in Figs. 32B-

a and 32B-b, respectively; corresponding optical microscope images of the scratch are also 

provided. From these results, the delamination load was found to be 7.2 N at 3.8 mm for BMH, 

whereas in the case of BMG it was 24.84 N at 4.8 mm. 

 

5.3.1.4. Electrochemical properties: 

 

Potentiodynamic polarization curves for BM, BMH and BMG samples are shown in Figs. 32C-

a, b and c respectively. Corresponding data of corrosion potential (Ecorr) and corrosion current 

density (icorr) were evaluated from the curves. For BM, BMH and BMG, Ecorr (mV) values were 

-1540, -1420 and -296, respectively with corresponding Icorr (µA) values as 250, 297 and 68, 

respectively. The decrease in the Ecorr of BMH and BMG clearly indicate that both coatings 
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have relatively better resistance to corrosion initiation than BM. However, the corrosion rate 

appears to be lowest for BMG due to their lowest Icorr.  

 

5.3.1.5. SBF immersion test: 

 

Figs. 3A-a and b, 3B-a and b and 3C-a and b show the XRD pattern after 7 and 14 days of SBF 

immersion study of the BM, BMH and BMG samples, respectively. After 7 days of immersion, 

the XRD of BM showed11% HAp (JCPDS PDF #00-19-0272) along with 89% Mg (JCPDS 

PDF #00-035-0821). Mg phase was found to increase up to 92.7%after day 14 confirming 

corrosion on the surface. XRD of BM samples also showed decrease in HAp phase crystallinity 

(11% to 7.3%) as well as average crystallite size (83 nm to 33nm) after day 14. Both BMH and 

BMG samples showed the formation of hydroxyapatite (JCPDS PDF #01-086-1201) and 

calcium phosphate hydroxide (JCPDS PDF #01-083-1887) along with Mg(OH)2(JCPDS PDF 

#01-076-0667 and #00-044-1482 respectively). Percentage of phases in case of BMH samples 

was calculated using X’pert pro software and was found to be 7.5% (hydroxyapatite with 

average crystallite size 11 nm) and 92.5% (magnesium hydroxide). XRD taken after 14 days 

showed decrease in percentage (7.5% to 4.5%) of hydroxyapatite phase (with average 

crystallite size 4.7 nm). However, in case of BMG samples, Ca-P phase was found to increase 

from day 7 (31.3%) to day 14 (67.3%) along with average crystallite size of hydroxyapatite 

(9.3 nm to 11 nm). 

 

FTIR spectra of BM, BMH and BMG samples after day 7 and 14 of SBF immersion study as 

shown in Figs. 33A-c and d, 33B-c and d and 33C-c and d supported XRD findings. BM 

samples showed peaks related to carbonated apatite at 563, 872, 1054, 1468 and 3435 cm-1. 

Based on FTIR result, after SBF study of BM samples, the layer obtained contains phosphates 
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and carbonates. A sharp P-O bending mode doublet at 592 cm-1 is suggestive of hydroxyapatite 

[216]. However, decrease in C-O and P-O peak intensity supports the decrease in crystallinity 

as stated in XRD. BMH and BMG samples, on the other hand, showed fingerprints of apatite 

phase (563, 872, 1042, 1166, 1424, 1640, 2924 and 3700 cm-1 in case of BMH samples and 

872, 1042, 1468, 1640, 2924 and 3696 cm-1 in case of BMG samples) along with indication of 

Mg-O bonding at 450 to 500 cm-1 wavenumbers. A detailed band interpretation is given in 

Table 11. BMG samples showed more apatite formation than BMH samples after SBF 

immersion study. 

 

 

Fig. 33: XRD pattern and FTIR spectra of the samples after 7 and 14 days of SBF test; (A) for 

BM, (B) for BMH and (C) BMG; (a) & (b) are XRDs and (c) & (d) are FTIRs after 7 and 14 

days respectively; [• HAp phase and ■ Mg phase]. 

 

 

 



  

126 | P a g e  

 

Table 11: FTIR peak analysis after SBF immersion study 

 BM (cm-1) BMH (cm-1) BMG (cm-1) 

 Day 7 Day 14 Day 7 Day 14 Day 7 Day 14 

Mg-O 424 420 424 424 424 424 

P-O   563 563   

P-O 585 592     

C-O/ HPO4
3- 872 879 872 872  872 

P-O   1042  1042 1042 

P-O 1054   1054   

P-O  1166 1166 1166 1166 1166 

C-O  1424 1424 1424   

C-O 1468 1476   1468 1468 

H-O-H 1640 1640 1640 1640 1640 1640 

Absorbed H2O 2851  2851 2851 2851 2851 

Absorbed H2O 2924  2924 2924 2924 2924 

H-O-H 3435 3426 3427 3427 3427 3427 

O-H 3700 3694 3700 3700 3700 3696 

 

After SBF immersion for 14 days, top surface of bare and coated Mg-alloy substrates was found 

to have different morphologies due to interaction with SBF. BM samples showed (Fig. 34A-a) 

flowerlike apatite deposition, primarily composed of needle shaped crystals covering the entire 
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surface. BMH samples (Fig. 34A-b) exhibited globular apatite microstructure composed of fine 

interconnected flakes with pores (0.1-1.5 μm). There was layer-wise apatite formation and 

when observed at higher magnification the precipitates revealed flake-like crystals with small 

pores in case of BMG (0.5-1.5 μm) (Fig. 34A-c and the inset) and the morphology was found 

to be denser and closely packed than others. 

 

 

Fig. 34: (A) FESEM microstructures after 14 days of SBF study; change of (B) pH, (C) weight 

and (D) magnesium, calcium & phosphate ion concentration of supernatant of different samples 
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at day 0, 7 and 14; (a) is for BM, (b) is for BMH and (c) is for BMG; ‘1’, ‘2’, ‘3’ stands for 

three samples of same type. 

pH of supernatant solution collected from BM, BMH and BMG samples increased with time 

(Fig. 34B-a, b and c) with differing increased rates. Though, after initial 7 days, the increase in 

the pH was higher for BMH samples while that of BMG samples was found to be higher after 

day 14. Qualitatively, the change in the weight of the samples (Fig. 34C-a, b and c) was found 

to be directly proportional to the formation of apatite on these surfaces. Negligible weight 

change of BM samples (Fig. 34C-a) indicates its inability towards apatite formation, whereas 

the weight grain of BMH (Fig. 34C-b) (average increase after 7 day was ~ 3.4% and after 14 

day it was ~ 12.9%) and BMG (Fig. 34C-c) (average increase in weight after 7 day was ~ 8.7%, 

after 14 days this was ~ 27.2%) demonstrates their apatite precipitation ability. The changes in 

the ion concentration of supernatant with immersion time is another way of correlating 

bioactivity (w.r.t. apatite formation) as well as corrosion (Fig. 34D-a, b and c). BM showed 

increase of Mg-ion concentration with time, whereas the solution of BMH samples showed 

initial increase of Mg-ions up to day 7 but the rate was decreased at day 14. In case of BMG 

samples, however, Mg ion was found to be decreased after day 7 to 14. Calcium ion 

concentration was decreased in case of BM and BMH after day 7 and 14, but the same increased 

in BMG after day 7 and eventually deceased at day 14. Supernatant corresponding to BMH 

and BMG showed lower concentration of phosphates which support higher bioactivity (w.r.t. 

apatite formation) of the samples. 
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5.3.1.6. In vitro biocompatibility assessments 

 

MTT and alamar blue assays were conducted to assess the cytotoxicity of present samples. 

Both results showed that these implants are non-toxic and provide favourable surfaces for 

cellular proliferation. MG-63 cell viability, cell proliferation and ALP expression on BM, BMH 

and BMG samples were measured on days 5, 7, 14 and 21 days. Maximum cell viability 

(**p<0.01, ***p<0.001), proliferation (*p<0.05***p<0.001) and ALP expression 

(**p<0.01,***p<0.001) were recorded for BMH after 21 days of cell culture as shown in Figs. 

6A, B and C respectively. Calcium (Ca2+) deposition, on the other hand, measured on day 14 

and 21days (Fig. 6D) showed maximum for BMH again after 21 days of cell culture (**p<0.01, 

***p<0.001). 

5.3.1.7. Cell morphology 

 

Laser confocal helped to examine the cell morphology and spreading of cells on samples. Cell 

morphology on BM, BMH and BMG are presented in Figs.35E-a, b and c. Maximum number 

of cells present in BMH as compared to other compositions. Actin covers total surface of this 

sample and formed neo matrix which penetrated to sample as well. The actin filaments were 

stained with Alexa Fluor® 488 (green), nuclei with Hoechst 33342 (blue) and finally examined 

under confocal at 20X.  
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Fig. 35: MG-63 (A) Cell viability, (B) proliferation, (C) ALP expression and (D) 

mineralization assay of different samples; (E) cell morphology (by confocal laser microscopy) 

of (a) BM, (b) BMH and (c) BMG samples. 

The cell growth upon different layers of 3D constructs was observed by Z-scanning during 

confocal microscopy and finally image was taken by merging the different layers. The image 

depicted abundance and homogeneously dispersed actin filaments on BMH and BMG implants 

compared to BM. BMH samples showed presence of abundance cells followed by BMG. 

However, actin sharing was meagre and secluded for BM to just around the cell nuclei. 

 

mRNA expression of representative bone-associated genes, such as osteopontin (OPN), 

collagen I, osteocalcin (OCN) and Runx2 helps to investigate the osteogenic efficacy of 

different implants. Fig. 36 shows the comparison of the gene expression of cells on various 

implants after 21 days of culture. BMH and BMG samples exhibited relatively higher levels of 
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genes compared to BM samples. However, substantial difference in gene expression between 

BMH and BMG after 2 weeks of study was not observed.  

 

 

Fig. 36: Relative gene expressions (normalized by reference gene GAPDH) w.r.t. (A)OPN, (B) 

OCN, (C) Runx2 and (D) COLI expression of different samples. 
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5.3.1.8. In vivo studies 

 

5.3.1.8.1. Bone histology 

 

Fig. 37A(a-c) shows histological picture of implanted bone at 2 months. As shown in Fig. 

37A(a), BM implanted bone section depicted a well-developed bony matrix with sufficient 

number of Haversiancanal, bony lacunae and few osteoclasts. Medullary portion was less 

avascular and occupied by few osteoclasts, osteocytes and scanty amount of mucin. 

Accumulation of osteocyte was prominent in cortical area. Angiogenesis towards medullary 

region was lesser in amount [Fig.37A(a)]. Bony section of BMH implant depicted bony 

lamellae characterized by well-developed Haversian system, canaliculi and resorption of bone 

in pericortical areas. Medullary region was occupied by RBC, scanty amount of mucin, few 

osteoblasts and numerous osteocytes. Bony lacunae in some places were invaded by few 

osteoclast cells. Angiogenesis was prominent in medullary portion although fibro-

vascularization was sufficient in cortical mass [Fig. 37A(b)]. Fig. 37A(c) shows histological 

images of BMG implanted bone section. Section depicted presence of abundant osteocytes, 

osteoclasts and osteoblast. Fibro-vascularisation was prominent in cortical area and 

perimedular area. Medullary cavity had adipose tissue, few RBC, moderate amount of mucin 

and osteoblast cell. Angiogenesis was fewer in cortical area than in medullary area [Fig. 

37A(c)]. 
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Fig. 37: (A) Histology [(i) Haversian canal, (ii) Osteoblasts, (iii) Osteoclasts] (B) 

Fluorochromelabelling [Blue arrow - new bone formation; Red arrow- old bone] and (C) SEM 

images of implanted bone samples after 2 months [(a) for BM, (b) for BMH and (c) for BMG]. 

5.3.1.8.2. Radiology 

 

Fig. 38A shows sequential radiology of different implants in distal metaphysis of femur bone 

in rabbit model. In BM implant, day ‘0’ (day of implantation) radiographs showed a radio dense 

circular material placed in metaphysis of the distal femur. After 1 month, the material radio 

density was reduced in comparison to earlier time point. A negligible impression of implant 

was found after 2 months indicating maximum degradation of material vis-à-vis moderate 

osseous growth in the defect site. Radiodensity of material and bone is comparable [Fig.38A(a-

c)]. In BMH implant, “0” day radiograph showed radio-opaque material in the distal femoral 
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bone defect. By the end of 1 month, implant was visible in the defect region with comparable 

radiodensity of host bone although there was a distinct radiolucent gap between bone and 

implant. At 2 months, implant was visible with similar radio density of host bone but there was 

reduction in diameter of implant indicating degradation was under process. Radiolucent gap 

between implant and bone was reduced indicating new osseous tissue formation from the host 

bone [Fig. 38A (d-f)]. In BMG implant, “0” day radiograph showed presence of radiopaque 

implant in created defect of distal metaphysis of femur bone extending upto opposite cortex of 

bone. At 1 month, implant was visible with comparable radiodensity of host bone. Implant 

within the bone was under process of degradation as observed by reducing diameter of implant. 

Radiolucent gap in between implant and bone is negligible. The implant at 2 months showed 

moderate degradation as observed with loss of round shape of diameter within bony cavity. 

Radiodensity of implant is approaching to bone density and new bony tissue ingrowths over 

the defect area [Fig. 38A (g-i)]. 

 

 

Fig. 38: (A) Radiographs of BM (a-c), BMH (d-f) and BMG (g-i) implanted bone immediately 

after implantation (day ‘0’), 1 month and 2 months post-surgery; (B) Histological images of 
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heart (j-l), kidney (m-o) and liver (p-r) of BM, BMH and BMG implanted at 2 months post-

surgery. 

5.3.1.8.3. Fluorochrome labelling study  

 

Golden yellow florescence in the section depicted new osseous tissue formation whereas dark 

sea green colour designates host bone. In the BM implant sample set 2 months showed new 

bone formation mainly at centre part and partially in edges, as pointed out by the presence of 

golden yellow fluorescence (Fig. 37B). New bone formation was nearly 23% in defect area. In 

BMH implant group depicted ample new osseous (~ 37%) in contrast to the other two groups. 

Although golden yellow fluorescence was mostly limited to peripheral side, a wide deep area 

of new bone formation was observed. Along this deep zone of golden fluorescence, a 

narrowband of fluorescence throughout the length was also observed nearly to the central part 

of section indicating bone formation both in central as well as in peripheral zone. In BMG 

implant group, new bone formation was nearly 29%, mostly in periphery. The new osseous 

tissue was measured using ImageJ software. The golden color pixels were calculated and 

changed to percentage taking data from three images each. 

 

5.3.1.8.4. SEM of bone-implant interface 

 

Scanning electron microscopy of bone-implant interface of BM, BMH and BMG samples are 

given in [Fig. 37C]. It was found that BMH showed best bone apposition in due course of time 

with little or no interfacial gap, while BMG had also shown similar trend, but due to its 

conversion of apatite like layer, metal surface was found to be covered by apatite like layer 

with an apposition of bony soft tissue at interface. On the other hand, BM was found to be 
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replaced with associated interfacial bone with time, which is quite obvious for this alloy. 

Matured bony tissues were noticed in case of BMH with time. 

 

5.3.1.8.5. Toxicity study of vital organs 

 

Heart: Fig. 38B(a-c) shows histological section at 2 months of implantation. Architectural 

detail of BM implanted heart myofibril retained its vitality with all processes including nuclear 

prominence, intact cytoplasm and fibrovascular network. Vascularisation of total structure was 

quite normal. Cellular details and infiltrating cells were within normal limit [Fig. 38B(a)]. In 

BMH implant group, section depicted almost normal structure of myocardial tissue 

characterized by well nuclear detail, cytoplasmic organelles and regularly arranged fibres. 

Mononuclear cells were predominant in some places without involving edema or other 

exudation [Fig. 38B(b)]. In BMG implant group, section depicted a normal architectural pattern 

of cardiac tissue without any presence of infiltrating cells [Fig. 38B(c)]. 

 

Kidney: In case of BM implant, kidney section depicted normal glomerular tufts, tubular 

architecture and well-maintained collecting ducts. Peri-glomerular spaces showed normal 

architectural detail with mild infiltrating cells. Few tubular lining epitheliums showed 

degeneration to some degree but within normal limit [Fig. 38B(d)]. Renal architecture of BMH 

implant was quite normal with glomerular tufts formation and different intact renal tubules. 

Oozing of RBCs in intertubular spaces was seen focally and some tubular epithelium showed 

necrosis and infiltration with mononuclear cells [Fig. 38B(e)]. In BMG implant, section 

showed normal architecture of kidney with glomerular tufts formation and different intact renal 

tubules [Fig. 38B(f)]. 
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Liver: Section of BM implanted liver depicted normal limits of hepatocytes. Some portion of 

total portal triads showed few infiltration and RBC extravasations. Few hepatocytes showed 

focal changes with mild necrosis [Fig. 38B(g)]. In BMH, section depicted normal hepatic 

architectural detail characterized by well-formed hepatocytes, portal triads and well-made 

globules. Infiltration of mononuclear cells and von Kupffer cells were within normal limit [Fig. 

38B(h)]. In BMG implant group, hepatic parenchyma showed presence of RBC, mononuclear 

cell, well-formed central veins and few von Kupffer cells [Fig. 3B(i)]. 

 

5.3.1.8.6. In vivo immune response 

 

TNF-α, IL-2 and IL-6 expression at 1, 2, 4 and 8 weeks showed that at 1st week, inflammatory 

response due to materials increased maximally followed by a gradual fall at 2nd, 3rd, 4th and 

finally at the end of 8th week where the immuno-reactivity of implanted animals returned to 

its baseline as compared to control (normal healthy) animals [Fig. 39(A-C)]. 

 

Fig. 39: Expressions of (A) TNF-α, (B) IL-2 and (C) IL-6 at 1, 2, 4 and 8 weeks for different 

samples with the reference of control (normal healthy animals). 

Magnesium ion has diverse roles in numerous biological functions for instance in bone 

metabolism. The bivalent magnesium ions helps the formation of biological apatite as well as 

has stimulatory effect on the growth of marrow cells [217]. It was also reported that adding 
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magnesium helps in bone metabolism whereas, deficiency leads to lowered bone escalation 

and amplified bone resorption [218]. Faster degradation of Mg implant was observed within 

the bony environment especially in cancellous part of bone than cortical part [107]. Due to 

rapid degradation of bare Mg-based implants, attempts are to be made to trigger the mechanical 

integrity irrespective of the implantation site. Surface coating of Mg-based implant has obvious 

advantages of gradual degradation over a period of time along with superior  corrosion 

consistency enabling  the strength decay [219]. 

 

Mg-alloy mimics comparable elastic modulus and mechanical strength as cortical bone leading 

to bone regeneration [220]. In physiological environment, Mg-alloy decays in contact with 

water (body fluid) as shown below. Degradation of Mg-alloy in body fluids produces 

Mg2+cations which are efficiently excreted by kidneys and eliminate them naturally through 

urine [221]. 

 

Mg(s) + 2H2O(l) → Mg2+ + 2OH- + H2(g) 

 

Mg2+ + 2OH- Mg(OH)2(s) 

 

However, Mg and its alloys often retain their strength under physiological environment up to 

6-8 weeks [222]. Their rapid degradation is a serious concern for degradable implant 

application. Therefore, several surface modification approaches have been attempted by 

different groups [223]. Surface modification not only ensures longer-time mechanical integrity 

by providing resistance against corrosion in biological fluids, but also improves bioactivity of 

these alloys depending on the type of coating material. Increasing mechanical integrity is 

essential as well as biodegradability of Mg as it can act as an advantage in temporary fracture 
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fixation devices.  This could alleviate the necessity of second surgical operation for removal of 

implant vis-à-visreduce the hospital cost as well as obvious surgical complications [221]. 

Among the various surface modification techniques, plasma spraying technique helps in 

chemical control, bio-corrosion resistance, as well as reduced substrate fatigue resistance 

[224].Further, plasma spraying process enhanced surface properties and biocompatibility 

keeping excellent bulk properties unchanged. In particular, the technique have many 

advantages in biomedical application like exceptional film chemistry, sole substrates coating 

with superior adhesion, conformal and pin-hole free films and outstanding infiltration[225]. 

Hygroscopicity of substrates decrease many-fold after plasma spray coating, making the 

technique appropriate for coating corrosive materials like Mg-alloy.   

 

Bioactive inorganic coatings, such as HAp and bioactive glass (BAG) on Mg/Mg-alloy can 

control corrosion and enhance bioactivity while providing a balance between time-dependant 

degradation and mechanical integrity [223, 226]. In the present investigation, plasma spraying 

was chosen in order to get a firm adhesion/ layer-wise formation of coating with porosity which 

would act as nucleation site for apatite formation and help different cell functions, ultimately 

increasing the biocompatibility of the sample. For the first time, plasma spray method using 

bioactive glass material has been employed for Mg-alloy. However, in plasma spray process 

using HAp, powders experience high flame temperature, which causes evaporation of water 

(trapped within pores or part of the HAp lattice structure), resulting decrease in crystallinity 

(Fig. 31A-d) and low adhesion strength (Fig. 32B-a) [227, 228]. Amorphous BAG powders 

showed firm apposition with the substrate surface after plasma spray coating [which reflected 

in better adhesions strength (Fig. 32B-b)] without any trace of magnesium phase in XRD (Fig. 

31A-e). Microstructure of BMH showed melted and deformed splat in the inner side (nearer to 

the substrate surface) whereas globular shaped splat at the periphery of coating surface (Fig. 
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32A-c), which can be attributed to better surface cooling on outer surface as compared to inner 

layers; more cooling led them to more thermodynamically stable shape. Due to its amorphous 

nature, BAG forms less irregular and globular shaped splat on the surface (Fig. 32A-d). Pores 

having size ranging 1-10 μm were seen in case of BMH samples whereas BMG showed 

interconnected pores ranging 15-30 μm. Interface study confirmed presence of pores up to 

layers adjacent to BMH substrate which explains lower delamilation strength as well as 

availability of Mg phase in XRD as an effect of Mg ion migration from substrate, on the other 

hand amorphous BMG showed absence of pores even upto layers adjacent to substrate 

confirming firm layer-wise formation of coating on surface of substrate. Better homogeneity 

and superior coverage of BAG coating (for BMG) ensured increase in resistance towards 

corrosion when immersed in SBF solution showing a very high Ecorr value (-296.246 mV vs. 

SCE) compared to BM (-1540.824 mV vs. SCE) and BMH (-1420.479 mV vs. SCE) samples. 

Lower resistance of BMH was due to surface pores, which act as pitting corrosion sites [229]. 

Corrosion current densities (icorr) of coated and uncoated samples indicated that BMG samples 

exhibited lowest thermodynamic tendency to participate in anodic reaction thus effectively 

improving resistance followed by BMH and BM samples [230]. However, after initial 

corrosion, BMH samples tends to form inactive layer of Mg(OH)2, which reduced surface 

reactivity towards corrosion as stand-alone coating[231]. When immersed in ionic solutions 

consists of chloride (Cl-) ion (SBF), this passive layer converts from Mg(OH)2 to soluble 

MgCl2with time, weakening the surface as well as releasing OH- ions in solution increasing the 

pH (Fig. 34B-b). MgCl2 dissolves easily in SBF and releases Cl-to continue the chain of 

corrosion on surface [232]. 
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Mg(OH)2 +Cl- = MgCl2 + OH- 

MgCl2 = Mg2+ + Cl- 

 

SBF immersion study which also involves corrosion is a very complicated phenomenon where 

ion exchange occurs simultaneously for apatite formation as well as corrosion. When immersed 

in SBF, leaching of ions from substrate to solution occurs initially followed by apatite 

precipitation. Dissolution of calcium ion in case of BMH and BMG control formation of apatite 

phases on surface. Ca2+ions of the coatings and ions from SBF solution underwent reduction 

reaction simultaneously with conversion of Mg to MgCl2 releasing OH-in the solution, which 

increases the pH as well. Essentially, the reaction stages are outlined by following equations: 

 

Mg = Mg2+ + 2e 

2H2O + 2e = H2 + 2OH- 

Mg2+ + 2OH- = Mg(OH)2 

Mg(OH)2 + Cl- = MgCl2 + OH- 

2H2PO4
- + 2e  2H2PO4

2- + H2 

2H2PO4
2- +2e  2PO4

3- + H2 

10Ca2+ + 6PO4
3- + 2OH-  Ca10(PO4)6(OH)2  (BMH) 

5Ca2+ + 3PO4
3- + OH-  Ca5(PO4)3(OH)  (BMG) 

 

Hence, more corrosion leads to higher pH as well as higher Mg2+ concentration after day 7 in 

case of BMH samples where porosities in the coating most probably let SBF penetrate to Mg-

interface which gradually decreases with increasing apatite precipitation up to day 14 with 

increasing final weight as well. Slow increase in pH from day 0 to 7 until day 14 illustrated 

slower corrosion rate of BMG samples. Therefore, formation and crystallization of apatite layer 

retards aggressive corrosion during initial days. High calcium concentration of SBF related to 

BMG samples after day 7 supports leaching of bioactive glass which gradually react with 

phosphates to form apatite layer on surface of sample increasing final weight for this case 
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too[233]. Phase difference of apatite formed might be explained by the existence of different 

ions in solution at different concentrations in accordance with leaching of ions from sample 

[234].However difference in average crystallite size of apatites formed in case of BM, BMH 

and BMG samples can be explained by the fact that more nucleation site decreases the average 

crystallite size. As HAp and BAG coatings are porous, they provide much more nucleation site 

then the uncoated substrate, hence lower average crystallite size which can be seen from XRD 

data. Decrease in average crystallite in case of BM and BMH samples from day 7 to 14 

confirms presence of pores on surface created from corrosion. On the other hand, increase in 

average crystallite size for BMG samples proves better apatite formation on the surface than 

others. Apatite formation and corrosion is schematically represented in Fig. 40, where Ca2+, 

originated from SBF and surface of sample react with H2PO4
- to form insoluble apatite. During 

the process, OH-formed and reacts with leached Mg2+ to form Mg(OH)2, which also 

precipitates on surface increasing resistance of the coating. Depending upon Ca2+ concentration 

in SBF solution, different phases of Ca-P forms. Ca2+concentration difference between 

supernatant of BMH and BMG after day 7 clearly gave an idea why two different apatite phases 

formed for BMH and BMG samples. 
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Fig. 40: Proposed mechanism of corrosion and apatite formation when immersed in SBF. 

 

Cell-material interactions require initial attachment of cells which consecutively can influence 

ensuing cellular and tissue responses [235]. It is reported that the adhesion and viability cells 

depend on the culture setting and material surface features. However, rapid degradation of Mg 

and its alloys leads to constant increase in the pH, which can be detrimental to cell adhesion 

and survival. This can be seen from the in vitro results of BM with least corrosion resistance, 

which due to absence of coating, pH rapidly increases whereas, degradation of bioactive glass 

is more as compared to HAp resulting less attachment, viability and proliferation of cells in the 

order of the BM> BMG>BMH at different time intervals of 5, 7, 14 and 21 days post 

incubation. Further, coated Mg-alloys provide conducive atmosphere for cell connection and 

expansion. Any protective coatings prevents the entry of water and electrolyte [236], leading 

to slower the corrosion of Mg-alloy substrate vis-à-vis diminish the diffusion rate of OH- from 

Mg surface to the medium. . As a result, the rise of pH of solution neighbouring the Mg sample, 

which in turn helps to surface attachment of numerous cells and subsequent proliferation. 

Underlying principle of protective effect is that being a reactive metal, Mg will act in response 

with water, precipitation of Mg(OH)2 on the surface of Mg and consequent release of H2 gas. 
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It is assumed that the accrued Mg(OH)2 layer on Mg prevents dissolution by avoiding mass 

diffusion between Mg and the solution [237]. . Resultant Mg(OH)2 is changed to more soluble 

MgCl2 by Cl−[238], which releases Mg2+ into the solution. Mg2+ release depends upon severity 

of Mg corrosion. Accordingly, in the present study, the release of Mg2+ in cell culture is used 

to judge the defensive effect of the HAp and bioactive glass coating on the Mg substrate. It has 

been observed that there was low release of Mg2+fromHAp and bioactive glass coating over 

the Mg substrate as compared to BM throughout the incubation period leading to less corrosion 

in coated samples. On the other hand, adhesion strength also plays a vital role as corrosion 

resistance [239]. In this study, plasma spray coating has been used for coating of HAp and 

bioactive glass on Mg surface, which helps in slow degradation of Mg. 

 

ALP activity and ARS assay are the important tool to calculate mineralization upon implants. 

The cells resemble an orderly, sheet-like structure when there are considerable levels of 

mineralization. During the entire period of culture, the prerequisite nature of implants includes 

rising ALP activity, intensity of Alizarin Red staining, and stressed actin arrangement of cells 

upon the implants. In the present study, HAp and bioactive glass coated samples shows 

favourable results in comparison to bare Mg-implant. Likewise, images of BMH implant show 

unsystematic deposition of actin-stress fibers together with dense cell colony and to some 

extent on the BMG implant. In general, in vitro analysis illustrates considerable perfection of 

implant properties of HAp and bioactive glass coated samples in relation to biocompatibility, 

cell viability and proliferation, and osteoconductivity. Side by side, BMH implant is a notably 

better choice than BMG implant. In vivo biocompatibility can only be assessed by observing 

nature and magnitude of inflammation of neighbouring soft tissue reaction in presence of any 

foreign material. In the present study, although it is observed lesser vascularization, fibrous 

tissue, and presence of mononuclear cells in the histological figures, neither significant 
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inflammatory reaction is pronounced nor formation of gas cavities around the implantation site 

of bone. This advocates that the implants are well accepted in vivo indicating a promising 

biodegradable implant material.  

 

Radiographic evaluation of implants is a non-invasive technique to assess the position of 

implant during the healing process.  In the in vivo test, radiologically a significantly higher 

degradation of BM was observed as compared to BMH and BMG implant. There was moderate 

osseous growth in defect site in BM, whereas more bone formation was observed in coated 

implants. Enhanced bone formation might be owing to release of Mg ions, because high Mg 

concentration is essential for bone cell activation [240]. Similar experiment with Mg-Ca pins 

in bone defect model shows, better activity of osteoblasts and osteocytes around the 

implant[241]. Moreover, it could be expected that enhanced local pH surrounding the 

implanted area due to gradual corrosion of the Mg alloy provides a favourable environment for 

mineralization [155]. In both coated groups, implants within bone were under the process of 

gradual degradation as observed by reducing diameter of implant and new bony tissue 

ingrowths over defect area. This might be due to gradual degradation of Mg alloy from the 

coated implants. Moreover, during the entire healing process, no gas bubbles are observed, due 

to the gradual release of Mg ions from the coated implants during degradation [240, 241]. The 

radiological findings can be corroborated with the fluorochrome labelling results in the present 

study. Tetracycline, a bone specific marker was used for quantifying the amount of new bone 

formation in the defect area [242]. Tetracycline is deposited in any fracture site during the 

active mineralization process[243]. In the present study, BM implant at 2 months showed bone 

formation mainly at the middle and partially in peripheries, as marked by the presence of golden 

yellow fluorescence. In BMH and BMG implant group, the intensity of golden yellow 

fluorescence was more prominent at the periphery with new a wide deep area of new bone 
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formation. The findings of fluorochrome labelling can also be compared with histological 

results. No noticeable inflammatory effects are observed surrounding the implants indicating 

biocompatible nature of the implants. In bare Mg alloy, histological section depicted a bony 

matrix with abundance Haversian canal, bony lacunae and few osteoclasts along with lesser 

angiogenesis towards medullary region. In BMH, implant showed bony lamellae characterized 

by well-developed Haversian system, canaliculi and resorption of bone in pericortical areas 

signifying presence and delineation of osteogenic cells. In BMG, implant group depicted a 

large number of osteocytes, osteoclasts and osteoblast proliferation. New bone formation 

around the bare Mg implants at 2 months might be due to stimulating effect [240, 244]. At 2 

months, HAp and bioactive glass coated samples depicted more presence of osteoid surface. 

The explanation for this improved osseous tissue regeneration rates adjacent to these coated 

implants are due to osteo- proliferative effect of calcium phosphate and bioactive glass coating 

of Mg implants [240]. As the corrosion of the coated implants happens relatively slowly, the 

corrosion products can be safely eliminated from the body system either through absorption by 

the adjacent tissues or local blood circulation which corroborated the findings of reduced bone 

growth caused by magnesium deficiency [245].  

 

SEM examination during the post-surgical period demonstrates better amalgamation of 

material with the host bone while validating infiltration of osteogenic cells and ultimately 

resulting into evidence of mineralized matrix. There was no visible interfacial gap between the 

bone and implant in BMH group. This might be due to invasion of osteoblasts towards the 

implant structure. For the BMG implant, interfacial gap is more pronounced which might be 

due to slow invasion of osteoblasts. 
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The histology of heart, kidney and liver was carried out to assess whether any changes happen 

in cellular level or not. The results established that no apparent pathological lesions were seen 

after 2 months of experimentation, indicating safe degradation of implants in vivo and will not 

create any detrimental effects.  

 

Immune reactivity of the animals implanted with the materials (BM, BMH and BMG) post-

surgery and normal / control animals (without any implant) was verified by quantifying the 

amount of IL-2, IL-6 and TNF-α cytokine secretion. Study of host-implant inflammatory 

response was monitored for initial 2 months post-surgery and the results showed that at first 2 

weeks, amount of IL-2, IL-6 and TNF-α cytokine secretion were increased preferably because 

of initial host-foreign body reactions but at the end of 8 weeks, it was comparatively decreased 

to its baseline quite similar to control group. Comparing with the positive control group, three 

types of materials showed a varied reactivity, starting from highest response against BM 

implant followed by BMG and BMH implant. In the first two weeks, concentrations of IL-2 , 

IL- 6 and TNF-α were found to be drastically higher than the control animals, likewise, from 4 

weeks upto the end of the experiment (i.e., 8 weeks),secretions of cytokines (IL-2, IL-6 and 

TNF-α) were reasonably decreased down to its normal range. Thus, at the end of 2 months, 

unlike BM, neither BMG nor BMH implant materials showed any kind of marked immune 

reactions post-surgery, in comparison to the control group.  
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6. CONCLUSIONS 

 

• Three parts of our proposed objective has been successfully created and characterized.  

• All parts were found to be bioactive, noncytotoxic, and helpful to the formation of new 

bone at the site. 

• In vivo studies also proved the compatibility of the implants  

 

HAp coated e-glass: 

• For the first time, graded pure HAp could be synthesized and applied to the E-glass 

substrate successfully (coating thickness  5-10 μm). 

• The system was found to be non-cytotoxic as assessed by NIH3T3 and MG-63 MTT 

data. 

• This system has a potential for development of non-metallic craniofacial implants with 

high mechanical strength for benefit of the ailed patients.  

 

Li-Sr doped bioactive glass scaffold: 

• All bioactive glass both doped and undoped showed in vivo new bone formation. 

• Sr and/or Li doped bioactive glass showed acceleration of early-stage bone formation. 

• Sr+Li doped prove to the most effective than the other two compositions. 

• Incorporation of Sr and Li in bioactive glass can effectively enhance early stage in vivo 

osteointegration and bone remodelling. 

 

HAp and bioactive glass coated Mg-alloy material: 

• Degradability could be decreased by coating HAp and bioactive glass. 
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• Early new bone formation and tough bone-implant bonding at interface as compared to 

bare Mg-alloy. 

• HAp coated Mg-alloy implants show better osseointegration than bioactive glass coated 

implanted in respect of in vitro and in vivo analysis 
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7. FUTURE SCOPE 

1. Development of a fracture-fixation plate with optimized design and comprising of HAp 

coated e-glass, thus replacing the age-old concept of metallic plates and screws for the 

same purpose especially cranioplasty application. 

2. Primary human trial of the cases of cranioplasty fracture fixation using HAp coated e-

glass plates and screws. 

3. The new Li-Sr doped bioactive glass material can be of very vital importance for soft 

and hard tissue generation which might be very useful as future wound dressing 

material for both orthopedic and fibroblastic tissue regeneration. 

4. Li-doped bioactive glass material itself might be a new avenue for burn and diabetic 

wound healing, to be used either alone or as composite with other degradable and/ or 

non-degradable polymers. 

5. Conventional magnesium alloy material has an inherent drawback of degradation in 

contact with moisture, thus the new magnesium alloy composition which were also 

coated with HAp and bioactive glass are extremely useful for development of another 

kind of fracture-fixation plates and screws for orthopedic and dental applications.  

6. Primary human trial of such coated Mg-alloy plates and screws for the cases of 

cranioplasty fracture fixation and other applications. 

7. Combination of HAp coated e-glass fibers, used alone or in combination with new 

bioactive glass material as secondary bone-regenerating suspended material, when 

combined in suitable polymer matrix, may give rise to a new implanting component, 

which could be a breakthrough as replacement of existing tailor-made cranioplasty 

implants.  
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Chapter 10
Bioactive Glass-Based Composites 
for Cranioplasty Implants

Arnab Mahato and Biswanath Kundu

Abstract Craniectomy is a very frequently used procedure in modern neurosurgi-
cal practice required secondary to a traumatic skull bone fracture, tumour extraction 
or severe infection. The craniofacial region is a complex zone, comprising bone, 
cartilage, soft tissue, nerves and blood vessels. The bones provide the support and 
protection for other elements, and hence their reconstruction is of a great impor-
tance to restore normal functionalities. The aim of this chapter is to summarise the 
advancement in the eld of bioactive glass composites for the use as a craniofacial 
implant and their studies in surgical challenges. Our discussion broadly covers inno-
vations in material development part and ne-tuning of the composites with struc-
tural and functional improvisations to draw the attention of scientists and researchers 
by summarising recent advancement of craniofacial implants based on composites 
of bioactive glass and their studies in craniofacial surgical challenges along with 
their aftermath. With the vast versatility of bioactive glass composite materials, cur-
rent innovations in implant material development together with structural and func-
tional modi cations are waiting to be explored more and more. First, we have 
discussed the history and evolution of cranioplasty and its requirements in craniofa-
cial surgery including origin, shape and size of the defect and mechanical properties 
of cranial bone. Subsequently, different craniofacial implant materials starting from 
bioactive glass, its composite with polymers, ceramics and other materials have 
been discussed. Finally, the future aspects have been brie y outlined.
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10.1  Introduction

Craniectomy is a very frequently used procedure in modern neurosurgical practice 
required secondary to a traumatic skull bone fracture, tumour extraction or severe 
infection. Conditions like intercranial haemorrhage, congenital malformations, pro-
gressively deforming skeletal diseases and the absence of intact cranial vault in 
children also can compromise the normal function and architectonics of craniofacial 
bones, which may require craniotomy followed by cranioplasty [1].

The craniofacial region is a complex zone, comprising bone, cartilage, soft tis-
sue, nerves and blood vessels. The bones provide the support and protection for 
other elements, and hence their reconstruction is of a great importance to restore 
normal functionalities [2]. But after craniectomy, syndrome of trephined, subdural 
effusion, seizures, etc., can be seen; diminishing these symptoms is one of the 
objectives of cranioplasty [3, 4]. Cranioplasty has been shown to improve electro-
encephalographic abnormalities, cerebral blood ow abnormalities and other neuro-
logical abnormalities [5, 6].

History of reconstruction of large skull bone defects dates back to antiquity. Till 
then autogenous bone grafts remained the gold standard, which were generally har-
vested from the calvarium, iliac crest, tibia or bula [7], though the use of metal 
plates in 2000 BC was found where the material used was contingent upon the socio-
economic rank of the patient [8]. With time and extended research, the disadvantages 
of different grafts were pointed out, and accordingly the use of grafts became more 
interesting topic of research. Problems like infection of the bone graft, donor-site 
morbidity, handling of bone graft and wastage of time reduced the usage of autoge-
nous grafts. According to the source of the graft material, craniofacial implants are 
being called xenografts, allografts, autogenous bone graft and synthetic materials.

Craniectomy: A neurosurgical procedure in which a cranial bone ap is 
removed.

Craniotomy: When a cranial bone ap is removed temporarily to access the 
underlying brain.

Cranioplasty: A surgical procedure which restores the contour of cranial bone 
and corrects the bone defect.

Xenografts: Grafts from different species transplanted into humans.
Allografts: Use of cartilage tissue in cranioplasty.
Autogenous bone graft: Implant taken from same species, from a different 

site.
Synthetic materials: Implant made synthetically in laboratories.
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Along with the advantages and disadvantages of the said implants, an ideal craniofa-
cial implant is yet to come. Depending on the research of craniofacial implants and 
subsequent case studies, the ideal material used for cranioplasty would be radiolucent, 
resistant to infections, not conductive of heat or cold, resistant to biochemical processes, 
malleable to t defects and complete closure of the defect site [9]. The requirements and 
expectations from a synthetic graft material are quite high. An ideal graft material 
should be strong, lightweight, easily shaped, osteoinductive or osteoconductive and 
enable osteointegration. The best substitute should have the mechanical properties 
close to the surrounding bone. It was found that depending upon the species and age, a 
wide range of anisotropic elastic moduli of craniofacial bone can be obtained. The 
average elastic moduli of cranial bone, both foetal and matured, tested in a three-point 
bend set-up are 7.467 ± 5.39 GPa (0.5 m/s), 10.777 ± 9.38 GPa (1.0 m/s) and 15.547 ± 
10.29 GPa (2.5 m/s), whereas the average porosity of cranial bones was 13.087 ± 
4.23%, and the average percent bone volume (BV/TV) was 70.847 ± 10.13% [10].

A number of synthetic biomaterials are available for craniofacial bone substitute, 
such as titanium, polymethyl methacrylate (PMMA), polyethylene (PE), poly-
etheretherketone (PEEK), hydroxyapatite (HAp) or combinations/ composites of 
these materials. The principal aim of the current clinical biomaterial research is to 
address the limitations of now-available materials. Bioactive glasses (BGs) are a 
group of non-metallic ceramic biomaterials with osteoconductive, osteoinductive 
and bacteriostatic properties, which was rst introduced in the eld by Prof. L. L. 
Hench and his team. Apart from the unique advantageous features of bioactive glass 
ceramics, their heterogeneous macrostructure restricts their versatility and mechani-
cal strength [11]. Evolution of research in this eld evolved the area, and the limita-
tions are now taken care of by going interdisciplinary and making composites with 
other materials for particular purposes. The components of the composite are cho-
sen very wisely and calculatedly to overcome certain limitations. Composites have 
an interesting aspect of high adaptiveness and tuneable properties by varying the 
component ratio which is helpful to fabricate patient-speci c implants [12–14].

The aim of this chapter is to summarise the advancement in the eld of bioactive 
glass composites for the use as a craniofacial implant and their studies in surgical chal-
lenges. Our discussion broadly covers innovations in material development part and 

ne-tuning of the composites with structural and functional improvisations to draw the 
attention of scientists and researchers by summarising recent advancement of craniofa-
cial implants based on composites of bioactive glass and their studies in craniofacial 
surgical challenges along with their aftermath. With the vast versatility of bioactive 
glass composite materials, current innovations in implant material development together 
with structural and functional modi cations are waiting to be explored more and more.

10.2  History and Evolution of Cranioplasty

The rst ever report regarding craniofacial reconstruction was written in 1505, 
though evidence of cranioplasty dates back to 7000 BC [9]. Ancient civilisations 
like the Incans, the Britons, the Asiatics, the North Africans and the Polynesians 
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practised cranioplasty quite experimentally using mostly metals. Socioeconomic 
rank of the patient decided the type of material to be used. The rst documented 
description of cranioplasty explains the technique used in the sixteenth century 
written by Fallopius. He proposed that bone could be replaced in cranial fractures if 
the dura stays intact. Another textbook from 1505 guides the physicians to treat the 
wounds with the help of xenograft obtained from a goat or a dog. Another well- 
known and successful cranioplasty published by Van Meekeren in 1668 illustrates a 
treatment of a Russian man after a word injury using canine xenograft, and the 
outcome was good [15–17]. Bone grafts from dog, ape, goose, rabbit, calf and eagle 
have been implanted into humans after boiling. Xenografts were diminished by the 
high rate of infections and the better outcome of the autografts. In 1821, Walther 

rst successfully transplanted autologous bone graft where the removed bone ap 
has been attached again on the site. This procedure avoids host-tissue rejection, but 
the main disadvantage is related to donor-site morbidity [17–19]. In 1889, Seydel 
used pieces of tibia to cover a parietal defect as a plastic reconstruction. Many other 
bone harvest sites were experimented such as the ilium, ribs, sternum, scapula, fas-
cia, etc.; however the need of two operative elds creates hesitation. The use of the 
cranium became more popular comparing other donor sites by the Miiller-Konig 
procedure [20]. These types of grafts can be preserved by cryopreservation or by 
placing in an abdominal pocket. The common disadvantage related to autologous 
bone grafts is bone ap resorption causing structural breakdown. In addition to it, 
Matsuno et al. showed that autologous bone grafts have very high rates of infection 
compared to other synthetic materials [21].

As we know that cranioplasty was started by using synthetic materials like metals 
which resurged in the early 1900s. Metals were experimented excessively till then as 
they are strong but malleable. Aluminium was the rst metal used in cranioplasty but 
was prone to infect and irritate surrounding tissues. Although people with high status 
used gold, it is unfavourable for general use because of its high cost and softness. In 
the twentieth century, silver was tested along with gold before and during World War 
I but later made obsolete by other advanced materials. After World War I, different 
alloys were investigated and proved as a potential candidate for reconstruction of 
cranial defects. These included a wide range of metals like platinum, lead, aluminium, 
tantalum, cobalt, chromium, steel and their different alloys. During World War II, 
tantalum was largely used due to its bioinert, malleable and noncorrosive nature [22]. 
Based on the advances in research and case studies, more disadvantages came to 
notice, and alloying was readily accepted at that time due to their tuneable properties. 
Alloys are known to bend their properties according to the requirement by changing 
the metal proportions. This feature made them irresistible for a range of different 
types of cranial defects. Titanium was introduced in the late 1965 and found that it is 
better than other metals in biocompatibility and mechanical strength [23–25].

Celluloid, a synthetic plastic, was rst used as an implant in the late nineteenth 
century; however it was not completely biocompatible. In the mid-twentieth cen-
tury, more suitable alternatives of thermoplastic resins were introduced. Methyl 
methacrylate was discovered in 1939 and introduced in cranioplasty in 1940. It is a 
polymerised ester of acrylic acid with a compatible mechanical strength. However, 
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the dif culty in the preparation of the implant was a major limitation as it was brittle 
in nature as well [26]. Despite these drawbacks, PMMA was used widely in that 
span of time as a cranial bone graft. Polyethylene was developed in 1936 but used 
in this eld in 1948 in case of smaller cranial defects. The low mechanical strength 
barred its use for reconstruction of large-size defects [17, 27]. Development of 
porous polyethylene made it more suitable to use as a bone graft by allowing soft- 
tissue ingrowth [28, 29]. In the beginning of the twenty- rst century, modern era of 
cranioplasty has been initiated in search of patient-speci c implant. In this era, with 
the speci c requirement of the patients, like size, shape, bioactivity, biocompatibil-
ity, implantation period, etc., properties of the grafts have been chosen. In order to 
get grafts with such tuneable properties, horizon of this eld increased tremen-
dously, and different new types of implants have been introduced. Also different 
modi cations of old implant materials like calcium phosphates, especially hydroxy-
apatite, and bioactive glasses came to the picture [30]. New polymer materials like 
PEEK were introduced to cranial reconstruction [31, 32]. Plates and screws of ver-
ity of new synthetic resorbable polymers with innovative design were introduced to 
clinical practice. Research related to bone-forming cell activity at the defect site has 
been prioritised using a combination of bone particles and growth factors. Also 
composites of different materials like calcium phosphates, bioactive glasses with a 
range of different elements, polymers and metals have been experimented exten-
sively to reconstruct cranial defects.

The use of bioactive glass composites in craniofacial application is still limited, 
but the possibility is enormous as bioactive glass has all the required eligibility as a 
craniofacial implant. By making composites, possibility will increase further as the 
properties can be tailored.

10.3  Requirements of Craniofacial Surgery

Depending upon the factors like size, shape and position of the defect, implantation 
time, mechanical properties of the surrounding bone and age of the patient, the 
requirements of cranioplastic implants differ. With the aim of making patient- 
speci c implant, the factors are taken in consideration for the better future of cra-
niofacial reconstruction. The desired properties of the implant can be achieved by 
making different composites, to use in unique surroundings of the respective patient.

10.3.1  Origin, Shape and Size of the Defect

According to the origin, cranial bone defects may be of congenital or acquired. 
Congenital defects mostly come from craniosynostosis, whereas the acquired cranial 
bone defects mainly occur as a result from head injury or surgical action upon an 
intracranial lesion, cranial bone tumour, bone resorption or osteomyelitis. Tendency 
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of traumatic aetiology is higher in children and young people, mostly male. There 
are two types of bone tumour, primary and secondary, which can cause skull defect. 
Primary bone tumours like namely, brosarcomas, osteosarcomas, chondrosarco-
mas, osteomas, etc., and secondary bone tumours like dermoids, epidermoids and 
Ewing sarcomas may affect cranial bones by means of pressure, or they may force 
the bone out of its normal position, even sometimes destroying the bone.

However, the cranial bone defect size is not very signi cant for surgical pur-
poses, but it is an important parameter for engineering the implant. The materials 
required and their properties are vastly dependent on the shape and size of the 
defect. Recently Uygur et al. proposed a classi cation from small-sized (smaller 
than 25 cm2), medium-sized (between 25 and 200 cm2) and large-sized (larger than 
200 cm2) defect [33]. However, a standard classi cation of cranial bone defect size 
is not available yet (Table 10.1).

10.3.2  Mechanical Properties of Cranial Bone

The mechanical properties of skull bones have been extensively characterised, and 
it was found that cranial bone is comprised of a three-sandwich-type layered struc-
ture: external layers are made of compact, high-density cortical bone, whereas the 
central layer consists of a low-density, irregularly porous bone structure [10, 36–
39]. Studies showed that foetal and adult cranial bones are vastly different in proper-
ties. Foetal cranial bone is thin and non-homogeneous which displays a highly 
directional bre orientation [40]. With the maturity of the cranium, the bones struc-
turally differentiate into a three-layered composite structure. With the structural 
development, the mechanical properties of the skull bones change diversely. The 
large variation of the mechanical properties can be attributed to the morphological 
differences between the subjects.

It was found that depending upon the species and age, a wide range of anisotropic 
elastic moduli of craniofacial bone have been obtained. The average elastic moduli 
of cranial bone, both foetal and matured, tested in a three-point bend set-up were 
found to be 7.467 ± 5.39 GPa (with 0.5 m/s crosshead speed), 10.777 ± 9.38 GPa 
(1.0 m/s) and 15.547 ± 10.29 GPa (2.5 m/s), whereas the average porosity of cranial 

Table 10.1 Classi cation 
based on the size of a cranial 
bone defect [33–35]

Defect Size of the defect

Adult Very small Less than 4 cm2

Small 4–25 cm2

Medium 25–200 cm2

Large Larger than 200 cm2

Children Small Less than 4 cm2

Medium 4–16 cm2

Large Larger than 16 cm2
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bones was 13.087 ± 4.23% with bone volume/total volume (BV/TV) was 70.847 ± 
10.13%. A correlation between percent BV and elastic modulus (r2 = 0.1963; p = 
0.0004) and maximum bending stress (r2 = 0.2708; p < 0.0001) was found [10]. 
These results reported play very important role in the processing of patient-speci c 
implant. The maximum force to failure, elastic modulus and maximum bending 
stress are very signi cant to make a suitable implant. Porosity and bone thickness 
are two other important variants, which also control the role of the bone graft.

10.4  Requirements for Craniofacial Implant Material

The requirements and expectations of an optimal graft material vary from patient to 
patient. Complexity of the required properties is increasing day by day. Optimal 
biomaterial should have better mechanical strength, lightweight, easily shaped, 
osteoinductive or osteoconductive and a structure which enables osteointegration. 
Density, surface area and porosity are some other properties, which also play sig-
ni cant part to make an implant appropriate for application. Depending upon the 
requirement, it can be biodegradable or biostable, and it may be bioinert or bioac-
tive. The suitable structural design would support ingrowth of bone so that the 
implant could be integrated with the surrounding bone. Hence an implant with 
porous structure ranging 50–400 μm is bene cial for osteointegration [41]. Porous 
structure works as a scaffold for osteoblast cells, which later forms bony ingrowth.

10.5  Bioactive Glass as a Craniofacial Implant

The maxillofacial area is a unique challenge for many decades to the surgeons 
because of its versatile properties (mechanical strength, thickness, bone structure) 
and infection sensitivity. Especially paranasal sinuses, upper respiratory tract and 
oral cavity are among the most sensitive areas, which need special attention. Since 
the rst use of bioactive glass, it has attracted the attention of respective surgeons 
due to their osteoconductive as well as antimicrobial properties [42–47]. During the 
initial times, it was found to be very successful in dental applications with promis-
ing results. Bioactive glass has been used frequently in the treatment of intrabony 
defects and in dental extraction sites as ller before dental implant placement [48, 
49]. Also the anti-gingivitis and antiplaque effects of bioactive glass (NovaMin®) 
have been studied with evident proof of gingival bleeding reduction and oral plaque 
formation [50]. The success in the dental eld leads to the use of bioactive glass 
implant in other areas related to cranioplasty. Bioactive glass S53P4 was used in 
frontal sinus elimination and frontal bone reconstruction, nasal septum defect repair, 
orbital wall and nasal septum reconstruction and canal wall down mastoidectomy 
[51–53]. Middle ear implant made by bioactive glass for ossicular chain reconstruc-
tion also showed very good success rate even after 8 years [54].
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However, bioactive glasses are very brittle and thus have limitations in shaping 
and exibility for speci c clinical requirements. These properties thus prevent the 
use of BG in load-bearing applications. Limitations led to the development of com-
posite materials using bioactive glass to make use of its bene ts up to full extent. 
Composite material is by de nition a material composed of at least two different 
biomaterials. Over the last two decades, composites of bioactive glass have been 
used in different aspects and elds according to the properties of the composite 
materials. The arsenal of the application of bioactive glass has been increased enor-
mously as the mechanical, biological and physiological properties of the composite 
materials can be tailored by changing the concentrations of base components.

10.5.1  Bioactive Glass Composite with Polymer

These composite materials consist of two phases, e.g. continuous phase, called the 
“matrix”, and dispersed phase, which can be llers or bres. The concept of making 
composites by using polymer and ceramic material was introduced by Bon eld 
et al. [55]. Composite structures are believed to add functionality to the biomedical 
composites, such as bioactivity, sustained release of drug moiety and typical bio-
degradation pro le. In this way, composites of bioactive glass and polymers can be 
applied according to the demands of patients. There are several methods and types 
of composite materials, like particle composite or bre composite or composite 
coatings. Though some methods are still in basic research level, some methods have 
been established, and with time, new methods are being introduced. Major manu-
facturing methods include melt extrusion, self-reinforcing and solvent casting.

Melt extrusion process is mostly used for making products with continuous cross 
sections such as rods, pipes, sheets, bres, etc. Mixing of polymer and bioactive glass 
can also be done via this process, which can be used in other manufacturing pro-
cesses. The extruder consists of a heated barrel with feeding hopper into which the 
raw materials are fed. The raw materials then come into contact with the rotating 
screw, which is responsible for the stirring and homogenising of the polymer. Heating 
elements are placed over the barrel. The polymer gradually melts, as it is conveyed 
forward in the barrel. At the end of barrel is the heated die that has an ori ce with the 
speci c pro le needed for the extrudate. The melted polymer paste is then forced to 
run through an ori ce with speci c pro le and after that cooled to get the nal shape.

Another important and signi cant method to manufacture composites is solvent 
casting/particulate leaching (SCPL), in which the matrix polymer is dissolved in a 
volatile solvent to form a stable solution. Thus, the solubility of polymer in bioac-
tive glass solution is the most important criteria for solvent casting technique. 
However, bioactive glass can be added up to a certain limit, above which it may 
make the composite more brittle than the requirement [56]. Viscosity is another fac-
tor to be considered important during this process. After getting clear solution, rein-
forcements can be added into the solution. The nal solution is then cast to the 
mould to get the necessary structure. Solvent casting can also be used to form 
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porous structures by using selective porogens, which is soluble in the particular 
solvent. Depending upon the required pore size and interconnectivity, porogens can 
be varied with temperature.

Other methods like direct foaming/freeze drying, salt leaching, thermally induced 
phase separation, solid-liquid phase separation, rapid prototyping/solid freeform 
and slurry-dip in coating of scaffold are also used to manufacture composites, but 
they are still not accepted by the larger community of surgeons (Table 10.2).

Bioactive glass-polymers are relatively new in the class of bioactive materials for 
the treatment of maxillofacial defects, but during a very short span of time, BG- 
polymer composites proved their utility in the restoration of cranial vault. Due to the 
combination of BG’s mechanical and biological properties and polymers’ great 

exibility, implants are applicable into various types of cranial defects with a very 
successful outcome. Initial applications of BG-polymer composites were mostly in 
dental application, but nowadays the use of this type of implant materials is increas-
ing rapidly in different aspects of craniofacial reconstruction like orbital oor frac-
tures, frontal bone defects, calvarial bone defects, etc.

In 2005, Niemela et al. reported advantageous effects of BG-poly-L/DL-lactide 
70/30 composites with improved mechanical, biological and physiological proper-
ties; however they also con rmed that the increase in bioactive glass concentration 
may increase the brittleness along with decreased bioactivity [61]. After the rst com-
posite material, many variations with different components were tried, and after a 
thorough research subsequently, poly(methyl methacrylate) [PMMA] was found 
most compatible with bioactive glass particles for craniofacial application. Since then 
PMMA is one of the most widely researched alloplastic components in composite 
materials for craniofacial surgery. Low thermal conductivity and a density closer to 
bone make PMMA more acceptable by soft tissues. In 2006, Tuusa et al. fabricated 

Table 10.2 Advantages and disadvantages of different composite manufacturing methods [57–60]

Method Advantages Disadvantages

Melt extrusion Useful of making continuous 
shaped composites
Control over shape and size
For making solid materials

Porous structure can’t be done
Use of temperature may 
hamper polymer
Shear forces

Solvent casting/particulate 
leaching

Simple method
Control over porous structure

Residual solvent
Interconnectivity of pores
Solubility of porogen 
materials

Thermally induced phase 
separation

High porosity
Interconnected porous structure
Uniform porosity

Processing duration

Solid-liquid phase 
separation

Control over porous structure, 
pore size and interconnectivity

Solvent residue

Rapid prototyping or solid 
freeform

Patient-speci c implant
Complex structure
Control over pore size, 
distribution of pores

Limited polymer 
compatibility
Expensive
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an implant composed of bre-reinforced composite (FRC) with bisphenol A-glycidyl 
methacrylate (BisGMA)-PMMA polymer matrix and a bioactive glass coating on the 
surface [62]. Though the results did not reveal a better bone formation than the con-
trols, the procedure certainly made an impact and attracted researchers and surgeons 
to use composite materials in the arsenal of cranial reconstruction. Kessler et  al. 
reported a successful production of ller material also made of BisGMA-PMMA 
matrix embedded with bioactive glass material with better outcomes [63]. In 2007, 
Ballo et al. experimented with a composition, which included BisGMA-TEGMA 
[tri(ethylene glycol) methacrylate], E-glass, PMMA and bioactive glass. Firstly, the 
E-glass bre bundles were impregnated by BisGMA-TEGMA resin, followed by 
PMMA reinforcement. Three different types of specimens were fabricated: (a) 
unthreaded FRC with BG coating, (b) threaded FRC and (c) FRC coated with 
BG. They surprisingly found that the implant can withstand static load almost up to 
human maximal bite forces without fracture. Implant also showed better push-out 
force from dental plaster than a similar titanium implant [64]. Simultaneously, 
researchers found that BG-polymer composite implants can stimulate growth factor 
due to the effect of BG and nano-BG can adsorb proteins which ultimately favours 
bony ingrowth [65, 66]. Hautamaki et al. also found noticeable increase in osteoblast 
response of the specimens made of PMMA and bioactive glass in different ratios 
[67]. These ndings supported and encouraged the application of BG-polymer com-
posites in the areas never tried before. Another composite was made by impregnating 
E-glass FRC with MMA (methyl methacrylate)/BDDMA (butane-diol-di-methacry-
late) copolymer system followed by BG granule coating and used as calvarial bone 
implant in rabbits. The implant seemed to promote bone healing process faster than 
the controls without any unwanted side effects [68]. Porous structure of the compos-
ite is found to mimic surrounding bone, while BG particles can enable new hard- 
tissue formation by osteoblasts on their surface. With the aim of mimicking Mother 
Nature, the use of natural polymer in composite implant materials was introduced. 
Peter et al. reported a novel composite implant fabricated by blending nano-bioactive 
glass with chitosan- gelatin biopolymer as a potential candidate for alveolar bone 
regeneration. Protein adsorption studies showed a signi cant increase of protein 
adsorption compared to control chitosan-gelatin scaffolds. Addition of bioactive glass 
nanoparticles also increased the cell attachment on the surface of the implant [69]. In 
2010, four patients with pre-existing large calvarial (three patients) and midface (one 
patient) defects were operated by Dr. M. Peltola and his group by using implant con-
taining BG and PMMA.  After detecting the defects, implants were custom-made 
using powder-liquid PMMA bone cement matrix covered with 0.5–0.8  mm BG 
(BonAlive™) particles from both sides. The ratio of PMMA/BG was varied depend-
ing upon the requirements of the defects of concerning patient. Follow-up results 
proved a rm adhesion between the implant and skull, which may prevent long-term 
complications. Bone healing and new bone formation were seen between the implant 
and surrounding bone [70]. Another group reported successful periodontal tissue 
regeneration using biocompatible alginate/nano-bioactive glass composite material 
made by freeze drying method. The implants with pore size 100–300 μm showed 
good protein adsorption, cell attachment and cell proliferation [71]. BisGMA-
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TEGDMA (triethylene glycol dimethacrylate) and BG composite material were used 
by Aitsalo et al. as an implant for 15 numbers of patients with defects as a conse-
quence of craniotomies performed due to traumatic reasons. The implant material 
was composed of BisGMA-TEGDMA resin matrix reinforced by E-glass, and in 
between the layers, bioactive glass was used as a ller material [72]. The results were 
promising to the scientists which was also without infections or skin problems. In 
another study, Aitsalo et al. treated 12 patients (six male and six female) with skull 
bone defects after a tumour was surgically removed with pBisGMA-pTEGDMA 
(bisphenol A-glycidyl methacrylate/triethylene glycol dimethacrylate)/BG compos-
ite materials. The implants were composed of two FRC layers, supporting framework 
and porous layers. The porous layers containing bioactive glass were connected to 
each other by inter-connective elements. The standard size of the BG particles used 
was 500–800 μm. The resin matrix materials were made of pBisGMA-pTEGDMA 
coupled with silanised E-glass. The mechanical strength of the implants was found to 
be very good in comparison to the similar type of implants used before. The bone-
mimicking porous structure combined with BG particles enables new bone formation 
[73]. In 2012, Posti et al. operated a 33-year-old woman with severe traumatic brain 
injury in head-on collision with a custom-made FRC-BG implant fabricated in Turku 
Clinical Biomaterials Centre, Turku, Finland. The implant was fabricated by hand 
laminating two layers of dimethacrylate resin matrix keeping the bioactive glass par-
ticles (S53P4) in between them. Though some initial side effects were observed like 
swelling, but after more than 2 years of study, it was found that the mechanical integ-
rity of the composite implant was not affected by the in vivo period. Formation of 

brous tissue with blood vessels, osteoblasts and collagen bres was reported along 
with small clusters of more mature hard tissue [74]. At the same time, chitosan- 
bioactive glass composites were tried by Mota et al. with the aim of supporting peri-
odontal regeneration. The composite was made by solvent casting method and used 
as bone regeneration membrane [GTR (guided tissue regeneration) membrane]. The 
implant showed adequate extensibility in wet conditions [75]. Recently Kulkova 
et al. reported a successful fabrication of a novel implant using FRC, E-glass bres 
and bioactive glass (S53P4) granules. The composite was made by combining 
BisGMA-TEGDMA matrix and BG granules by the effect of excimer laser surface 
etching. The implant showed excellent fatigue resistance and the mechanical proper-
ties matching to bone [76]. However almost all the studies were done by using only 
S53P4 bioactive glass, which encouraged the researchers to use other bioactive glass 
composites in craniofacial reconstruction.

10.5.2  Bioactive Glass Composite with Ceramic

Ceramic composites are made with the aim of combining signi cant properties of 
the components, which were not achievable with the components alone. Another 
advantage of these composite materials is that the properties can be tailored accord-
ing to the requirements using the same components, only by varying the combining 
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ratio. Sometimes composite can be made to cover up some disadvantages of bioac-
tive glass, like high rate of ion leaching and brittleness, or to add special functional-
ities like increase of the bone formation rate or control over porosity. Though there 
are several methods for composite fabrication like melt quenching, milling and liq-
uid phase sintering, sol-gel method is considered to be the most accepted one.

Generally melt quenching technique is followed by milling. Melt quenching 
method is famous for synthesising bioactive glass where glass frits can be made. In 
this method, raw materials are mixed thoroughly in solid form or in a solvent. The 
solvent is then dried to get powder of the mixture, which was then melted at required 
temperature followed by quenching in distilled water. After getting the frits, they 
were milled to get particles of bioactive glass, which was then mixed with other 
ceramic substances via ball milling. As melt quenching is the mostly used procedure 
for bioactive glass making, this process is more acceptable than the others. Control 
over porosity is another advantageous aspect of this technique.

The sol-gel method is a transition of inorganic/polymeric precursors in liquid 
phase into a solid inorganic material allowing the fabrication of new glasses and 
ceramics. The best part of this method is that the microstructure and properties of 
the material can be tailored with precision [77]. The method is so versatile that wide 
range of composition can be used and the composition can be varied in accordance 
with the requirement. Purity of the glass from this technique is found to be higher 
than other processes with a rare chance of getting unwanted products. In addition, 
the use of low temperature makes it preferable than melt quenching method.

In between the ceramic materials, hydroxyapatite (HAp) has long been used in 
dentistry owing to its ability to attach chemically to bone as it contains the minerals 
almost identical to bones. From the last decade with the tendency to tune the dis-
solution kinetics of calcium phosphate, a combination with bioactive glasses has 
been considered. Another disadvantage of HAp is its very low resorption rate, which 
increases the risk of infection [78]. The use of bioactive glass-ceramic composite 
materials increased in the modern era of craniofacial reconstruction. The rst rele-
vant work was reported by Duarte et al., where a combination of hydroxyapatite and 
P2O5-base bioactive glass (P2O5 65%-CaO 15%-CaF2 10%-Na2O 10%) commer-
cially named Bonelike® was applied as a bone graft in maxillofacial surgery to 
reconstruct a defected area after cyst excision. Suf cient new bone formation was 
observed in the defect area with resorption of the Bonelike® granules [79]. After the 
successful outcome of Bonelike® implants, it was studied extensively in different 
areas. Sousa et al. applied Bonelike® implants in maxillary cystic bone defects in 
11 patients, aged between 24 and 53 years. After 48 weeks of implantation, the 
outcome was encouraging with high rate of bone formation. The patients were 
recovering from their bone lesions without any side effects or infections [80]. Pavan 
Kumar et  al. tried Bonelike® implants in human intrabony periodontal angular 
defects, which showed promising bone lling and no adverse effects [81]. There are 
several other clinical trials that have been done using Bonelike®, which proved it as 
an effective composite material for craniofacial defect restoration [82–84]. 
Chatzistavrou et al. tried a different route and synthesised a sol-gel-based composite 
material made by combining a new glass ceramic (GC) (SiO2 60%-P2O5 3%-Al2O3 
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14%-CaO 6%-Na2O 7%-K2O 10%) system with 58S bioactive glass (GC 30 wt%- 
BG 70 wt%). They used the implant as sealing material to x dental restorations 
with successful outcome of periodontal tissue attachment, providing complete seal-
ing of the marginal gap [85]. In 2011, Pratibha et al. tried BG-HAp (BG: SiO217%-
CaO 53%-P2O5 30%) composite implant for periodontal defects with successful 
results [86]. More detailed clinical data was reported by Bhide et  al. where a 
BG-HAp composite (50-50) was applied with autogenous cortical bone particulate 
in treatment of periodontal bone defects. The implant showed encouraging results 
of remarkable gain in probing attachment and depth reduction at 3 and 6 months 
[87]. A different approach was taken by Al-noaman, who made a composite of u-
oro-apatite and bioactive glass (MgF2 glass) with the aim of making a coating mate-
rial for titanium dental implant [88, 89]. After that, no notable clinical research can 
be found in this area using bioactive glass-ceramic composites.

10.5.3  Bioactive Glass Composite with Other Materials

There are other materials also, which were used to make composites with bioactive 
glass which cannot be categorised. In 2001, maxillary sinus oor augmentation was 
done by using a composite of bioactive glass (45S5) and autogenous bone. The 
implant was used on 12 patients and observed that the implant successfully yielded 
suf cient volume of mineralised tissue with almost 3–5 mm of bone formation [90]. 
In another approach, enamel matrix protein derivative (EMD) was used with bioac-
tive glass (45S5) to fabricate a bone graft for the treatment of intrabony periodontal 
defects in humans [91]. Turunen et al. compared the effect of adding bioactive glass 
in the treatment of maxillary sinus oor augmentation by making two compositions, 
one was autologous bone without BG and another was with BG (S53P4). The results 
showed that by incorporating BG, the need of autologous bone was decreased [92]. 
Another comparative study was done by Sculean et al. for the treatment of human 
intrabony defects following regenerative periodontal therapy. Among 30 patients, in 
each of the patient, one intrabony defect was randomly treated with either EMD + 
BG (test) (45S5) or with EMD alone (control), and the outcome con rmed almost 
similar results of two compositions with no additional improvement of clinical 
results in case of BG-incorporated implants [49, 93]. Demir et al. added bioactive 
glass with platelet-rich plasma (PRP) to evaluate the effect of BG on the clinical 
healing of intrabony defects. However the reports showed no advantageous effect of 
using bioactive glass [94]. Another work on bioactive glass-PRP composite was 
done by Carvalho et al. for the treatment of intrabony defects of dogs with no notice-
able or advantageous differences [95]. A composite of bioactive glass and autoge-
nous cortical bone (ACB) was also studied by Sumer et  al. for the treatment of 
intra-osseous periodontal defects with the outcome of signi cant improvement of 
clinical and radiographic parameters. Bone heights were found to be increased in 
the patients treated with ACB-BG graft [96]. Recently Sandor et al. synthesised a 
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combination of bioactive glass (45S5) and adipose- derived stem cells to observe the 
effectiveness of bioactive glass in cranio- maxillofacial hard-tissue defects. The 
results came were suf ciently good even after 4 years of study [97].

10.6  Future Aspects

The eld of bioactive glass composite for craniofacial reconstruction has been nur-
tured a lot in the last two decades, but there are still a lot of vacant spaces to ll up 
the store. A vast number of composites were tried with success, sometimes without 
success, but all the data made us more accurate in planning for the upcoming fabrica-
tion of composite materials. With the introduction of 3D scaffold designing in tissue 
engineering, a new door has opened; patient-speci c implant got a new de nition 
because of this technology. In the coming years, more emphasis will be given to 
make 3D implants based on bioactive glass or bioactive glass composites as bioac-
tive glass can be used as to fabricate 3D scaffold. New ideas of adding stem cells 
and/or growth factors will get the attention of the researchers. The bioactive glass- 
based composites have been used in vitro using a wide range of cell types, and it’s 
high time to use those data to apply the composites in clinical trials in vivo. The 
long-term understanding of in vivo in this eld is still limited, specially related to the 
kinetics of degradation and ion release. The use of nano-scale composites will need 
to be investigated too. The results of these investigations will give a better insight of 
the synergistic effect of bioactive glass composites leading to more control over the 
strategies. The ongoing research efforts ensure that development of bioactive glass 
composite materials will remain a major area of application in the future.
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Abstract

In the arena of orthopaedic surgery, autograft is considered to be the gold standard for
correction of fracture repair or other bone pathologies. But, it has some limitations such
as donor site morbidity and shortage of supply, which evolved the use of allograft that
also has some disadvantages such as immunogenic response to the host, low osteoge‐
nicity as well  as possibilities of disease transmission. Despite the benefits  of  auto‐
grafts and allografts, the limitations of each have necessitated the pursuit of alternatives
biomaterials that has the ability to initiate osteogenesis, and the graft should closely
mimic the natural bone along with regeneration of fibroblasts. A variety of artificial
materials such as demineralised bone matrix, coralline hydroxyapatite and calcium
phosphate-based ceramics such as hydroxyapatite (HA), β-tricalcium phosphate (β-
TCP) and bioactive glass have been used over the decades to fill bone defects almost
without  associated  soft  tissue  development.  Most  of  them  were  having  only  the
properties  of  osteointegration and osteoconduction.  Only bioactive glass  possesses
osteogenic property that stimulates proliferation and differentiation of osteoprogeni‐
tor cells and in some cases influencing the fibroblastic properties. But, this material has
also some disadvantages such as short-term and low mechanical strength along with
decreased fracture  resistance;  but,  this  was  further  minimised by  ion doping that
positively enhanced new bone formation. There are many metal ions such as magne‐
sium (Mg), strontium (Sr), manganese (Mn), iron (Fe), zinc (Zn), silver (Ag) and some
rare earths that have been doped successfully into bioactive glass to enhance their
mechanical and biological properties. In some of the cases, mesoporous bioactive glass
materials with or without such doping have also been employed (with homogeneous
distribution of pores in the size ranging between 2 and 50 nm). These biomaterials can
be served as scaffold for bone regeneration with adequate mechanical properties to
restore bone defects and facilitate healing process by regeneration of soft tissues as well.
This chapter encompasses the use of bioactive glass in bulk and mesoporous form with
doped therapeutic ions, their role in bone tissue regeneration, use as delivery of growth
factors as well as coating material for orthopaedic implants.

© 2016 The Author(s). Licensee InTech. This chapter is distributed under the terms of the Creative Commons
Attribution License (http://creativecommons.org/licenses/by/3.0), which permits unrestricted use, distribution,
and reproduction in any medium, provided the original work is properly cited.



1. Introduction

Bone tissue repair and regeneration have made considerable strides in the modern era. An in-
depth perceptive of the underlying principles has been achieved, new methods and materials
developed and a multidisciplinary approach was used to accomplish successful bone tissue
regeneration. Many scaffold systems have been planned for hard tissue engineering. Novelty
has been worked out in terms of scaffold design, material selection, inclusion of drugs and
growth  factors,  mechanical  stability  and  bone  regeneration  competence.  Nevertheless,
autografts are still considered as ‘gold standard’ for bone tissue repair; equivalent osteogenic
or osteoinductive performance is not obtained by the synthetic bone graft substitutes. Due to
limitations of  autografts  in  sufficient  quantities  to  meet  the overall  medical  demand for
orthopaedic implants, allografts and xenografts are alternatives sources to overcome such
problems, but are having the risks of disease transmission and immune rejection. As a result,
synthetic bone graft substitutes are the rational choice to meet the huge demand for orthopae‐
dic implants,  even though its  inherent limitations in terms of  strength,  osteoconduction,
osteoinduction, osseointegration and biodegradation. Accordingly, modern research area has
been focussed on development of new biomaterials, modification of mechanical and structur‐
al features, improvement of biocompatibility, osteoinductivity and to incorporate growth factors
and stem cells onto scaffolds to encourage bone regeneration.

Bone tissue regeneration strategies intend to use synthetic temporary templates to assist the
natural healing of bone defects. Bone extracellular matrix (ECM) containing collagen fibrous
structure, with mineralised calcium phosphate, is secreted from osteoblasts [1, 2]. For effective
bone regeneration in non-load-bearing defects require a biomaterial scaffold that might have
a three-dimensional (3D) fibrous structure mimicking the ECM [3–5] and can be easily placed
into position during surgery. The scaffolds are also required to be biocompatible (should not
elicit an inflammatory response nor exhibit immunogenicity or cytotoxicity), bioactive (bond
with bone), bioresorbable, allow new bone formation at an acceptable rate, be economical to
make and allow easy fabrication into the final preforms [6–8]. The scaffolds must be easily
sterilisable to prevent infection especially for bulk degradable scaffolds [9]. Additionally, the
mechanical properties of the scaffold must be optimal to prevent structural failure during
handling and patient’s normal activities. Furthermore, controllable interconnected porosity is
of paramount necessity for cells to grow into the scaffold and to support angiogenesis. The
scaffolds should also have porosity of 90% with pore diameter of at least 100 μm for proper
cell penetration and vascularisation of the ingrown tissue [10–12].

A number of inorganic and organic materials are being used as bone substitutes that include
calcium phosphate ceramics, phosphates of magnesium, sulphate, carbonate and silicate of
calcium and collagen with positive cell-material interactions. Inert inorganic materials, such
as alumina, zirconia, titanium alloy and cobalt-chromium alloy, are also used in hard tissue
applications, but lack resorbability and absence of osseointegration at the bone-implant
interface. Positive interaction with cells was established using synthetic biodegradable
polymers, such as polylactic-co-glycolic acid (PLGA), polycaprolactone (PCL) and polyethy‐
lene glycol (PEG) [13, 14]. The degradation products of these materials have no detrimental
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effects in body system. Furthermore, degradation rate, hydrophilicity and mechanical strength
can be controlled by changing the chemical composition. Many natural biopolymers are also
available and are very suitable bone substitutes in terms of cell-material interactions. Large
polymers of very high molecular weight such as chitosan, alginate, cellulose, gelatin, collagen,
keratin and hyaluronic acid also exhibit favourable cell-material interactions. Additional
biocompatibility to a structurally stable scaffold is the selection criteria for bone substitute
materials currently in vogue [15, 16].

In bone tissue engineering, commonly used materials are ceramic and glass due to their
superior biocompatibility. Poor mechanical strength and stability are the major deficits
rendering them unsuitable as porous scaffolds. In addition, processing defects such as
irregularly shaped pores, surface defects and residual stress, all reduce the mechanical strength
of the scaffold systems. These limitations compelled the researchers to find out the solutions
for the improvement of biological performance of these materials by combinations of various
strategies to augment cell-material interactions and stimulation of cells to ensure rapid but
controlled bone regeneration. One of the alternate strategies is metallic ion doping for
improving biological performance enhancement.

The aim of this chapter is to summarise the recent advancement of metallic ion dopants in
addition to bioactive glass scaffold and their studies in orthopaedic surgical challenges. Our
discussion broadly covers innovations in materials development and fine tuning together with
structural and functional improvisations.

2. Bioactive glass materials

“Bioactive” glass can be defined by its name itself, which include “Bioactive”, means One that
elicits a specific biological response at the interface of the material which results in the formation of a
bond between the tissues and the material, and “glass”, often defined as solid that possesses a non-
crystalline (that is, amorphous) structure at the atomic scale and that exhibits a glass transition when
heated towards the liquid state [17]. In short, bioactive glass has been designed to elicit a particular
biological reaction at the interface of the material, which stimulates cell proliferation, gene
response and the formation of a bond between living tissues and the material [17–20]. Its
surface develops a biologically active apatite layer (HCA), which initiates bonding with bone.
The apatite phase formed chemically and structurally mimics the mineral phase of bone [21].
Among other essential qualities of bioactive glass are that they should be non-mutagenic, non-
carcinogenic and non-antigenic so that they do not have any adverse effect on the cells [22].
With these typical properties, bioactive glasses are reported to be capable of more bone
regeneration than other bioactive ceramics available. However, in the case of bioactive glass
there are many areas to improve as it has not yet reached its true potential.

The invention of bioactive glass was not by accident, in contrary it was being invented through
a series of curious set of events. The first bioactive glass as an alternative to nearly inert implant
materials was invented by Prof. Larry Hench at the University of Florida in 1969. A US army
colonel, returned from Vietnam war, asked him if material could be developed that could
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survive the aggressive environment of human body. All available materials at that time, such
as metals and polymers, were designed to be bio-inert, which were found to trigger fibrous
encapsulation after implantation rather than forming a stable interface or bond with the tissues
[23]. The melt-derived bioactive glass invented by professor L. Hench was composed of 46.1
mol% SiO2, 24.4 mol% Na2O, 26.9 mol% CaO and 2.6 mol% P2O5, later termed as 45S5 and
Bioglass®, which forms a bond with bone strong enough so that it could not be removed
without breaking the bone [24]. It is now almost 50 years since the discovery of bonding of
bioactive glass with living bone and over time many advances have been made in this field,
understanding the mechanism of bone bonding, and respectively modifying the properties of
bioactive glass by adjustment of the composition [25–28]. The most interesting aspect of
bioactive glass is the high adaptiveness to the biological environment and the tuneable
properties, by which the rate of bonding with bone can be controlled, thus the fabrication of
patient-specific implants is possible. Today, new bioactive glasses can be made specifically for
different types of clinical applications, in different forms such as fibres, microspheres and to
show required bioactivity at when implanted.

2.1. Synthesis

According to process method used, bioactive glasses can be classified into two different
categories: (1) melt derived, (2) sol-gel derived. In these fabrication techniques, melting method
is traditional [27, 29–32]; however, the latter appealed the scientists in the last two decades [33,
34]. The synthesis route of bioactive glass has eminent effect on the specific surface area as well
as degradability of the material.

2.2. Melt derived

The first bioactive glass itself made by Professor Larry Hench in the 1970s was made through
melt-quenched method. The idea behind the invention was to make an implant material which
can form a hydroxyapatite (HA) layer on its surface when implanted, which can develop a
living bond with the host [35]. As the main aim was to mimic bone and bone contains hydrox‐
yapatite [Ca5(PO4)3OH], Ca+ and PO4

3– were taken as a component of glass. The other main
components of glass Si4+ and Na2+ can also be found in human body. Among the compositions
Hench and co-workers made, 45S5 were found to bond with rat femur. The selection of the
components of this glass, named as Bioglass®, was ideal. The low silica content compared to
the previous soda-lime-silicate glasses forms a layer of silica and amorphous calcium phos‐
phate on the surface of the implant. Since then the research on bioactive glass somehow
concentrated mostly compositions similar to 45S5 bioactive glass.

Most of those bioactive glasses were produced by melting raw materials at an elevated
temperature because it is a simple, low-cost technique and does not take much time to
complete. It typically involves raw materials selection, weighing, mixing of components in
appropriate proportion and removal of impurities to get a homogeneous melt. The reactivity
of a glass in aqueous solutions is strongly dependent on the composition of the glass and thus
the choice of composition is very important. Because the limited range of glass composition
shows bioactivity, the glass composition should be chosen in a way so that it can be melted
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and formed into required shapes with available methods. The raw materials can be divided
into five different categories according to their role: glass former, flux, modifier, colourant and
fining agent. Glass formers are the most important components of glass as they form the matrix
of the glass structure. Silica (SiO2), boric acid (B2O3) and phosphoric acid (P2O5) are the most
common type of glass former normally present in oxide glass. In between these silica is widely
used; however, the melting temperature of silica is too high (1600–1725°C) and so different
types of flux such as Na2O and PbO can be used to decrease the melting temperature of the
mixture. The addition of flux sometime degrades the properties of glass, which can be
overcame by introducing different property modifier or intermediates such as boron, sodium,
magnesium, titanium and calcium. Colourants are used to control the colour in the final
product. Finally, fining agents such as arsenic, antimony oxides, potassium and sodium
nitrates are added to raw materials to remove bubbles from the melt. During melting of the
raw materials inside the furnace, they react with each other and carbon dioxide and Water-
vapour emission takes place, which causes the formation of bubbles. To raise the bubbles up
to the upper surface of the melt, low viscosity is maintained. Batch particle size and their mixing
in proper proportion are other factors that provide homogeneity in glass structure. Glass
forming is an intermediate stage in between glass melting and annealing. The stages of glass
synthesis are illustrated schematically in Figure 1.

Figure 1. Schematic representation of melt-derived glass synthesis.

Practically appropriate amount (mole/weight fraction) of initial ingredients is mixed, followed
by grinding, to break agglomerated particles. In order to obtain more uniform powder, the
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mixture of ingredients is ground in ball mill using acetone (water can also be used unless some
ingredient is hygroscopic). After drying the mixture in air, the powder can be transferred in
platinum crucible and melted in a high-temperature furnace. Generally, around 500°C, the
gaseous substances (moisture and gas) come out of the composition. Hence, it is better to
calcine the mixture at 500°C for at least 2 h. Before taking out the melt, it must be confirmed
that the glass mixture is held at the melting temperature for at least an hour to achieve
homogeneous, bubble-free molten materials. Then, the molten glass can be quenched in liquid
such as water, liquid nitrogen, etc. Granules of different sizes formed collectively known as
frits can be collected and milled to get glass powder. Desirable size and shapes can be made
by pouring the molten mixture into moulds of particular shapes. In the case of preparation of
glass with particular shape, the poured glass is annealed slightly below the glass transition
temperature of the corresponding glass for 12 h in air in pit furnace.

2.2.1. Important factors

Important factors to remember while melting a glass are viscosity, thermal expansion and
crystallisation characteristics. Low viscosity helps the melt to be bubble free and homogeneous
and also facilitates easy elimination from the platinum pot. It is a crucial factor in determining
the best possible procedure for a particular composition. Viscosity values at high temperatures
can be linked with melt-forming processes and low-temperature values indicate the suitability
of the glass, whether for sintering into porous bodies or coating on metal implants. The
approximate viscosity values for a bioactive-glass-forming process are given in Table 1.

Processing Viscosity (η) (dPa s)

Melting 10-102

Pressing 104-106

Drawing of continuous fibres 102.5-103.5

Sinter glass powder to porous body 108-109

Annealing 1012-1013

Table 1. Approximate viscosity values (dPa s) for bioactive-glass-forming process.

Bioactive glass coating provides better bone-implant connection when coated on metal
prostheses [36–41]. According to the implantation area, lower surface reactivity may be
preferred and in such cases glass composition with less bioactivity are favoured. Whatever be
the case the thermal expansion of the glass must be compatible with the metal otherwise cracks
may appear on the coating leading to peeling off of the coating.

Another important factor is that the melting temperature should be higher than liquidus
temperature of the compositions. Recent development of bioactive glasses focuses on the
change of chemical composition and different heat treatment condition [42, 43]. Aboud et al.
analysed the effect of increasing temperature on the crystallisation behaviour and the phase
formation order of different crystals of SiO2–P2O5–Al2O3–MgO–Na2O glasses [44]. The changes
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in microstructure, mechanical and chemical properties of this glass with different heat
treatment conditions result in an important application in dental restoration [45]. Also, thermal
treatments of bioactive glass tend to enable the glass to attain different elastic properties and
a range of bioactivity, which could be helpful for making patient-specific implant [46].

2.3. Sol-gel derived

Sol-gel glasses are made by a chemical-based process at much lower temperatures than the
traditional processing methods [47–51]. The method has been recently accepted by a number
of research groups to make a new generation of bioactive glass and offers assurance for
tailoring the composition to match the specific requirements. Recently, scientists have
preferred the sol-gel method in order to increase the specific surface area, and thus, the surface
reactivity and degradability of the material [52]. It also provides better control over homoge‐
neity and purity [53].

A sol is a colloidal suspension of solid particles (with a diameter of 1–100 nm) in a liquid, where
the colloids exhibit Brownian motion, a random walk driven by momentum imparted by
collisions with molecules of the suspending medium. Gel can be described as a rigid network
of covalently bonded silica comprised of interconnected pores [54, 55]. Three methods can be
used to make sol-gel materials: gelation of colloidal particles, hypercritical drying or controlled
hydrolysis and condensation of metal alkoxide precursors followed by drying at ambient
pressure. All the three methods create a three-dimensional, interconnected network. Gels can
be categorised into three types, such as alcogels, xerogels and aerogels [53]. Alcogels are
generally alcohol based, whereas xerogels are formed from thermal removal of pore liquid.
Gels with low density (80 kg m–3) and large pore volumes (up to 98%) are called aerogels, which
are the result of removal of pore liquid from the rigid network without collapsing it.

Preparation of gel glasses by a sol-gel method composed of seven steps. First, the alkoxide or
organometallic precursors are mixed to form the low-viscosity sol, followed by hydrolysis of
liquid alkoxide precursors with de-ionised water [56, 57]. Hydrolysis of silicon alkoxide forms
silanol groups [Si(OH)4], eventually interact with each other to make the Si-O-Si bond and
increase the viscosity of the sol (Figure 2). This is the time where the sol can be applied as a
coating, be pulled into fibre, electrospun, impregnated into a composite or formed into
powders. During the process of gelation, the viscosity of the solution sharply increases [58].
The gelation time depends upon the concentration of the solvent, nature of the oxide group
and the amount of water used for the hydrolysis [59, 60]. While aging of a gel for several hours
at 25-80°C, decrease in porosity and increase in the strength can be observed due to polycon‐
densation and reprecipitation of the gel network [61–63]. Aging process also affects the pore
volume, surface area and density of the gel. The removal of pore liquid has different effect on
arising stress for colloidal gels (pore size > 100 nm) and alkoxide-based gels with pore size 1-10
nm. Colloidal gels can be dried easily; however, in the case of alkoxide-based gels, large
capillary stress may arise during drying. Hypercritical drying at elevated temperature and
pressure, above the pore-liquid-solid critical point, avoids the solid-liquid interface and
eliminates drying stress [17].
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Figure 2. (1) Hydrolysis of Si(OH)4; (2) formation of Si-O-Si bond.

In order to control the stability of the material, chemical stabilisation of the dried gel is required.
Sintering of the gel at 500-900°C desorbs silanol groups from the surface and eliminates 3-Si
rings from the gel. It also increases the density, strength and hardness of the gel. The sintering
temperature of alkoxide-based gels is in the range of 900-1150°C depending upon composition.
The schematic diagram of the sol-gel process is provided in Figure 3.

The physical differences between the two synthesis routes are that sol-gel glasses tend to have
an inherent nanoporosity whereas melt-derived glasses are dense in nature [64]. The surface
area of sol-gel glasses is also higher than melt-quenched glass, which results in greater
dissolution rate, and hence higher cellular response. The hierarchical pore structure consisting
of interconnected macropores (>100 μm) and nanopores is beneficial for interaction and
stimulation with cells as it mimics the hierarchical structure of natural tissues. Also bioactive
glasses in the form of nanoporous powders or monoliths or as nanoparticles can be made by
changing the pH of the sol-gel process [65]. However, the sol-gel made scaffolds have lower
strengths than melt-quenched glasses, and thus inappropriate to use in hard tissue engineering
(Figures 4 and 5).
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Figure 3. Schematic representation of sol-gel glass synthesis.

2.3.1. Important factor

The physical and chemical properties of sol-gel bioactive glass mainly depend upon silica and
so the hydrolysis and condensation of silica plays an important role. The kinetics of hydrolysis
and condensation of silica depend upon several factors such as pH, composition, temperature,
precursor, catalysis and concentration of ions and the ratio of moles of water/moles of
tetraethyl orthosilicate (TEOS). Iler divides the polymerisation of silica in between three pH
ranges: <pH 2, pH 2-7 and >pH 7. pH 2 and pH 7 appear to be boundaries because at pH 2 the
surface charge (PZC) and the electrical mobility of silica (isoelectric point, IEP) are zero,
whereas above pH 7 the solubility and dissolution rates of silica are maximised leading to
particle growth without gelation [65].

2.4. Composition of bioactive glasses and their effects on bioactivity

Since the report of bone-bonding properties of bioactive glass, silica has been used as the major
component of glass composition and also most widely researched with changing its amount.
Silicate glasses comprise an amorphous network structure based on SiO4– tetrahedron, which
are linked to each other at the oxygen centres. Silicate glasses have open structure of silica due
to the presence of non-bridging oxygen ions attached with silicon. Addition of network
modifiers such as Na+, K+, Ca+ also causes the opening of silica network structures. These ions
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replace bridging oxygens of the network with non-bridging oxygens, hence opening of the
glass structure. The number of modifier ion-oxygen bonds and non-bridging oxygen bonds
determines several properties of the corresponding glass [66]. Detailed structural features of
silicate glasses and their effect on different physical and chemical properties have been
reported by various research groups [67–69]. In the case of bioactive silicate (SiO2 less than 60
wt%) glasses, each silica tetrahedron contains more than 2.6 number of non-bridging oxygen
ions, which is necessary in order to be bioactive [70].

Figure 4. 2D presentation of random glass network modifiers and network formers [70].

Figure 5. Sequence of interfacial reactions kinetics involved in forming a bond between bone and a bioactive glass [87].
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The composition of bioactive glass is different from the traditional soda-lime-silica gasses that
consist more than 65 wt% of silica. Basic components required for a glass to obtain bioactivity
are SiO2, Na2O, CaO and P2O5, which can be distinguished in three main features according to
Hench and Anderson [71]; the amount of SiO2 should be in between 45 and 60 wt%, Na2O and
CaO content must be high and a high CaO/P2O5 ratio. Higher content of SiO2 decrease the
dissolution rate of the glass ions from the surface, leading to decrease of bioactivity. Very low
content of silica also leads to totally dissolvable monomeric SiO4- units. Silica content also plays
an important role to form hydroxyapatite carbonate (HCA) upon contact with physiological
fluids, thus leading to the chemical attachment to soft/hard tissues. As a result, the interfacial
bonding strength with bone increases, and a stable bond with strength equivalent to or greater
then bone forms. High CaO/P2O5 ratio tends to enable the release of ions from the surface of
the material when soaked in body fluid, forming a surface layer of HCA in a very short time
span. It also supports cell proliferation on the surface of the implant by maintaining the ion
concentration [35]. Previously, Hench and co-workers assumed that a typical range (2–6 wt%)
of P2O5 is required for a glass to be bioactive as it aid the formation of calcium phosphate phase
on the surface, but later Hench and Andersson observed that bioactivity can be independent
of P2O5 as phosphate ion is also available in physiological fluids.

In the last two decades, a number of different oxide systems have been studied to understand
the effect on glass bioactivity and to increase its mechanical strength, still a complete under‐
standing of the correlation between composition and bioactivity is insufficient but mechanical
improvement can be possible. Different partial substitutions in the already approved glass
compositions have been made, as CaO by 12.5 wt% CaF2, SiO2 by 5-15 wt% B2O3, but no
significant effects were found. Even fluoride substitution reduced the bone bonding capability
of the glass [72]. The substitution of MgO for CaO or K2O for Na2O showed slight increase in
bioactivity. During 1990s glasses with alumina and boron oxide gained enormous interest.
Sadly, the addition of small 3 wt% Al2O3 to the 45S5 formula was found to prevent bonding
with bone. Andersson proved that substitution by Al2O3 (1-1.5 wt%) can reduce the bioactivity
of glass because of its carcinogenicity [71]. Osaka et al. and Saranti et al. studied glasses with
B2O3 content and found that the presence of boron has a positive impact on the bioactivity of
the glass [73, 74]. In the case of only B2O3-substituted glass, the ratio between B2O3 and SiO2

plays an important role in the rate of formation of calcium phosphate layer on the surface of
the implant [75]. Later, de Arenes proposed to control the B2O3/Al2O3 ratio in B2O3 and Al2O3

containing glasses in order to show bioactivity [76]. In recent years, researchers tend to play
with the composition of glass incorporating the ions that are abundant in human bone, such
as Mg, Zn, Cu etc. [77–83]. Xia Li et al. found that by incorporating Mg, Zn or Cu in different
amounts in place of Ca2+ can affect the bioactivity of the glass to different extent in a sequence
of Cu < Mg < Zn [84]. Potassium substitution in place of Na+ reduces the viscosity of silicate
glasses and their susceptibility of crystallisation [85]. Even now, a lot of research is going on
to find a relation between the composition of the glasses, which have more than four compo‐
nents and tissue connectivity through phase diagram, but relation between these two factors
is yet to come. Some researchers such as Andersson et al. and Brink et al. predicted the in
vivo reactivity of glasses with six or seven oxides as a function of their composition with
phenomenological models suggested by regression analysis [71, 86].
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2.5. Surface reaction kinetics

Chemical reactivity of a glass in contact with body fluid holds the key of the bone bonding
properties of the glass. Due to the chemical reactions, a layer of hydroxycarbonate apatite forms
on the surface to which bone can connect. When immersed in an aqueous solution, such as
SBF (simulated body fluid) or PBS (phosphate-buffer solution), three general processes occur:
leaching, dissolution and precipitation. Leaching can be characterised as release of ions,
generally by exchange of alkali or alkaline earth metals ions with H+ or H3O+ ions of the
solution. Glass modifier ions leach very easily from the surface of the glass when immersed in
an aqueous solution, as they are not part of the glass network. The ion exchange process leads
to increase in the hydroxide ion concentration, i.e., the basicity of the solution increases to pH
> 7. Network dissolution occurs simultaneously by breaking of the network forming silica
bonds (-Si-O-Si-O-Si-) by the attack of hydroxyl ions (OH–). It releases silica into the solution
in the form of silicic acid (Si(OH)4). In this step, glass composition plays an important role as
the rate of silica dissolution depends very much on glass composition. Silica dissolution rate
rapidly decreases if the weight percentage of SiO2 goes beyond 60% because of the increase of
bridging oxygen, which can hold the network very strongly. Hydrated silica then undergoes
polycondensation with neighbouring silanols to form silica-rich layer. In the precipitation part,
calcium and phosphate ions released from the glass together with those from solution to form
a calcium-phosphate-rich layer on the glass surface. Slowly, it crystallises to form HCA by
incorporating carbonate ions from solution. Generally, there are five reaction stages on the
implant side of the interface with a bioactive glass [72].

Stage 1: Leaching and formation of silanols (SiOH).

Stage 2: Loss of soluble silica and formation of silanols.

Stage 3: Polycondensation of silanols to form a hydrated silica gel.

Stage 4: Formation of an amorphous calcium phosphate layer.

Stage 5: Crystallisation of a hydroxycarbonate apatite layer.

Hench et al. have been extensively described the reaction processes [25, 72, 87–89].

1. Rapid exchange of alkali or alkaline earth metal ions Na+ or K+ with H+ or H3O+ from
solution

Si-O-Na+ + OH ➛ Si-OH+ + Na+ (solution) + OH–.

2. -Si-O-Si-O-Si- bonds break through the action of hydroxyl ions and form Si-OH (silanols)

Si-O-Si + H2O ➛ Si-OH + OH-Si.

3. Condensation of Si-OH groups near the glass surface: re-polymerisation of the silica rich
layer
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4. Migration of Ca+ and PO4
3- groups to the surface through the SiO2-rich layer forming a

CaO-P2O5-rich film on top of the SiO2-rich layer, followed by growth of the amorphous
CaO-P2O5-rich film by incorporation of soluble calcium and phosphate ions from solution.

5. Incorporation of hydrolysis and carbonate from solution and crystallisation of the CaO-
P2O5 film to HCA.

As these stages were proposed many years ago, they are proved through time by various types
of characterisation techniques. 17O nuclear magnetic resonance (NMR) confirmed the increase
of bridging oxygen bonds during leaching, which indicates the repolymerisation of Si-OH
groups in the silica-rich layer [90]. The formation of crystallise HCA layer on the surface was
confirmed by surface-sensitive-small-angle X-ray diffraction (XRD) [91]. Calcium phosphate
nucleate on the SI-OH groups as they have negative charge in solution and the separation of
the SI-OH groups is thought to dictate the orientation of the apatite crystals, which grow with
a preferred orientation in the 001 plane on Bioglass 45S5 [23, 92–95].

2.6. Bioactive glass in vivo

The bioactivity of glasses can only be investigated and confirmed after testing with living
tissues. If a calcium phosphate layer can be found on a silica gel layer at the surface of the
implants, the glass can be called bioactive. The extent of bioactivity of the glass is directly
dependent on the ability of the glass to form calcium apatite layer. The above-mentioned five
stages on the surface of bioactive glass do not depend on the presence of tissues. The sequence
of in-vivo reactivity of bioactivity glass with tissues has been investigated by Hench and
Andersson [37, 87, 96].

Stage 6: Adsorption of biological moieties in the SiO2-hydroxycarbonate apatite layer

Stage 7: Action of macrophases

Stage 8: Attachment of stem cells

Stage 9: Differentiation of stem cells

Stage 10: Generation of matrix

Stage 11: Mineralisation of matrix

Through the 11 stages, a bioactive glass bonds with the bone. Gradually, the bioactive glass
will be absorbed with increasing bone ingrowth.

45S5 Bioglass® was the first bioactive glass successfully investigated in vivo by many research‐
ers [17]. After that another bioactive glass S53P4 was developed by Andersson and Karlsson
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and has been successfully used in clinical applications [97–99]. Later, glass 13-93 and glass 1-98
also showed good bioactivity in vivo [86, 100–102].

Extensive research in this field in recent years comes out with some limitations of the model
of reaction kinetics proposed by Prof. Hench. Hench proposed that in the first stage of the
reaction a rapid exchange of Na+ ions released from the glass with the protons (H+) of the
solution occur, although in the modern era bioactive glass has been synthesised without
sodium. Influence of the mole fraction of silica on the bioactivity is still not clear. Also, it was
observed that if the implant is broken and the broken surfaces stay in contact with SBF, they
tend to self-repair by fusing themselves through their apatite surface layers [103].

In the case of clinical trial, the main problem is to make patient-specific implants because every
patient is different. To study the implant specificity and implant site adjustment in vivo animal
model, studies can be compared if the same models are used. The first in vivo study was
completed for Bioglass monoliths on the rat femurs, and after 6 weeks the interfacial shear
strength of the bond between the glass and the cortical bone was equal or greater than the
strength of the host bone [24, 104]. Bioglass 45S5 also degrades more rapidly than hydroxya‐
patite, and the degeneration was because of solution-mediated dissolution. The model of the
study later named as Oonishi model was completed by drilling 6 mm diameter into the femoral
condyle of rabbits. Bleeding was stopped before inserting the particles [105–107]. Recently, it
was found that initially the bone grew into the particles that were on the outer periphery in
contact with the host bone, but within 2 months of implantation bone also formed inside the
isolated Bioglass particles. This study indicates that the Bioglass particles can trigger stem cell
differentiation and convert it into osteoblasts [108]. Hands-on experience by various surgeons
points out the advantage of making a putty-like material by mixing the particles with blood
prior to implantation, which later encourages the development of Nova bone [109]. The
explanation behind this advantage of putty-like material is either it can separate the particles
to allow new bone to grow between them or the pH environment created was more suitable
for bone ingrowth. Fujibayashi et al. used the Oonishi model to test phosphate-free glass
particles and for one of his compositions almost similar amount of bone ingrowth to Bioglass
was found. But with increasing SiO2 content the bone ingrowth reduce rapidly [110]. Wheeler
et al. compared Bioglass 45S5 with sol-gel glasses 77S and 58S using the Oonishi model and
observed that up to 8 weeks the bone ingrowth was more in the case of Bioglass, but after 12
weeks the amounts were equivalent. The procedure of bone ingrowth, viz. formation of silica
layer, apatite formation and finally bone formation via HCA was found to be same as Bioglass
[111]. The initial slower rate can be result in the rapid release of calcium in the case of sol-gel
glasses causing increase in pH at the site.

2.7. Bioactivity in vitro

Before going to in vivo trials, a glass material has to be passed in vitro tests. The in vitro test
helps us both ethically and economically as they reduce the number of animals necessary for
in vivo tests. Earlier in vitro test was performed by immersing the glass in either distilled water
or tris-buffered solutions, but after development of SBF by Kokubo et al. it has become the
most widely used solution for in vitro investigation. SBF contains all the essential inorganic
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components of human blood, and proportions are also almost similar to human blood plasma
[112]. During in vitro studies, pH of the solution is buffered between 7.25 and 7.4 at 37°C.

Na+ K+ Mg2+ Ca2+ Cl– HCO3
– HPO4

2– SO4
2–

Plasma 142.0 5.0 1.5 2.5 103.0 27.0 1.0 0.5

SBF 142.0 5.0 1.5 2.5 147.8 4.2 1.0 0.5

Table 2. Ion concentrations of SBF and human blood plasma (mM) [112].

SBF is a supersaturated solution and hence precipitation of calcium phosphate can easily take
place during preparation, storage and in vitro test. Many researchers have tried to correct the
difference of ion concentrations of Cl– and HCO3

–. Oyane et al. made a revised SBF (r-SBF) in
which the concentrations were matched, but the solution shows a strong tendency to precip‐
itate calcium carbonate [113]. In 2004, Takadama proposed a modified SBF (n-SBF) in which
only CL– ion concentration was increased [114]. Several properties of bioactive glasses have
been studied in SBF by observing the changes in weight and surface morphology of the glass
and also observing the change of pH and ionic concentrations of the solution. Some research
groups focussed on the physical and mechanical properties whereas some groups are inter‐
ested in knowing chemical and bioactive properties of glass [115–118]. It was observed that
the extent of bone ingrowth among glass particles increased according to their ability to form
apatite in SBF. Thus, it can be said that the in vivo bioactivity of a glass can be assumed precisely
from its nature in SBF.

Five typical reaction stages, as described in surface reaction kinetics part, occur when in vitro
bioactivity test is performed. Initially, due to ion exchange of alkali or alkaline earth metal ions
with H+ ions of the SBF solution, pH of the solution increases. By the action of OH– ions
network, dissolution occurs with the formation of Si(OH)4. The dependency of dissolution rate
is more or less same as described before. The leaching and dissolution phenomenon is followed
by a formation of silica-rich layer on the surface by polycondensation of neighbouring silanols,
which ultimately form a calcium-phosphate-rich layer by incorporating Ca+ and PO4

3– ions.
The layer increases by including soluble calcium and phosphates from the SBF, forming an
amorphous CaP-rich layer. Finally, the CaP-rich layer crystallises to a hydroxycarbonate
apatite structure.

With changes in composition, differences in sample dosage, shape and size, sample porosity
and surface morphology also affect the bioactivity of a glass [117, 119–123]. Most studies of
bioactive glasses have used samples in the form of discs or plates, however in accordance with
their applications other forms are also of interest.

2.8. Mesoporous bioactive glass (MBG)

For treatment of bone defects resulting from trauma, infections, tumours or genetic malfor‐
mations, bioactive glass scaffolds have been extensively studied. In the case of bone regener‐
ation, combination of osteoconductive, osteostimulative and angiogenic factors with bioactive

Doped Bioactive Glass Materials in Bone Regeneration
http://dx.doi.org/10.5772/63266

289



glass are proved to be useful [124–126]. This advantage of bioactive glass made it a subject of
interest for almost 50 years and day by day according to rise in life expectancy, the field of its
application is increasing. Extensive research in this topic comes out with a handful of modifi‐
cations for the last two to three decades. Recently, it was found that kinetic deposition process
of HCA on bioactive glass can be enhanced by increasing the surface area and pore volume
[127]. Therefore, control over porosity, pore size and internal pore connectivity of bioactive
glasses is essential to understand and design better bone forming biomaterials. A new field of
application was started when surgeons found that in the case of bone reconstruction surgery,
bacterial infection may cause osteomyelitis. Traditionally, techniques such as systemic
antibiotic administration, surgical debridement, wound drainage and implant removal have
limitations and may lead to additional surgical interventions for the patients [128]. Conven‐
tional drug delivery options, such as injection or taking a pill, increase the concentration of
drug in blood up to peaks and then suddenly decline [129]. Hence, to improve drug delivery
efficacy, continuous action, reduce toxicity and convenience to patients a lot of work has done.
In addition, the procedure was also considered for treating malignant bone disease in which
drug will be effectively released at the sites of bone disease from loaded biomaterials [130,
131]. Since the invention of first bioactive glass, in the last 40 years it has shown various
attractive properties for bone tissue regeneration application by virtue of their osteoconduc‐
tivity and degradability [124, 132, 133]. In 2004, Yu et al. for the first time prepared mesoporous
bioactive glasses (MBG) by the sol-gel method using surfactants, which opened a new direction
in the field of regenerative medicine [134]. The materials were composed of highly ordered
mesopore channel structure with a pore size ranging from 5 to 20 nm. MBG has gained the
interest of researchers very rapidly for its drug loading and release properties, which depend
on the mesoporous structure of the materials. Due to its tuneable pore size, large specific
surface area and pore volume, the materials can be used in bone-forming activity and can be
loaded with osteogenic or therapeutic agents [125, 126, 128, 131, 135, 136].

2.8.1. Preparation of different types of mesoporous bioactive glasses and their in vitro bioactivity

Mesoporous bioactive glasses were emerged when the supramolecular chemistry of surfac‐
tants was incorporated into the bioactive glasses field. These materials have the composition
of bioactive glasses but with designed mesoporosity and textural parameters. MBGs are
generally prepared by combining non-ionic surfactants (triblock copolymers, CTAB, P123,
F127, PEO, PU, etc.) into the reaction system, which are essential for obtaining well-ordered
structures [134, 137]. The most well-known and accepted procedure of making mesoporous
bioactive glass is evaporation-induced self-assembly (EISA) method [138]. The initial homo‐
geneous mixture is obtained by dissolving precursors in a common medium such as ethanol-
water mixed solvent system. The surfactants can act as micelles and are able to link with the
hydrolysed precursors (e.g., TEOS and TEP) to form an ordered mesophase, where a constant
ratio of network former and precursors and the surfactant was kept [139]. After that, following
the process of sol-gel, gelling and drying takes place, and by the removal of surfactant through
calcination finally gives MBG with a well-ordered mesoporous structure. The order of porosity
of the material depends on surfactant chemistry (ionic, non-ionic, polymeric, etc.), surfactant
concentration, organic/inorganic phase volume ratio, temperature and pH of the sol.
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Recent studies on mesoporous bioactive glass show increasing use of MBG in different fields
of tissue engineering and drug delivery. The types of MBG used in these fields may be particle,
sphere, fibres or 3D scaffolds. The first MBG powders or particles were prepared by using P123
and F127 as a surfactant, with the composition of 80Si-15Ca-5P, 70Si-25Ca-5P and
60Si-35Ca-5P. Calcination at 700°C gives a highly ordered MBG powder. The bioactive
characteristics of a scaffold can be assumed from their ability to form apatite layer on their
surface in vitro. Zhu and Kaskel reported that the rate of apatite formation in the case of MBG
is noticeably higher than its contemporary bioactive glass scaffolds [140]. Other than the
mesoporous structure, the chemical composition of the mesoporous bioactive glass is the other
factor to influence in vitro bioactivity. Now a days, scientists are focussing on modifying the
basic properties of MBGs, which are high specific surface area, porosity etc. and found that
upon changing these properties the apatite-formation ability of MBG could be fine-tuned [49,
141–143]. Lei et al. prepared MBG microspheres through the sol-gel process with uniform
diameter range of 2-5 μm and a mesoporous shell [144]. Zhao et al. prepared MBG micro‐
spheres with high P2O5 contents (up to 15%) and studied the apatite formation in vitro [145].
Studies indicate that the diameter of the microspheres has a positive effect on the bioactivity.
Moreover, MBG microspheres with higher P2O5 content were found to be more bioactive due
to their different ion diffusion rates from the glass network. MBG can also be prepared as
ultrathin fibres by electro-spinning techniques with high matrix homogeneities. By controlling
the parameters of electro-spinning, the properties of the fibres such as pore volume, surface
area and diameter of the hollow core can be tuned. These fibres were found to be highly
bioactive when tested in vitro [146, 147].

2.9. Ion-doped bioactive glass with and without mesoporosity

2.9.1. Introduction

The clinical demand of bioactive glass is increasing rapidly day by day due to its versatile
properties viz. bioactivity, resorbability, ostioproductive, osteoconductive and osteoinductive
nature, depending upon its flexible compositional range. With increasing population, the
diversity of required implants is also expanding. The wide range of application of bioactive
glasses include implants for bone defects, repairing or replacing damaged diseased tissues,
scaffolds for bone grafting, preparing bone cement, as novel drug carrier and coating material
for implants [26, 37]. When implanted in human body, a hydroxyapatite carbonate layer forms
on the implant-bone interface which is chemically and structurally similar to the mineral phase
of human bone. In the last two decades, researchers found that the sites of implantation of
different parts of our body require different chemical and physical properties, and hence
bioactive glass with different or modified compositions. Bioactivity of a glass is mainly
dependent on its surface reactivity and composition and by modifying those, improvement of
the system can be possible. Sometimes modification also needed in order to overcome the
disadvantages of traditional bioactive glasses such as high solubility and low fracture tough‐
ness.
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Recent trends in literature suggest that ionic dissolution products from inorganic materials are
keys to understand and assume the behaviour of bioactive glasses in vitro and in vivo. Since
many trace elements such as Sr, Cu, Zn, Mg or Co present in the human body are known for
their anabolic effects in bone metabolism, in order to mimic the natural system new approaches
for enhancing bioactivity, beneficial and appropriate ions are being introduced [148–151]. It is
believed that more similar system such as the host body will increase the bioactivity of the
implant. The release of these ions after exposure to a physiological environment tends to
improve the bioactive activities of the implant related to both osteogenesis and angiogenesis.
Thus, recent trend is to incorporate different ions into the composition of bioactive glasses to
enhance their physical characteristics and therapeutic benefit.

This incorporation of different ions in the composition of glass is called doping and it is very
crucial for production of functional materials. By definition, a doping element is an additional
incorporation in the main composition at a very low concentration compared to the main
constituents ranging from a few ppm to a few percent. In many cases, it was found that the
functionality of the material is directly dependent on the doping elements. In some other cases,
doping may improve surface structure of the implant or the physical attributes of it. In
particular, the points related to doping can be listed as follows [152]:

1. The functionality is directly associated with doping.

2. Doping provides a structural control over the material.

3. Doping provokes unexpected structural modifications.

4. Doping brings new unexpected functionality to the material.

It is hard to identify the particular time when doping was first started, but around late 1985
the trend of incorporating different ions were started. First, a number of different ions such as
Al, Ag, Fe, Ni, Cr, Cu, Co, Ta, Sb, La, etc. were doped and then tested in vitro and in vivo [153].
Initially, the dopants were chosen according to their similarity in valence with the elements
already present, but with time and following the literature about the essential trace elements
required in our body, the interest about dopants has been focussed on some specific elements
and their affects [149, 150].

2.9.2. Role of inorganic ions present in human body

Human bone is a highly vascularised tissue which can remodel throughout the life by
regulated activity of osteoblasts (bone-forming cells) and osteoclasts (bone-resorbing cells)
[154]. The process of bone remodelling is dependent on a variety of local regulatory agents
such as growth factors, hormones, etc. [155]. Inorganic ions such as calcium [156–158],
phosphorous [159], silicon [160, 161], strontium [162–164], zinc [165], boron [166] and magne‐
sium [167] are also affect the bone metabolism. The acts of the inorganic ions in this context
are given in Table 3.
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Ion Biological activity Reference

Si • Metabolic processes, formation of bone tissue

• Intake of Si increase bone mineral density

• HAP precipitation

• Help to stimulate collagen I formation and osteoblastic differentiation

[160, 168]
[169]
[170]
[161]

Ca • Favours osteoblast proliferation, differentiation and mineralisation

• Activates Ca-sensing receptors in osteoblast cells

[156]
[155]

P • Matrix gla protein (MGP) stimulation [159]

Zn • Shows anti-inflammatory effect

• Bone formation in vitro by activation of protein synthesis in osteoblasts

• Increase ATP’s activity

[171]
[172]

Mg • Help to form new bone

• Increase bone-cell adhesion and stability

[173]
[174]

Sr • Beneficial effects on bone formation in vivo

• For treating osteoporosis

[155]
[175]

Cu • Promote synergic stimulating effects on angiogenesis
when associated with angiogenic growth factor FGF-2

• Stimulates proliferation of human endothelial cells

[176]
[177]

B • Stimulates RNA synthesis in fibroblast cells

• Stimulates bone formation

[178]
[179]

Li • treatment of both bipolar and unipolar depressive disorder

• effects on blood and brain

• enhance immunological activities of monocytes and lymphocytes

[180, 181]
[182]

Table 3. Acts of different inorganic ions in human body.

By acting as an enzyme cofactors, metal ions influence signalling pathways and stimulate
tissue formation [150, 183]. These effects make metal ions interesting for use as doping
materials in the field of hard and soft tissue engineering. Several ions, such as Sr, Zn, Cu, Mg,
B, etc. have been considered to be promising in enhancing the bioactivity of implant materials
by controlling the release of specific ions during in vivo dissolution.

2.9.3. Ion-doped bioactive silicate-based glasses

In order to improve the bioactivity, stimulating effects on osteogenesis, angiogenesis and
antibacterial effects of bioactive glasses in a specific physiological environment, many methods
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have been studied incorporating various metal ions in the silicate network. Different substi‐
tuted silicate glasses exhibit a certain level of acellular bioactivity when tested in vitro by
standard SBF test, according to Kokubo et al. [21]. The formation of HCA layer on the surface
has been the unit of bioactivity measurement as from these results one can assume the
bioactivity in vivo.

2.9.3.1. Zinc-bioactive glass

Zinc is an essential trace element in our body as it is a cofactor for many enzymes. It also helps
to stimulate protein synthesis which is essential for DNA replication and also has an important
role in the growth, development and differentiation of bone cell [184–187]. In addition, zinc
also has antibacterial properties against Staphylococcus aureus [188].

Balamurugan et al. synthesised a bioactive glass in CaO-P2O5-SiO2-ZnO system by the sol-gel
method containing 5 mol% ZnO which increased ALP activity and osteoblast proliferation
[189]. They also examined that incorporation of zinc does not reduce the bioactivity of the
bioactive glass. Higher surface area of Zn-substituted glass can be a better nucleation site when
immersed in SBF solution making the calcium phosphate phase more crystalline [190, 191].
Recently, Atkinson et al. found that up to 5 mol% of zinc substitution in a sodium-free bioactive
glass composition has the ability to induce apatite formation alongside a calcite phase. Increase
in Zn content has a tendency to decrease the calcite phase, however it does not affect the apatite
deposition [187]. This calcite phase can also bond with bone without the formation of an
appetite layer [192]. Du et al. observed that initially Zn retarded the nucleation of HCA at the
early stage of SBF soaking, but did not affect the HCA formation in long-term immersion [193].
Scientists have also reported that more than 10 mol% of Zn has a negative effect on bioactivity
and after 20% an excessive drop can be seen [194]. ZnO can act as a network modifier or an
intermediate oxide or both in the glass structure. It is found that up to a certain amount ZnO
works as a network modifier, but with increasing ZnO content it switched from network
modifier to an intermediate oxide [191]. Shahrabi et al. found that 5 mol% ZnO may reduce
the number of non-bridging oxygen atoms, resulting in a decrease in glass bioactivity [195].
Zinc has the ability to remove cations from silica network and the new bond formed (Si-O-Zn)
have considerably lower bond strength than Si-O-Si bond, which leads to decline in glass
transition temperature. As observed, zinc can show very good antibacterial activity for the
Bacillus subtilis and Pseudomonas aeruginosa strains [187].

2.9.3.2. Strontium-bioactive glass

Strontium (Sr) is a naturally occurring mineral found in water and food. It is also an essential
trace element of human body. The total amount of Sr in human body of a 70 kg standard man
is around 0.32 g. Recently, researchers have found that Sr positively affects bone metabolism
to promote bone formation and osteoblast replication while inhibiting bone resorption by
osteoclasts [196]. Evidence also showed that strontium not only enhances osteogenic differ‐
entiation, but also helps to stabilise the bone structure [197]. However, too much Sr may
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increase the number of osteoclast cells which can inhibit bone regeneration and remodelling,
leading to osteonecrosis. Thus, strontium has very good effects up to an optimum level. Among
the trace elements human body have, only Sr was correlated with bone compression strength
[198]. In vitro and in vivo studies showed that strontium ions upregulate osteoblasts and
downregulate osteoclasts [175, 199]. The presence of Sr on the surface of a biomaterial decreases
the rate of ion-release at the defect site, which is therapeutically beneficial [200]. Sr-substituted
boron glasses show a good adhesion with osteoblast-like cells, Saos-2, thus enhances the cyto-
compatibility of borate glass. Lao et al. confirmed that Sr-doped bioactive glasses are more
bioactive in vitro than their original counterparts. Sr-doped glasses are also able to increase the
rate of bone-like apatite layer formation on their surface. Moreover, it also decreases the Ca/P
ratio very rapidly, which leads to faster stability of apatite layer, and hence greater bioactivity
[201]. Substitution of 5 wt% strontium in place of calcium shows advantageous effect on foetal
mouse calvarial bone cells [202].

Strontium-based bioactive glasses has a tendency to increase metabolic activity in osteoblasts
and to decrease osteoclast activity. The decrease of osteoclasts is may be caused by decreasing
tartrate resistant acid phosphate activity and inhibiting resorption of calcium phosphate films
[203]. In some cases, it was found that substitution of Sr in place of Ca is more effective strategy
for building materials suitable for bone regeneration therapies [203]. The substitution of Ca by
Sr (in mol%) sometimes increases silica content as Sr is heavier than Ca, which results in
reduced solubility and hence bioactivity. Though replacing by wt% sometimes increases the
rate of HCA formation [201, 204]. In comparison, Sr is slightly larger than Ca, which expands
the silica network and increases ion dissolution rates, leading to significantly increased in
vitro and in vivo reactivity. The in vivo bioactivity is greater in the case of Sr-doped bioactive
glasses due to the biological effects of Sr on bone-forming cells [205].

In corporation of mesoporosity in bioactive glass was found to enhance bone-forming ability,
degradation and drug delivery properties compared with traditional bioactive glasses.
Therefore, there has been a growing interest on ion-doped mesoporous bioactive glasses and
their properties. Zhang et al. found that Sr-MBG shows very good mechanical stability from
the viewpoint of its original counterpart, which is required for bone repair [206]. They also
observed good apatite forming ability of the Sr-doped MBG. Further study of Sr-MBG scaffolds
showed that substitution of Sr for Ca stimulated the proliferation, ALP activity, osteogenic-
related gene expression and ECM mineralisation of MC3T3-E1 cells [206].

Zhao et al. tested Sr-MBG scaffold in restoration of the rat critical-sized calvarial defects model
and found that Sr-MBG scaffolds have superior osteoconductive property in course to normal
MBG scaffolds. Moreover, it was found that Sr-MBG scaffolds has a tendency to stimulate new
blood vessel formation in bone defect areas [207]. Very recently, Sriranganathan et al. reported
that with increase of the Sr substitution for Ca in high phosphate bioactive glasses decreases
the formation of apatite layer directly. They proposed that the apatite formation proceeds via
the formation of an octacalcium phosphate (Ca8(PO4)6H2·5H2O) phase, which then transforms
into hydroxyl-carbonate apatite. Above a certain concentration of strontium, the octacalcium
phosphate phase is unable to form, which ultimately delays the HCA formation [208].
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2.9.3.3. Lithium-bioactive glass

Lithium has a prolonged medical history as it has been used for over 100 years to treat manic
depression [180]. Lithium also marked its importance in the treatment of both bipolar and
unipolar depressive disorders. Along with that lithium also has several other effects on blood
and brain [181]. Clinicians also observed that lithium often increases the white blood cell counts
(granulocytosis) and reduces blood lymphosite counts (lymphomenia). Lithium also has a
tendency to enhance immunological activities of monocytes and lymphocytes. Researchers
have also found evidence of lithium in bone mineral metabolism [182, 209, 210].

In vitro bioactivity test indicates a decrease in bioactivity with increase in lithium-ion concen‐
tration. The theory behind it is that lithium forms lithium oxide groups by reacting with the
hydroxyl groups present in the pure sol-gel, which limits crystal formation. Recently, Khorami
et al. observed the in vitro bioactivity of lithium substituted 45S5 glasses and found no certain
advantage of lithium in the reactivity of the bioactive glass composition. A theory based on
observations state that in vitro reactivity increases with increasing glass solubility. In this study,
lithium was replaced for sodium (in wt%) and hence a little decrease in the molar concentration
of glass network formers (SiO2 and P2O5) takes place, which may result in an increase in glass
solubility. However, the ionic radius of Li+ is lower than Na+. Thus, lithium has a strong affinity
for bonding to oxygen and tends to contract the free spaces in the silicate network. This
phenomenon reduces the rate of glass dissolution and improves chemical durability [211].

The release of lithium ions in SBF is higher for sample with higher lithium content, with an
initial burst in the first 24 h followed by more sustained release. Lithium also shows ALP
activity and mineralisation in a dose-dependent manner from 0.2 to 0.85 ppm when exposed
to murine osteoblast cells [212].

2.9.3.4. Magnesium-bioactive glass

Magnesium naturally exists in human body and it is amongst the most important elements in
the bone matrix. Enamel, dentin and bone contain 0.44, 1.23 and 0.72 wt% magnesium,
respectively [213]. Magnesium is involved in over 300 chemical reactions inside human body.
It is also known to activate phagocytosis and regulate active calcium transport. Magnesium
also has positive effect in wound healing, bone metabolism, fracture prevention and bone
density [214, 215].

When doped, Mg can act as a network former or network modifier. This indicates that an
increase in Mg content may lead to more Mg2+ ions participating in the silica network by
making weaker Si-O-Mg bond rather than stronger Si-O-Si bonds, leading to weakening of
overall glass network [216]. With increasing MgO content glass degradation gradually
decreases, and the formation of apatite layer is hampered [213, 217].

MgO can affect the surface reactivity of Mg-doped bioactive glasses by indirectly influencing
the early stage of mineralisation by favouring the silica atom with non-bridging oxygen
speciation [116]. Surface reactivity of Mg-BG increases with increasing MgO/CaO ratio, which
can play an important role in glass bioactivity. Based on another study, it was found that the
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role of Mg2+ in the formation of HCA apatite layer in SiO2-CaO-Na2O-P2O5 system was
insignificant. These contradictory observations created a variety of theories based on ionic
potential [218], structural parameter [66] or network connectivity [219]. However, all these
theories failed to explain glass bioactivity properly. Varanasi et al. observed significant effect
of MgO on the osteoblast differentiation [220]. Other studies also support the increased
osteoblast proliferation and differentiation. These findings proved the positive effect of
magnesium doping in the bioactivity of bioactive glass.

2.9.3.5. Silver-bioactive glass

In bone reconstruction surgeries, there are two main factors that should be considered: (1)
chemical bond with living bone; (2) prevents bacterial infection. As we know that bioactive
glasses show well bioactivity and bond with living bone, but a colonisation of bacteria on the
surface of the implant can lead to failure of the treatment. The consequences of implant
infections are serious and sometimes it leads to second surgery with a lot of suffering [221].

Due to the antimicrobial properties of silver, the recent focus on development of silver-doped
implants is increasing. The antibacterial properties of bioactive glasses containing silver have
been investigated by several researchers [222, 223]. The main advantage of incorporating silver
ions in a gel-glass system is that the porous glass matrix enables a controlled, sustained delivery
of antibacterial agent. Some researchers found that high concentration (2 wt%) of silver ions
show cytotoxicity, but in the range of 0.75-1 wt% silver has no toxic influence [224]. Due to the
higher efficacy of silver, it has gained the interest of scientists, and after extensive research
different mechanisms have been proposed for its antimicrobial activities:

1. Interface with electron transport.

2. Binding to DNA.

3. Interaction with the cell components [225, 226].

Silver incorporation has no significant effect over the bioactivity of the glass [222]. However,
silver has a tendency to reduce the dissolution of silica when replaced in place of calcium. As
silver is monovalent in comparison with bivalent calcium ion, it takes two silver ions to make
two non-bridging oxygen groups in place of one calcium ion. Thus, replacement of calcium by
silver lessens the number of non-bridging oxygen groups, and reduces the glass dissolution
[191]. Due to its highly promising antibacterial and anti-inflammatory properties, silver-doped
bioactive glasses are considered to be very useful for wound healing applications alongside
tissue engineering.

3. Clinical relevance of doped bioactive glass

Bioactive glasses are that bone substitutes which posses3. Clinical relevance of doped bioactive
glasss the unique property of osteoconduction as well as osteoproduction by stimulating
proliferation and differentiation of osteoprogenitor cells through a direct genetic control [24,
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227]. The discovery of these new materials led Hench and Wilson to propose the concept of
osteostimulation or osteopromotion to define this class of bioactive materials and their effects
on the genetic activation of bone cells [228]. Bioactive glasses are surface reactive biomaterials
that, when in contact with physiological fluids, release soluble ionic products that have been
suggested to stimulate in vitro osteogenesis [227, 229]. On critical analysis, Young’s modulus
of bioactive glass being between 30 and 50 GPa, nearly that of natural bone, is a great advant‐
age. One disadvantage is the low mechanical strength and decreased fracture resistance [230].
This can be easily overcome by altering the composition, using it in low load-bearing areas,
and using it for the bioactive stage. Furthermore, bioactive glass manufactured via the sol-gel
technique permits the synthesis of material with higher purity and homogeneity at low
temperatures [52]. Additives can be easily introduced during the sol-gel process to improve
the bioactivity of such glasses. Indeed, improvement of the biological properties of bioactive
materials can be achieved by the incorporation of ions (doping) that positively affect osteoblast
behaviour and consequently enhance new bone formation [202].

In addition, in vivo studies have demonstrated beneficial results from their use in various
clinical situations [231–234]. After implantation, interaction with surrounding tissues results
in a time-dependent alteration of the material’s surface and the formation of a hydroxyl
carbonate apatite layer that is very similar to the mineral phase of bone [235]. More recently,
a new category of sol-gel glasses has been manufactured with enhanced bioactivity and open
pores enclosed in a mesoporous matrix [134, 236]. Furthermore, bioactive glass manufactured
via the sol-gel technique permits the synthesis of materials with higher purity and homoge‐
neity at low temperatures [52]. Additives can be easily introduced during the sol-gel process
to improve the bioactivity of such glasses. Indeed, improvement of the biological properties
of bioactive materials can be achieved by the incorporation of ions that positively affect
osteoblast behaviour and consequently enhance de novo bone formation.

Metallic ions in body play a crucial role as cofactors of enzymes and excite a chain of reactions
related to cell signalling pathways [176]. A number of literatures have been cited on the
interaction of metallic ions in various diseases and metabolic disorders such as cancer, CNS
disorders, infectious diseases and hormonal disorders [237, 238]. Hence, the effectiveness and
selectivity of the beneficial effect of metallic ions can be enhanced by controlling the exact level
in the body. Additionally, due to unstable ionic states of certain metallic ions, toxic effects may
follow while directly ingested. Hence, wide spread research is underway to develop matrices
to control the local release of metallic ions with less systemic toxicity as well as availability of
relatively high concentrations of metallic-ion-based drugs to target tissues. The degree of
metallic ion loading into matrices for local delivery as well as their controlled and sustained
release is of paramount importance for optimal therapeutic use. Common strategy is to load
metallic ions into matrices such as hydroxyapatite, bioactive glass, silica and carbon fibres to
improve ionic stability and to release for a prolong period of time [148, 239–248]. Due to these
superior characteristics, metallic ion doping in biomaterials is an alternative, cost-effective,
safe strategy than use of recombinant proteins or genetic engineering approaches [249].
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3.1. Doped bioactive glass in bone regeneration

In bone tissue engineering, bioceramics or bioactive glasses and biodegradable polymers [15],
often comprise metallic ions as part of the bioceramic or bioactive glass structural composition.
The metal ion is generally released during their degradation in vitro or in vivo [148, 250]. For
instance, when bioactive glass (e.g., 45S5 Bioglass) [26, 251] is used as scaffolds to fill a bone
defect, critical concentrations of soluble Si, Ca, P and Na ions are released, with the capacity
to generate both intracellular and extracellular effects at the interface between the glass and
the cellular environment [124, 133, 148, 227, 252–261]. It has also been observed that released
ions from bioactive glasses can induce gene expression which in turn helps in bone metabolism
by signal transduction as well as enhance cell differentiation and osteogenesis [27, 124, 227,
254]. Furthermore, the ionic dissolution products of bioactive glasses can also encourage
angiogenesis [262]. Other metallic ions which may have significant role in bone tissue engi‐
neering include copper, magnesium, strontium, manganese, iron, zinc and silver owing to their
imminent role as cofactors in metabolic processes in bone, articular tissues and immune system
functions [149, 263].

The application of chitosan-doped bioactive glass (BG-CH) was assessed in the guided bone
regeneration in ovariectomised rats. The histomorphometric analysis showed increased bone/
tissue volume, osteoblast number and osteoblast surface/bone surface and trace elements such
as Sr and Fe were detected in the newly formed bone may be responsible for enhanced bone
healing and found clinically useful as a therapeutic and implantable material [264].

Zinc being a trace mineral in human body performs a variety of functions in relation to the
immune system, cell division, fertility and the body growth and maintenance. Moreover, zinc
is also a necessary element for the formation, mineralisation, development and maintenance
of healthy bones. These unique properties of zinc evoked the interest of researchers to use it
along with silicate-based bioactive glasses for bone tissue engineering and found to have
significant ability to enhance antibacterial effects, bioactivity and distinct physical, structural
and mechanical properties of bioactive glasses [265]. Zinc also stimulates bone formation and
mineralisation by activating aminoacyl-tRNA synthetase in osteoblastic cells, and it stimulates
cellular protein synthesis. Zinc plays a role in the preservation of bone mass by inhibiting
osteoclast-like cell formation from marrow cells [171]. It also promotes attachment, prolifera‐
tion of osteoblast and increase ALP expression that is responsible for laying down the bone
callus. The doping of Zn into bioactive glasses produces higher chemical stability and densi‐
fication of glasses matrices. Zinc doping in bioglass for repair of diaphyseal defect creates a
good link of interface between bone and Zn-BG during the first speeds, whereas during the
last speeds osseoingration, resorption and degradation of bioactive glass and their replacement
by bone cells occurs [266].

Strontium (Sr) is a naturally occurring trace element often acts similarly to Ca in the human
body; both have strong bone-seeking properties, and Sr can be substituted with Ca in the
apatitic phase of bone mineral [267]. Administration of Sr in moderate doses prevented caries
in rats [268]. Among the trace metals present in human bone, Sr was the only that was
correlated with bone compression strength [198]. Furthermore, over the past few years, Sr has
attracted attention through its beneficial effects on bone healing. Indeed, both in vitro and in
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vivo studies have demonstrated stimulatory effects of Sr on osteoblasts and an inhibitory effect
on osteoclasts, associated with an increase in bone density and resistance [199, 269–271].
Nowadays, strontium ranelate is used as a commercial antiosteoporotic oral drug that has been
proven to reduce the incidence of fractures in osteoporotic patients [196, 272]. Addition of
strontium-substituted bioactive glass (SrBG) into PCL and fabricating into 3D bioactive
composite scaffolds utilising additive manufacturing technology yield higher compressive
Young’s modulus [273]. Oxidative stress, a pivotal pathological factor inducing bone osteo‐
porosis, can also be reduced by Zn doping of bioglass in overiectomised Wistar rats as Zn
significantly enhances superoxide dismutase (SOD), catalase (CAT) and glutathione peroxi‐
dase (GPx) and the Ca/P ratio whereas decreases thiobarbituric acid-reactive substances and
thus improves bone mineralisation [274]. The study on effects of the substitution of calcium
oxide with Sr on bioactive glass also shows promotion of osteogenesis in a differentiating bone
cell culture model using mesenchymal stromal cells obtained from rat bone marrow and
proved to be potential for bone tissue regeneration [275]. Sr-doped bioglass implant enhances
bone regeneration in patients suffering from osteoporosis [276]. The growing evidence of the
beneficial effects of strontium on bone justifies the increasing interest in Sr incorporation into
biomaterials for hard tissue repair. Thus, strontium-doped bioactive glasses have been recently
developed via a sol-gel method that enables a better control of the reaction kinetics [201, 277].

A multifunctional bioactive scaffold should combine angiogenesis capacity, and osteostimu‐
lation, for regenerating lost bone tissues. To achieve these objectives when copper (Cu)-
containing mesoporous bioactive glass (Cu-MBG) scaffolds with interconnective large pores
are used in vitro both Cu-MBG scaffolds and their ionic extracts stimulates hypoxia-inducible
factor (HIF)-1α and vascular endothelial growth factor (VEGF) expression in human bone
marrow stromal cells (hBMSCs). Thus, incorporation of Cu2+ ions into MBG scaffolds increase
hypoxia-like tissue reaction which enhance angiogenesis and osteogenesis and has promising
scope for the treatment of large bone defect [278]. Controlled delivery of 3 wt% CuO from
borate bioactive glass scaffolds implanted in rat calverial defect shows significantly better
capacity to stimulate angiogenesis and regenerate bone when compared to the undoped glass
scaffolds [279]. It is also evident that copper-doped bioglass scaffold in vivo acts on BMSCs
((bone-marrow derived mesenchymal stem cells) to stimulate secretion of VEGF which in turn
enhances the angiogenic growth into the scaffolds [280]. Copper (Cu) has the property to
stimulate vascularisation/angiogenesis and silicate bioceramics have also stimulatory effects
on vascularisation in vitro due to the release of silicon (Si) ions. Hence, when combined in
bioceramic implant Cu and Si have synergistic effects [281].

Biomaterial-centred bacterial infection, one of the major reasons for revision surgery [282], led
the researchers to explore such material that could control infection as well as promote bone
healing. Incorporation of silver oxide (Ag2O) proved its promising future to combat against
microbial infection on biomedical materials and devices [241, 242, 283–285]. The introduction
of Ag2O into the bioactive glass shows promising bactericidal efficacy against Escherichia coli,
P. aeruginosa and S. aureus in vitro by leaching of Ag+ ions from bioglass matrix [223, 286–288].
Doping of Ag+ ions in 45S5 bioglass based scaffolds even proves to be effective against MRSA
(methicillin-resistant S. aureus) in vitro [289]. Silver-doped bioactive gel-glass Ag-S70C30 has
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beneficial role as antimicrobial wound healing agent in inflammatory response in a local body
compartment such as in acne lesions and in non-healing dermal wounds as it has no cytotox‐
icity against human epidermal keratinocytes [290]. Mesoporous bioactive glasses doped with
Ti/Ag have improved hydroxyapatite- (HAP) induced growth and antimicrobial properties
and more potency than pure MBGs in bone-tissue regeneration and surgery [291]. Very
recently, scaffolds of a borosilicate bioactive glass (composition: 6Na2O, 8K2O, 8MgO, 22CaO,
36B2O3, 18SiO2, 2P2O5; mol%) doped with varying amounts of Ag2O (0.05, 0.5 and 1.0 wt%) is
being used for bone defect repair and as well as to control infection caused by E. coli and S.
aureus. Better adhesion, proliferation and alkaline phosphatase activity of murine osteoblastic
MC3T3-E1 cells on the Ag2O-doped bioactive glass scaffolds is found than on the undoped
scaffolds in vitro [292].

Wnt pathway has been found to play a central role in controlling embryonic bone development
and bone mass [293] during the past decade. In the developing skeletogenesis, Wnt signalling
is required for limb bud initiation, early limb patterning, and, finally, late limb morphogenesis
events. It has been reported that Wnt-3a and Wnt-7a are expressed in the limb bud and have
roles in skeletal pattern determination [294], and that Wnt-14 is involved in joint formation
[295]. In addition, Wnt-3a, Wnt-4, Wnt-5a and Wnt-7a all influence cartilage development
[295]. Wnt are 39-46 kDa cysteine-rich, secreted glycoproteins that have been identified in
organisms ranging from hydra to humans [296]. Recently, it has been suggested that canonical
Wnt signalling plays an important role in fracture healing [297]. Lithium (Li) is an element
known to mimic the Wnt signalling pathway, which plays a central role in osteoblast prolif‐
eration and differentiation [298]. Expression of various Wnts has been reported to be upregu‐
lated during fracture repair, and increased β-catenin signalling by lithium administration has
been shown to improve fracture healing [299]. Edgington et al. reported that lithium-based
dopants to β-TCP induced an effect on the cell-material interaction of osteoblast cells as well
as the study exhibited increased proliferative activity at the lower concentration of Li-doping,
while the higher concentration showed a decrease in activity, indicating a toxic effect of Li at
elevated doses in vitro [300]. Lithium activates β-catenin signalling by inhibiting GSK3β [301–
303]. It is also reported that lithium enhances bone formation and improves bone mass in mice
[304]. Bioactive glasses with Li-containing composition (55% SiO2-36% CaO-4% P2O5-5% Li2O)
synthesised through a quick alkali sol-gel process stimulate apatite formation after immersion
in SBF. Furthermore, addition of Li enhances chemical durability and antibacterial activity
against Enterococcus faecalis. Li-doped bioglass has excellent antibacterial property against
tooth infections for the treatment of root canal, other dental applications [305]. Researches
reveal that different concentrations of Li2O (0-12 wt%) substitution for Na2O in 45S5 bioglass
causes in vitro more apatite formation and osteoblastic cell responses than non-substituted
45S5 bioglass thus prove its efficacy for bone defect filler [211]. Another study shows that Li
doping in therapeutic range (<8.3 ppm) in 45S5 Bioglass causes more HA deposition than non-
doped bioglass in vitro [306].

There are even some more ions or materials, doping of which positively improve the quality,
bioactivity or bone regeneration. Study with boron modified bioactive glass particle shows
significantly more thickness of osseointegrated tissue and more area of neoformed bone tissue
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than non-doped 45S5 glass along with increase in the Ca:P ratio. Boron modification enhances
bone formation more than 45S5 glass when implanted into the intramedullary canal of rat
tibiae [307]. Modification of bioactive glass by substitution of Na2O with doping of fluorides,
such as CaF2 and MgF2 or B2O3 increases its mechanical property [308]. Nickel and cobalt both
stimulate the hypoxia-inducible factor-1 (HIF-1a), which significantly improving blood vessel
formation in tissue engineering applications. No significant structural differences or dissolu‐
tion rate occur when nickel and cobalt are doped in bioactive glasses [309]. Magnesium-doped
melt-derived glasses in the system SiO2-CaO-Na2O-P2O5 influences the formation and the
evolution of the newly formed layers, promotes the dissolution of the silica network, increases
the thickness of the silica gel layer as well as slows down the crystallisation of the apatite layer
[310]. Silica- and phosphate-based bioactive glass nanoparticles (58SiO2-33CaO-9P2O5) doped
with neem (Azadirachta indica) leaf powder and silver nanoparticles show good antimicrobial
activity against S. aureus and E. coli and less bioactivity compared with silver-doped glass
particles [311].

3.2. Doped bioactive glass as coating of orthopaedic implants

Since the discovery of bioglass it had mainly been used for coating of metallic implant which
are bioinert in nature, i.e. bonding ability to bone tissue is poor [312]. On the other hand,
bioglass being an excellent osteogenic agent it has also some inherent disadvantages such as
poor mechanical properties leading to its limited application in load-bearing implants where
metallic alloys are still the materials of choice. Hence, coatings have drawn attention of
researchers as a method to improve adherence of bone tissue to metallic alloy to be used as
load-bearing implant in orthopaedic surgery. For this purpose, coating material should have
thermal coefficient similar to that have bioglass, as well as, has some other properties such as
firing cycle during preparation of coating should not degrade the quality of metal and
optimum adherence should be achieved with hydroxyapatite formation in contact with body
fluid.

To achieve the goal researchers embedded bioglass or hydroxyapatite particles on coating of
Ti6Al4V by a simple enamelling technique to enhance their bioactivity and found excellent
glass/metal adhesion with well-attached bioactive particles on the surface that can withstand
substantial chemical and mechanical stresses [313]. Another family of glasses in the SiO2-Na2O-
K2O-CaO-MgO-P2O5 system has been synthesised for coatings on Ti-based and Co-Cr alloys
by the scientists, where desired achievement were observed to alloys by formation of 100–200
nm thick interfacial layers (Ti5Si3 on Ti-based alloys and CrOx on Co-Cr) and commercially
Ti alloy-based dental implants were fabricated with 100 μm thick glass coatings successfully
[314]. Surgical suture materials such as absorbable polyglactin 910 and non-resorbable Mersilk
when coated with silver-doped bioactive glass powder (AgBG) and tested in vitro, after 3 days
of immersion in SBF, hydroxyapatite forms on the coated suture surfaces and thus their
bioactive behaviour is enhanced as a result their use in body wall repair and wound healing
property is also enhanced [243] it also limits bacterial attachment [315]. In vivo histologic and
histomorphometric study on osteointegration of gradient coatings composed of bioactive glass
and nanohydroxyapatite (BG-nHA) on titanium-alloy orthopaedic implants and surrounding
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bone tissue. Fluorescence micrograph shows better osteointegration of orthopaedic implant in
BG-nHA than uncoated implant [316].

Mesoporous bioactive glass coatings immobilised with L-ascorbic acid phosphate magnesi‐
um salt n-hydrate (AsMg) on stainless steel plate causes osteoblast MC3T3-E1 cells stimula‐
tion by the MBG with enhanced cell attachment, proliferation, differentiation and better
developed cytoskeleton as well as, enhanced fibroblast NIH3T3 proliferation in vitro [317]. To
compare the behaviour of hydroxyapatite and the bioactive glass coated titanium dental
implants different clinical and radiological parameters were studied for 12 months in 31
patients. The study revealed equal potency of bioglass as hydroxyapatite to achieve osteoin‐
tegration in dental implants [318]. Similarly, nanoparticulate bioactive glass coating on the
porous titanium implants promotes better osteointegration and stimulates the formation of
bone within the pores than non-coated implants [319]. Incorporation of nanosized HAP into
ZnO containing bioglass coating on Ti-6Al-4V substrate improves mechanical properties of
the coating but do not hamper in vitro bioactivity [320]. Composite orthopaedic coatings with
antibacterial capability containing chitosan, Bioglass particles (9.8 μm) and silver nanoparti‐
cles (Ag-np) were coated in stainless steel 316 substrate and studied in vitro in SBF. Result
showed low released concentration of Ag ions (<2.5 ppm) was efficiently antibacterial against
S. aureus up to 10 days and coating enhanced proliferation of MG-63 osteoblast-like cells up
to 7 days in culture and it was also found that high concentration of Ag-np (342 μg) have
cytotoxic effect [321]. 45S5 bioglass-silica coatings on 316L stainless steel also causes good
osteointegration as well as prevents the metallic implant from corrosion in presence of body
fluid [322].

3.3. Doped bioactive glass for delivery of growth factors in bone healing

Growth factors are proteins secreted by cells, act on the appropriate target cell or cells to carry
out specific action and thereby there over expression have also been shown in different stages
of fracture healing. This phenomenon has led the researchers to study their role as well as the
potential to be used as therapeutic agent to accelerate fracture healing. Hence, growth factors
are also incorporated into bioactive glass implant, scaffold or coating materials to enhance
osteogenic property. Incorporation of bioactive glass and fibroblasts into alginate beads
stimulates VEGF as a result potentially it can be used for therapeutic angiogenesis [323].
Combination of prolonged localised VEGF presentation from a matrix coated with a bioac‐
tive glass enhances bone regeneration as VEGF has beneficial role in osteogenesis [324]. The
combination of novel MBG/silk fibrin scaffold and BMP7 and/or PDGF-B adenovirus synerg‐
istically promotes wound healing in acute buccal periodontal defects and osteoporosis related
fracture by recruitment of recruitment of mesenchymal progenitor cells [325, 326]. Borate
bioactive glass microfibres doped with 0-3.0 wt% CuO has remarkable ability to stimulate
angiogenesis which help to heal full-thickness skin defects in rodents and promotes human
umbilical vein endothelial cells (HUVEC) migration, tubule formation and secretion of
vascular endothelial growth factor, as well as the expression of angiogenic-related genes of the
fibroblasts in vitro [327].
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4. Conclusion and final remarks

Innovative research on bone tissue engineering has made considerable strides over the few
decades in the development of new materials, processing techniques and their evaluation and
applications. Bioresorbable scaffolds with controlled porosity and tailored properties are of
paramount necessity in the successful outcome of bone healing. Silicate bioactive glasses have
been extensively investigated over last 40 years. Borate and borosilicate bioactive glass
compositions are promising and currently being used in tissue engineering. Although the
ability of bioactive glass to support osteogenesis has been proved, recent work has shown the
angiogenic potential which may be utilised for the benefits of bioactive glass to soft tissue
repair. Due to its biodegradable properties, it may release ions during the degradation process.
Apart from doping the bioactive glass with several metallic ions, the degrading ions of its own
are known to have a beneficial effect on osteogenesis and on angiogenesis. Current findings
show that they may also have a favourable effect on chondrogenesis. Metallic ion doping with
the presently available bioactive glass may further improve the biological performance of the
material that may open a new vista in bone tissue engineering. Future research will take benefit
of the advantageous properties of doped bioactive glass in bone healing as well as coating of
several metallic implants.
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2.1 INTRODUCTION
Tissue engineering is an emerging and interdisciplinary field of research focused

on the fabrication of artificial tissue and organs. The primary aim of tissue engi-

neering is to mimic the physiological environment including the different struc-

tural and physical features of native tissues (Khademhosseini et al., 2009).

However, according to biologists it is better to help the body repair its own

defects than to use replacement devices. To help the body restore its own defects

a scaffold can be used as a support for tissue construction. It is challenging to

achieve this goal and involves three main element: cells, scaffolds and signals for

better understanding and planning. Cells are first extracted from either a small

biopsy of healthy organs or from adult/embryonic stem cells, followed by cultiva-

tion in a sterile environment keeping functions normal (Hench and Polak, 2002).

Scaffolds are the mechanical platform for cell adhesion, proliferation and differ-

entiation (Shin, 2007). Scaffolds also provide an artificial but appropriate environ-

ment for cell infiltration with constant supplies of oxygen and nutrients. After the

regeneration of native tissues, the scaffolds degrade naturally to provide space for

mature tissue. Finally the signaling molecules play an important role in the further

differentiation of the target cells.

Tissue engineering is categorized as “top down” or “bottom up.” In the first

type, typically porous biocompatible scaffold is seeded by cells and then incu-

bated in a suitable environment until the ECM forms, which eventually resembles

native tissue (Nichol and Khademhosseini, 2009). The bottom-up approach

�Equally contributed.
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depends on small cell modules that are assembled to form larger constructs

(Hasan et al., 2009).

Despite the fact that metal implants have been used for decades, metals do

not meet all biomechanical requirements, such as isoelasticity of skeleton and

bone. Metal implants can also lead to insufficient or over loading around the

defect site. Corrosion of metals may also cause infection or cytotoxic reactions

that lead to itching or pain. In addition, metal implants interfere with magnetic

resonance imaging and prevent possible postoperative radiation therapy

(Sawyer-Glover and Shellock, 2000; Shellock, 2001). The problems related to

metal implants can be addressed by using durable and tough nonmetallic

implants. For example, fiber-embedded polymer matrix implants have been

found to be more appropriate than other nonmetallic implants. The first studies

on nonmetallic fiber-based implants was done in the early 1960s, but exten-

sive research in this field started in the 1990s. Fiber-based implants were first

used clinically in the field of dentistry and eventually in orthodontics and peri-

odontology (Vallittu and Sevelius, 2000). Research to develop implants for

other areas is ongoing, utilizing the advantageous properties of fibers.

Reasonability of their properties as implant applications have made them more

favorable.

2.2 GLOBAL PERSPECTIVE ON HARD AND SOFT TISSUE
ENGINEERING

The term tissue engineering is a newer concept in the arsenal of regenerative

medicine, and is a combination of replacement, repair and regeneration of tissues

both hard and soft. In between the three concepts, replacement is the oldest and

refers to replacement tissue or organs implanted within the defect site of the

body. The field of tissue engineering actually began in response to tissue lost as a

result of trauma or disease. While tissue replacement is the oldest known practice,

in 1996, the Food & Drug Administration approved a skin substitute known as

Integra. The aim of tissue engineering is to study the principles of in vivo tissue

growth and regeneration and then create suitable implants accordingly. Tissue

regeneration is a complex process and includes multiple biological, chemical, and

physical processes and decoding (Smith et al., 2011). Thus, tissue engineering is

an interdisciplinary field comprised combining principles and methods of engi-

neering and life sciences. Thus, understanding both soft and hard tissue engineer-

ing is required.

2.2.1 SOFT TISSUE ENGINEERING

In general, “soft tissue” refers to the tissues that connect, support or surround

the structures and organs of the body. Tendons, ligaments, fascia, skin, fibrous
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tissues and muscles are some examples of soft tissues. Soft tissue replace-

ments may be needed due to tissue damage from congenital or chronic dis-

eases (infections, inflammatory diseases, cystic fibrosis, ciliary dyskinesia,

cardiovascular, congenital, or acquired diseases), tumor rejection or traumatic

lesions (e.g., corneal scars, severe burns). Until now autologous bone grafts

were considered as the gold standard, though the use of allografts, xenografts,

and synthetic materials have also been extensively tested in recent decades

(Stosich et al., 2009). The complexity of the tissue (cartilage, muscle, blood

vessels, nerves, etc.) makes the task of achieving adequate vascularization and

particular shapes and sizes difficult (Johnson et al., 2007; Stosich et al.,

2007). In last few decades, number of strategies have been developed, for

example, use of microchannel network to facilitate cell seeding and diffusion

of soluble molecules stimulating vascular growth, generation of blood vessel

analogs that can be connected to vascular network during surgery to obtain

optimal mechanical and physiological properties (Garfein et al., 2003;

Guangyuan et al., 2008; Hong et al., 2010). In addition to biological factors,

other three main factors are: base biomaterial of the scaffold, stem or progeni-

tor cells and bioactive substances catalyzing proliferation and differentiation of

respective cells.

Biomaterials suitable as scaffolds in soft tissue engineering include natural

polymers (derivatives of hyaluronic acid, chitosan, amylose/amylopectin, heparin,

dextran, collagen types I and IV, fibrin, fibronectin, silk, elastin, gelatin, and

adipose-derived ECM), matrigel (laminin, collagen-IV, entactin, and perlecan),

decellularized human placenta, laminin, keratin, mussel adhesive proteins bearing

the amino acid 3,4-dihydroxyphenyl-L-alanine residues that mediate underwater

chemisorption to different substrata, synthetic polymers [poly(lactic acid) (PLA),

polycaprolactone (PCL), elastic biodegradable poly(L-lactide-co-caprolactone)],

polyethylene glycol, polyglutamic acid, poly(L-lactide-co-glycolic acid) (PLGA),

poly(L-lactic acid) (PLLA), poly(propylene) fumarate, β-tricalcium phosphate,

poly(propylene fumarate-co-ethylene glycol), oligo (poly(ethylene glycol) fuma-

rate, polyethylene terephthalate, polytetrafluoroethylene, polyethylene glycol dia-

crylate, and polyethylene oxide (Waite, 1992; Flynn et al., 2007; Mano et al.,

2007; Vashi et al., 2008; Heim et al., 2010; Connelly et al., 2011; Sapir et al.,

2011; Wang et al., 2011a,b; Zhu and Marchant, 2011; Zakhem et al., 2012; Peter

et al., 1997; Lu et al., 1998; Suggs et al., 1998; Jo et al., 2001; Hemmrich and

Von Heimburg, 2006; Kretlow et al., 2007; Speer et al., 2011; Zhu et al., 2007;

Zhu and Ong, 2009; Choi et al., 2010; Sala et al., 2011; Bitar and Zakhem,

2013). Researchers have found that combination of synthetic and natural fibers

with other bioactive materials are prone to show promising results when used in

soft tissue engineering applications (Wang et al., 1999; Wang et al., 2001;

Shachar et al., 2011).

Further research in this area is needed to determine the biomaterial scaffold

that can regenerate tissue structurally and biologically by mimicking natural

growth of the corresponding tissues.
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2.2.2 HARD TISSUE ENGINEERING

Hard tissue engineering deals with issues related to bone where a repair or

restoration is required. Bone tissue engineering requires understanding of bone

structure, bone mechanics, and the process of tissue formation. Bones provide

load-bearing capacity to our skeleton and protection of our internal organs. In

addition, bone is engaged in a constant cycle of chemical exchange and structural

remodeling due to both internal mediators and external mechanical demands.

Bone has been referred to as a smart material due to its scar-less regenerative

capacity (Fazzalari, 2011). Hence, newly restored bone should be fully integrated

with neighboring host tissues and perform as native bone. Due to the different

loading conditions at different sites, the structural and functional characteristics of

bone differ from place to place. Skeletal structures range from long (tibia, ulnar,

etc.) to short (phalanges), flat (skull) and irregular (pelvic, vertebrae). While the

features of bone are complex, hierarchically they have a very simple architecture.

Bone ECM is comprised of both an organic component (type-1 collagen) and an

inorganic component (carbonated apatite). The nanocomposite structure (tough

and flexible collagen fibers reinforced by hydroxyapatite crystals) is integral to

the requisite compressive strength and high fracture toughness of bone (Amini

et al., 2012).

There are two ways bone tissue formation can occur: intramembraneously and

endochondrally. In both cases, mesenchymal cellular condensation occurs and

acts as a template for bone formation followed by differentiation of the progenitor

cells. Most bone of the body is formed via endochondral path, and involves dif-

ferentiation of mesenchymal progenitor cells to form chondrocytes followed by

mineralization and replacement by new bone (Shapiro, 2008). Upon fracture,

hematoma is formed, accompanied by an inflammatory response. Signaling mole-

cules, such as ionic liquids, tumor necrosis factor alpha (TNF-α), fibroblast

growth factors, bone morphogenetic proteins, etc., play an important role in the

formation of new bone. External soft tissues stabilize fractures mainly by forming

callus, which subsequently undergoes chondrogenesis. With the maturity of the

newly formed tissues chondrocyte proliferation is decreased. The mechanical sta-

bility of the cortex is achieved through subsequent remodeling of the newly

formed bone.

An array of different osteoconductive biomaterials has been studied including

polymers (natural and synthetic), ceramics (natural and synthetic), metals and

their composites (Ripamonti, 1991; Pollick et al., 1995; Ripamonti, 1996; Barrere

et al., 2003; Ripamonti et al., 2009; Yuan et al., 2001). Polymers can be used as

individual or copolymers or polymer-ceramic composites. Some of the polymers

in use today include PLGA, PLGA-poly(ε-caprolactone) (PCL), PLGA-PLL, etc.
Polymers can be used as a cosystem with ceramics like hydroxyapatite, calcium

phosphates or bioactive glasses (BGs) to make polymer/ceramic composite mate-

rials that have shown good results and acceptability over other materials currently

available (Khan et al., 2004; Hasegawa et al., 2007; Khan et al., 2006). Ceramics
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can also be used as individual biomaterial as it is composed of minerals, found in

our bone. Thus they tend to have good acceptance from surrounding tissues of

defect site when implanted. Sometime, ceramics are combined with different

metal ions to make the implant, specifically suitable for its application in certain

areas. Ion-doped ceramic implants are still being researched but more researchers

are becoming interested in this type of material.

Research to find the optimal implant is ongoing.

2.3 ORGANIC�INORGANIC MICRO/NANOFIBER COMPOSITES
IN HARD AND SOFT TISSUE ENGINEERING

Fibers are widely used for the fabrication of scaffolds in hard and soft tissue engi-

neering and regenerative medicine. The application of fibers in tissue engineering

is not limited to only the top-down approach. Tunable properties of fibers which

depend on different synthesis methods, actually make them more approachable.

Applications of fiber-based implants are growing and research is ongoing. Due to

the possibility of different mechanical properties fiber can be used in soft tissue

engineering as well as in hard tissue engineering (Table 2.1).

2.4 FIBER FABRICATION TECHNIQUES
One-dimensional fibers are rich in useful properties for a variety of applications

due to their unique geometry and high aspect ratio. Their high-surface-to-volume

ratio makes them favorable for absorption and release phenomenon. Synthetic

polymer fibers have been fabricated using a range of different techniques but in

comparison production of functional biological fibers are more recent and less

known, though we do know that in terms of application biological fibers rapidly

spread over a large and diverse area. The most common and widely accepted fab-

rication techniques include wet spinning, electro-spinning, drawing, extrusion,

solvent casting and microfluidic spinning (Fig. 2.1). The potential area of applica-

tion is broad and the fibers are chosen according to the properties incorporated

with different fabrication techniques. Ongoing efforts are concentrated in generat-

ing biological fibers by mimicking the structural and functional features present

in natural fibers. It has also been found that utilizing natural fibers can improve

the biological properties. Depending on the fabrication technique diverse struc-

tures including membranes, weaves, meshes, gels and even free-form architec-

tures can be made with specific properties (Ang-atikarnkul et al., 2014) (cf.

Fig. 2.2). Incorporation of biologically active surfaces provides significant value

as an important material in the biomedical field. Fibers with either continuous or

discontinuous arrangement can provide distinct advantages for different fields of

application (Iftekhar, 2003).
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Table 2.1 Tissue Engineering Studies Using Scaffolds Formed by Fiber-Based Techniques

Material Method Properties Application Remarks References

Polyglycolic acid (PGA)
reinforced agarose and
fibrin

Vacuum-
assisted infusion

Ultimate tensile stress:
67�85 MPa

Young’s modulus:
0.068�0.077 MPa

Articular cartilage
(chondrocytes)

The mechanical properties of the
composite scaffold were
comparable to native tissue

• Composite scaffolds mimics the
anisotropic, nonlinear and
viscoelastic biomechanical of
cartilage

• Use of reinforcement improved
the aggregate and Young’s
moduli by 4 and 15 folds,
respectively

Moutos et al.
(2007)

PCL supporting fibrin Vacuum-
assisted infusion

Ultimate tensile stress:
22.9�35.3 MPa

Young’s modulus: 0.74 MPa

Articular cartilage
(human adipose-
derived stem
cells)

• 1.4 mm thick scaffolds were
formed by adopting a 3D
weaving technique

• Anisotropic properties in the in-
plane direction

Moutos and
Guilak (2009)

PCL supporting fibrin 3D weaving 0.18�0.56 MPa

Young’s modulus:
0.05�0.4 MPa

Articular cartilage
(human adipose-
derived stem
cells)

• Weaving properties of the
scaffolds significantly affected
the mechanical properties

Valonen et al.
(2010)

Poly(D,L-lactide-co-
glycolide) PLGA

Weaving Failure load: 97.2 NElastic
stiffness: 16.8 N/mm

Tendon and
ligament (bone
marrow stromal
cells)

• Woven structures were stronger
than knitted and hybrid scaffolds

Sahoo et al.
(2007)

PLGA knitted scaffold

PLGA knitted scaffold
coated with PCL

PLGA knitted scaffold
coated with PLGA
nanofibers

PLGA knitted scaffold
coated with collagen

Knitting Failure load: 56.3�68.4 N

Elastic stiffness: 4.3�9.1 N/
mm

Tendon and
ligament (bone
marrow stromal
cells)

• The stem cell-seeded rolled up
scaffolds were 11% stronger
than their unseeded counterparts
after 3 weeks of culture

• Cell proliferation and viability on
the hybrid scaffolds increased
during the third week

• Viable cells were uniformly
distributed on the seeded
nanofibrous surfaces and also on
the knitted silk microfibers in the
depths of the hybrid scaffold

• Hybrid knitted scaffolds showed
a lower stiffness while improved
cell attachment

Sahoo et al.
(2007)



Poly(lactic acid-co-
caprolactone) (PLACL)
supporting cell
encapsulated collagen

Knitting Skin, bladder
wall, and blood
vessel (neonatal
fibroblasts)

• Position of cells in the through-
plane direction was controlled in
the fabrication process

Ananta et al.
(2008)

PLGA knitted with collagen
nanofibers

Knitting Skin (human
foreskin
fibroblasts)

• Hybrid scaffolds improved cell
proliferation

• In vivo experiments confirmed
the formation of dermal tissues
after 2 weeks

Chen et al.
(2005)

PLA Wet spun Tensile strength:
0.03�0.33 MPa

Porosity: 0.8�0.93

Urinary bladder • The mechanical properties varies
with the number of plies used in
the yarn

• The fabricated structures had
higher mechanical properties
than the targeted tissue

Gupta and
Revagade
(2009)

Raw Bombyx mori silk
supporting collagen sponge

Knitting Tensile strength: 6.72 MPa

Stiffness: 28.26 N/mm

Tendon (human
embryonic stem
cells-derived
mesenchymal
stem cells)

• The mechanical properties of the
engineering tendons were lower
but comparable with the original
tissue

Chen et al.
(2010)

PCL embroidered structure
covered with collagen or
collagen and chondroitin
sulfate (CS)

Knitting Porosity: 0.8

Pore size: 200�900 μm
Bone (human
mesenchymal
stem cells, ovine
mesenchymal
stem cells)

• In the presence of osteogenic
supplements the hMSC showed
increasing alkaline phosphatase
(ALP) activity up to day 14 and
produced large amounts of
calcified matrix after 28 days

• Composite scaffolds enhanced
cell proliferation and ALP activity

• Effectively induced the
osteogenic differentiation

Rentsch et al.
(2009)

Poly(L/D)lactide 96/4 Knitting Porosity: 0.8�0.87

Tensile strength:
3.3�5.4 MPa

• The mechanical properties were
a function of the number of ply in
the yarn

• The degradation rate of the
knitted geometries was reported
over a period of 52 weeks

Ellä et al.
(2011)

(Continued )



Table 2.1 Tissue Engineering Studies Using Scaffolds Formed by Fiber-Based Techniques Continued

Material Method Properties Application Remarks References

Polyester filament covered
with polyurethane and N,N-
dimethyl formamide

Knitting Tensile strength (load):
92�145 MPa

Vascular graft • Composite grafts showed higher
ultimate strength and strain than
the knitted structure

Xu et al.
(2010a)

Microsponge Knitting Young’s modulus:
7.24�14.62 MPa

Stiffness: 50.5�55.2 N/mm

Articular cartilage
(bovine
chondrocytes)

• Three PLGA/collagen hybrid
scaffolds of different structural
design: “thin,” “semi” and
“sandwich” were prepared in this
study

• Semi and sandwich offered
better mechanical properties

• The mechanical properties were
lower but comparable with
bovine articular cartilage

Dai et al.
(2010)

Silk fibroin coated with
PLGA electrospun
nanofibers

Knitting Scaffold ultimate strength
(load): 95.6 N

Composite scaffold:
61.5�75.3 N

Ligament and
tendon (bone
marrow-derived
stem cell)

• The stem cell-seeded rolled up
scaffolds were 11% stronger
than their unseeded counterparts
after 3 weeks of culture

• Cell proliferation and viability on
the hybrid scaffolds increased
during the third week

• Viable cells were uniformly
distributed on the seeded
nanofibrous surfaces and also on
the knitted silk microfibers

Sahoo et al.
(2007)

Raw Bombyx mori silk
fibers knitted fibers
combined with silk sponge

Knitting Pore diameter of knitted
structure: 1 mm

Tensile strength (load): 250 N

Tensile stiffness: 40 N/mm

Anterior cruciate
ligament (human
bone marrow-
derived
mesenchymal
stem cells)

• Composite scaffolds improved
cell attachment and proliferation

• Composite scaffolds had similar
mechanical properties with the
knitted structure but they
maintained their mechanical
properties over a 2-week period

Liu et al.
(2008)



PLGA supporting
collagen�chitosan hydrogel

Knitting Surface area: 2.01 after
1 week�2.74 after 4 weeks

Tensile strength: 3.6 MPa

Skin • Implantation in rats indicated
angiogenesis start from early
stages of implantation

• Angiogenesis rate was faster in
the hybrid scaffold in comparison
with pure knitted PLGA
construct

Wang et al.
(2012)

PLGA and PLLA fibers Knitting Tensile strength (load): 332 N
reduced to 92.8 N in
12 weeks

Young’s modulus: 354.4 MPa
reduced to 53.8 N in
12 weeks

Anterior cruciate
ligament (rabbit
and mouse
anterior cruciate
ligament
fibroblasts)

• Increasing braiding angle
increases surface pore area

• Braids comprised of the same
number and type of yarns differ
in strength due to differences in
strain rate and geometry

• The mechanical properties of the
seeded structure degraded over
time

• The stress�strain curve was
similar to the values for natural
ligament tissue

• The 3D circular fibrous scaffold
could withstand the tensile load
applied on native ligament

• 100�300 μm pore diameters
showed best results

• In vivo performance of the
developed cell-seeded, tissue-
engineered ligament construct
demonstrated excellent healing
and regeneration potential

Cooper et al.
(2005),
Cooper et al.
(2007)

Collagen fiber cross-linked
with and without gelating
using either UV or 1-ethyl-
3-(3-dimethylaminopropyl)
carbodiimide (EDC)

Tensile strength:
1.07�19.3 MPa

Young’s modulus:
6.32�148 MPa

Tensile strain: 18�20%

Anterior cruciate
ligament (primary
mouse anterior
cruciate ligament
fibroblasts)

• The mechanical properties of
EDC cross-linked collagen fiber
braid twist scaffolds without
gelatin are similar to native
anterior cruciate ligament

• Adding gelatin lowered the
mechanical properties

Walters et al.
(2012)

(Continued )



Table 2.1 Tissue Engineering Studies Using Scaffolds Formed by Fiber-Based Techniques Continued

Material Method Properties Application Remarks References

Antheraea pernyi silk fibroin Tensile strength (load): 50 N
after 12 weeks implantation
16 N after 12

Tendon
(tenocytes)

• Enhanced adhesion and
propagation of the tenocytes on
the scaffold

• In vivo data confirm efficient
neotendon formation

• Bundles of collagen fibers in the
neo-tendons were uniform with
well-oriented implantation

Fang et al.
(2009)

Poly(L-lactic acid) (PLLA) Tensile strength:
6.57�7.62 MPa

Young’s modulus:
47.6�55.0 MPa

Tendon and
ligament (human
mesenchymal
stem cells)

• The mechanical properties of the
braided scaffold depended on
the number of bundles involved
in the construct

• Three-bundle scaffold had a
higher mechanical strength than
the four and five bundle scaffolds

Barber et al.
(2011)

Deposition of a layer of
PCL fibers on PCL fibers

Melt plotting Porosity: 0.5�0.68

Tensile strength:
1.7�4.1 MPa

Young’s modulus:
14.6�41.3 MPa

Bone (osteoblast-
like cells (MG63))

• Hybrid scaffold displayed higher
viability and calcium deposition
compared with the normally
fabricated scaffold

• Hybrid scaffolds had lower
mechanical strength in
comparison with the pure melt-
plotted PCL scaffold

Kim et al.
(2011)

Poly(L-lactide), poly(D,L-
lactide), poly(D,L-
lactideecoeglycolide) and
PCL

Direct writing Microvascular
network (human
umbilical vein
endothelial cells)

• Endothelial cells adhered to the
surface of all the fabricated
scaffolds

• Cultured cells proliferated on
fibrous scaffolds both along axis
and around circumference of
fibers

• Cells cultured on nonsuspended
fibers did not follow the pattern
and attached to the substrate

Berry et al.
(2011)

Titanium fiber-reinforced
13-93 bioactive glass (BG)

Extrusion Pore sizes ranging from 400
to 800 μm and a porosity of
B50% fracture toughness
B0.8 MPa1/2 and a flexural
strength of B15 MPa

In vitro Addition of Ti fibers increased the
fracture toughness of the scaffolds
by B70% and flexural strength by
B40%

Thomas et al.
(2016)



Poly(ester-urethane) urea Electro-spinning Skin tissue
engineering

• Fiber morphology did not change
after the embedding

• Sustained drug- release property

Yu et al.
(2016),
Kishan et al.
(2016)

Polyurethane Electro-spinning Fiber diameter approximately
20 μm

In vitro • Attractive architecture that
provides adequate porosity

• Interconnectivity of pores ideal
for cell adhesion and proliferation

Gabriel et al.
(2017)

PLLA Thermal-
induced phase
separation and
thermal-induced
phase
separation

Diameter in the range of
50�350 mm macropores
(50�350 μm) micropores
(100 nm to 10 μm)

In vitro Microenvironment more ideal for
protein adsorption, cell proliferation
and cell infiltration

Wang et al.
(2016)

Polycaprolactone (PCL)/
gelatin

Electro-spinning Tensile strength
1.556 0.49 MPa

Tendon tissue
engineering

• Compatible with simultaneous,
sufficient cell encapsulation

Yang et al.
(2016)

Hydroxyapatite-tussah silk
fibroin

Electro-spinning Breaking stress 2.7 MPa Bone tissue
engineering

• Good mechanical properties of
composite elicited

• Effective cell adhesion,
proliferation and bone formation

Shao et al.
(2016)

Poly(glycerol sebacate)
(PGS)-poly(ε-caprolactone)
(PCL)

Electro-spinning Elastic modulus is
6.761.1 MPa

Tensile Strength 1.0 6
0.21 MPa

Heart valve tissue
engineering

• Mimicking environment

• Allows the cells to spread and
distribute themselves within the
hydrogel by providing
appropriate mechanical
properties

Eslami et al.
(2014)

Collagen Electro-spinning Young’s modulus:
52.1�348 MPa

Ligament tissue
engineering

Sufficiently porous to facilitate cell
perfusion and nutrient distribution
of seeded cells

Full et al.
(2015)

Sodium alginate Coaxial fluid
cross-link

Vascularized
tissue engineering

• Strong bonding strength

• Mechanical support to cellular
assembly

Li et al. (2016)

Poly(glycerol-
dodecanedioate)/gelatin

Electro-spinning Soft tissue
engineering

• Controllable fiber diameter

• Fiber stability

Dai et al.
(2014)

(Continued )



Table 2.1 Tissue Engineering Studies Using Scaffolds Formed by Fiber-Based Techniques Continued

Material Method Properties Application Remarks References

Hyaluronic acid/poly(lactic-
co-glycolic acid)/
epigallocatechin-3-O-
gallate

Electro-spinning Fiber diameter:
12706 510 nm

Tensile strength 1.46 MPa

Elastic moduli 28.00 MPa

Skin tissue
engineering

• Sustained release patterns
controlled degradation

Lee et al.
(2014)

Poly(ethylene glycol)/PCL Electro-spinning Elastic moduli
3.796 0.90 MPa

Heart valve tissue
engineering

Matches the anisotropy of the
native aortic valve leaflet

Tseng et al.
(2014)

Poly(L-lactide-co-acryloyl
carbonate)

Electro-spinning Diameter 0.82 0.9 μm
Young modulus
30.16 10 MPa

Ligament tissue
engineering

Similar to that of native anterior
cruciate ligament

Chen et al.
(2014)

Keratin Electro-spinning Diameters 4.86 4.0 μm Cartilage tissue
engineering

Better support to the development,
and chondrogenic differentiation of
adipose-derived mesenchymal
stem cells

Xu et al.
(2014)

PCL/oligomer Electro-spinning Ultimate tensile strength of
2.861 MPa

Elastic modulus of
30615 MPa

Cardiac tissue
engineering

Fiber meshes resemble the fibrillar
structural organization of ECM

Reddy et al.
(2014)

Poly(ε-caprolactone)/human
adipose-derived stem cells

Electro-spinning Diameter 0.4360.18 mm Cuff tendon
tissue engineering

Increased expression of
tenomodulin

Orr et al.
(2015)

Human-like collagen/
chitosan and polylactic acid

Electro-spinning Vascular tissue
engineering

Improved mechanical properties Zhu et al.
(2014)

PCL/gelatin and collagen
type I

Electro-spinning Diameter 481�858 nm Skin tissue
engineering

Good cell adhesion Gautam et al.
(2014)

Copolymer-poly(ethylene
oxide terephthalate)-poly
(butylene terephthalate)/
calcium phosphate coating

Electro-spinning Diameter 6.5 μm Bone tissue
engineering

Osteogenic ability Nandakumar
et al. (2010)

Polyurethane/
hydroxyapatite

Electro-spinning Bone tissue
engineering

• Decreased electrospunfiber
diameter

• Better proliferation

Mi et al.
(2014)

Poly(ε-caprolactone)-
polydimethylsiloxane

Electro-spinning Tensile Strength
3.86�10.51 MPa

Young modulus
14.0�32.5 MPa

Bone tissue
engineering

Excellent mechanical and shape
memory properties

Kai et al.
(2016)



Poly(glycerol sebacate)
PGS/fibrinogen

Electro-spinning Diameter 10766 212 nm

Young’s modulus
22.316 3.1 MPa

Cardiac tissue
engineering

• Provide internal structures and
mechanical support desired

• Form gap junctions with the host
cardiomyocytes and enhance the
regeneration process

Ravichandran
et al. (2013)

Poly(L-lactic acid)/gelatin Electro-spinning Diameter 100�500 nm Vascular tissue
engineering

Highly supported the SMCs and
improved the proliferation of cells

Shalumon
et al. (2015)

Poly(lactide-co-glycolide)/
BG

Freeze-drying Tissue
engineering

Superior pore structure Haaparanta
et al. (2015)

Chitosan-poly(butylene
succinate)

Melt-drawing Porosity 59.0611.4%

Pore size 144.96 33.4 mm

Bone marrow High levels of cell viability Costa-Pinto
et al. (2012)

With permission from Elsevier.



FIGURE 2.1

Different fiber fabrication techniques; (A) wet spinning, (B) electro-spinning, (C) extrusion,

(D) solvent casting, (E) drawing and (F) microfludic spinning.

FIGURE 2.2

Classifications of fibers.
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2.4.1 WET SPINNING

In wet spinning, biological moieties are injected as solutions for the formation of

fibers. A variety of fibers can be produced by this technique. This process gener-

ally involves the use of spinnerets or capillaries of 10�50 μm in which the solu-

tion is driven by syringe pumps for the extrusion of the fibers inside a coagulant

bath. The coagulant bath generally consists of a solution in which the biological

moieties are nonsoluble or very poorly soluble. The collected fibers are then

washed, followed by air-drying using a spinning carrier cylinder (Qiu et al.,

2009). The mechanical and physical properties of the fibers can be tuned by

changing the parameters used in this process, such as flow rate, solution concen-

tration, spinneret diameter, etc. According to the requirements, the parameters

should be optimized to minimize bead formation or any discontinuities. Recent

research also suggests molecular weight and osmotic stress are important para-

meters for construction of fibers (Cho et al., 2012; Sohn and Gido, 2009). Wet

spinning of protein solution is also helpful. Even plant protein fibers like soy and

wheat protein have been produced for use in tissue engineering (implants as well

as for controlled drug delivery; Reddy and Yang, 2011). Traditional natural

ECMs like collagen can also be used to make implants for biomedical

applications.

2.4.2 ELECTRO-SPINNING

Fibers with the smallest diameters (10 nm to few microns) can be achieved by

electro-spinning (Huang and You, 2013). Fibers with smaller diameters (2-6

nm) have been reported by different research groups (Bhardwaj and Kundu,

2010; Zarkoob et al., 2004). The basic components of the electro-spinning pro-

cess are a high voltage power supply, a spinneret and a collector (a counter elec-

trode). In this process, applied voltage causes formation of cone-shaped droplet

of the solution at tip of nozzle. Once the strength of the electric field overcomes

the threshold value of the particular solution, the electrostatic force on the

deformed drop can overcome the surface tension and thus a continuous liquid

jet is formed. When the solution evaporates, solid fibers can be collected from

the collector (Huang et al., 2000). The main parameters of this technique include

solution properties such as conductivity, volatility, viscosity and processing

parameters like flow rate, voltage, distance between the spinneret and the collec-

tor (Huang et al., 2003; Sill and von Recum, 2008; Li and Xia, 2004). Using

extended experimental investigations, a trend is usually calculated between para-

meters and corresponding fiber morphology, which however, are not always

constant in every cycle. For example, it is known that more applied voltage will

lead to larger fiber diameter, and faster flow rate also can make the diameter

larger. Electrospun fibers of different biological moieties have also been created,

aimed at improving application in the field of biomaterials (Raveendran et al.,

2013; Schmucker et al., 2014; Mi et al., 2014; Lee and Belcher, 2004). The
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small diameter of eletrospun fibers gives them a very high surface area, which

is useful for many applications such as absorption and release of reagents/drugs.

Electro-spinning has gained acceptance, but it is worth noting that the formation

of electrospun fibers with controlled inhomogeneity and nonuniformity remains

a challenge.

2.4.3 EXTRUSION

Extrusion is a popular way to make fibers from biological materials due to its

very low consumption of energy. However, the fibers synthesized by this route

are found to have large diameter (in the hundreds of micrometers). The diameter

of the fiber depends on the postprocessing methods, that is, cross-linking, dehy-

dration or solvent immersion. In this process, a solution/gel-like substance is

pushed through a syringe pump with an appropriate flow rate followed by wash-

ing and drying. Lack of mechanical strength is a hurdle for this process and thus

cross-linking treatment is required before application as a biomaterial for soft or

hard tissue repair (Zeugolis et al., 2010).

In the case of melt-spinning extrusion, the material is first heated until melted

and then extruded. However, this process has not evolved much in this field due

to its high-temperature requirement.

2.4.4 SOLVENT CASTING

Solvent casting is based on the evaporation phenomenon of liquid solvent for the

generation of fibers. The technique involves submersion of an existing fiber or

rod into a mixture containing the biomaterial of interest followed by drying/heat-

ing. To get the preferred diameter or thickness the process is generally repeated

several times. Thus, the process is slow and time consuming, leading to less

acceptance among the researchers. Depending on the pulling speed, surface mor-

phology and diameter of the fiber can be varied.

2.4.5 DRAWING

In this process, fibers drawn from the interfaces of two oppositely charged solu-

tions are collected in a carrier cylinder. The creation of a complex interface is

possible only with some biomaterials. Hence, the range of materials that can be

used in this technique is limited. However, electrostatic assembly of chosen mate-

rials can produce sufficiently strong fibers. These charged, multidomain fibers are

useful for pH-triggered drug delivery, and due to their high strength they can be

utilized for hard tissue engineering applications. Recently researchers also fabri-

cated fibers drawn from multiple interfaces with impressive results. These multi-

domain fiber structures enable cell coculture, which is required to understand the

growth and differentiation needed for tissue regeneration applications. The
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diameter of the fibers fabricated through this technique vary from 8 to 50 μm
(Wan et al., 2012; Tentori and Jaworski, 2014).

2.4.6 MICROFLUIDIC SPINNING

Microfluidic devices are popular in cases where formation of fibers with particu-

lar sizes in the micron scale are required. Microfluidics allows tenability in the

fiber properties (such as fiber diameter) by varying parameters like flow rate,

solution viscosity, and channel geometries. The tenability is achieved by the lami-

nar flow arising from the low Reynolds numbers typical in microfluidics, which

provides good control over kinetics and reproducible flow patterns. This tech-

nique also allows different multiphase flows, coaxial flows, and parallel flows

that can be utilized to fabricate complex and requirement-based fiber structures

(Chung et al., 2012).

In the arsenal of tissue engineering the use of fiber has increased enor-

mously in recent decades and with it fabrication techniques have become

increasingly able to control the mechanical and physiochemical properties. As

discussed, all the fabrication processes have advantages and disadvantages

(Table 2.2).

Table 2.2 Advantages and Disadvantages of Common Fiber Processing
Techniques

Processing
Technique Benefits Drawbacks

Wet spinning • Controlled fiber diameters • Extensive setup

Electro-spinning • Straightforward setup

• The range of materials can be used
is high

• Cheap procedure

• Size control

• Hard to make multidomain fibers

Extrusion • Low cost

• Straightforward setup

• May require wet-extrusion or
cross-linking

• Smaller fiber diameter is not
possible

Solvent casting • Unique surface textures

• Controlled shapes

• Low throughput

• Limited solvent choices

• Limited fiber dimensions

Microfluidic
spinning

• Possible to generate multidomain
fibers (i.e., laminar, coaxial, hollow,
embedded)

• Low sample consumption

• Limited number of commercial
setups available

• Potential clogging

• Extensive setup if built in-house

With permission from Biodesign.
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2.5 CERAMIC/GLASS MATERIALS FIBERS FOR BIOMEDICAL
APPLICATIONS

2.5.1 CERAMIC AND GLASS FIBERS AS BONE GRAFT SUBSTITUTE

BG plays a unique role in bone regeneration due to its excellent bioactivity,

osteoconductivity and osteoinductivity. However, most studies in this field have

focused on melt-derived glasses, either in bulk or granular form. Glass fibers

have the potential to act as cell supporters for ECM production and tissue regen-

eration, with a mechanical strength superior to that of equivalent bulk glasses (De

Diego et al., 2000). Kim et al. (2006) studied the bioactivity of nanofiber in vitro

within a simulated body fluid and found rapid induction of bone-like minerals

onto the nanofiber surface. The bone marrow-derived cells were found to attach

and proliferate actively on the nanofiber mesh and differentiate into osteoblastic

cells with excellent osteogenic potential. The bioactive nanofibers have been fur-

ther exploited in various forms, such as bundled filament, nanofibrous membrane,

3D macroporous scaffold and nanocomposite with biopolymer, suggesting their

versatility and potential applications in bone tissue engineering. A novel nano-

composite biomaterial consisting of bioactive glass nanofiber (BGNF) and

collagen-reconstituted fibrous matrix for bone regenerative medicine has also

been developed. The BGNF was distributed uniformly within the collagen-

reconstituted nanofibrous matrix. The nanocomposite matrices induced rapid

bone-like apatite minerals formation on their surfaces upon incubation in simu-

lated body fluid, exhibiting excellent bioactivity in vitro. Osteoblastic cells

showed favorable growth on the BGNF-collagen nanocomposite. In particular, the

alkaline phosphatase activity of the cells on the nanocomposite was significantly

higher than that on the collagen. This novel BGNF-collagen nanocomposite is

believed to have significant potential in bone regeneration and tissue engineering

applications (Kim et al., 2006). Glass fiber scaffolds can get completely resorbed

and become osteoconductive. Structural and morphological characteristics also

become like a bone substitute (Moimas et al., 2006).

Fiber-reinforced composite (FRC) made of E-glass fiber veil with the

bisphenol-a-glycidyl methacrylate-polymethylmethacrylate (BisGMA-PMMA)

resin system improves has improved bone adhesion with mechanical roughening

and special chemical treatments like dental primers, or treated with an experimen-

tal silane mixture, or with a mixture of the experimental silane liquid and Clearfil

Se Bond Primer (Tuusa et al., 2005). FRC made of E-glass fiber and BisGMA-

PMMA resin matrix has also been used for frontal bone defect in rabbits experi-

mentally, showing its potential as an alternative for bone defect reconstruction

(Tuusa et al., 2007).

Biomedical nanocompositions of bioceramic and resorbable polymers have

potential for the successful regeneration of bone tissues. Many researchers have

developed novel nanocomposite made of BG in a nanofibrous form and a degrad-

able synthetic polymer, PLA. The nanocomposites induce rapid formation of a
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hydroxycarbonate apatite layer on the surface under a simulated physiological

medium. Increasing the amount of bioactive nanofiber (from 5% to 25%)

improves the in vitro bioactivity of the nanocomposite. Osteoblasts attach and

grow well on the nanocomposites and secrete collagen protein at initial culturing

periods. Significant differentiation of cells was found to be improved on nano-

composites than pure PLA. Moreover, the mineralized product by the cells was

observed to be significantly higher on the nanocomposites with respect to pure

PLA. Nanocomposites comprised of bioactive nanofiber and degradable polymer

are a promising bone regeneration matrix due to their excellent bioactivity and

osteoblast response (Kim et al., 2008).

An in vitro study was conducted by Brown et al. (2008) to evaluate the ability

of two types of constructs of bioactive, silica-based 13-93 glass fibers scaffold to

support the growth and differentiation of MC3T3-E1 osteoblastic cells and con-

cluded that 13-93 glass fiber scaffolds are a favorable substrate for the growth

and differentiation of osteoblasts and a promising material for bone tissue engi-

neering and repair of bone defects. Surgeons dealing with patients with cranio-

maxillofacial defects have to face both psychological and functional aspects of

treatment. Efeoglu et al. (2009) used PCL with phosphate glass fiber that showed

promising results for nonload-bearing applications in the craniomaxillofacial

region. Moreover, new micro-CT measurement of temporal characterization of

mineralization of bone has shown its efficacy for prediction of bony healing and

its quality. A study with submicron BG fibers 70S30C (70 mol% SiO (Hench and

Polak, 2002), 30 mol% CaO) fabricated by electro-spinning showed similar elastic

modulus with bone when used as bone tissue scaffold (Lu et al., 2009). When

bone-to-implant contact and the osteoconductive capacity of bioactive FRC

implant were evaluated in vivo it was found that addition of bioactive glass

(BAG) to the FRC implant increases peri-implant osteogenesis and bone matura-

tion (Ballo et al., 2009). FRC implants also promoted the healing process of criti-

cal size calvarial bone defects in rabbits, showing its efficacy in the

reconstruction of bone defects in the head and neck (Tuusa et al., 2008). Another

recent study reported on an implant material consisting of a supporting

fiber-reinforced framework and porous inner layers of bisphenol-a-glycidyl

methacrylate and triethyleneglycoldi-methacrylate resin matrix reinforced with

silanized E-glass filled with a BG (S53P4) that may fill a potential role in

craniofacial bone reconstruction (Aitasalo et al., 2014).

2.5.2 ROLE IN SOFT TISSUE (WOUND) HEALING

Ideally bioactive wound dressings should contain antimicrobial drugs, growth-

promoting factors, nanosilver and other bioactive ingredients that promote tissue

growth in the wounded area (Zahedi et al., 2010). Bunting et al. (2005) found that

bioglass 45S5 fibers form a biocompatible scaffold that helps to regenerate

peripheral axons in vivo and thus have potential for use in clinical cases,

where there are long inter-stump gaps to be bridged. Nanofibers have a high
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surface-area-to-volume ratio and surface molecular chains ready to bind with

desirable drugs. Wound dressing material should contain active agents like anti-

biotics, antiinflammatory agents, growth-promoting factors, vitamins, minerals

and inorganic ions like silver (Lakshman et al., 2010) and iodine. El-Newehy

et al. (2012) developed PVA/PEO/metronidazole composite nanofibers using

nanospider technology. The fibers were effective against Escherichia coli,

Pseudomonas aeruginosa, Aspergillus niger, Penicillium notatum, and Aspergillus

flavus and the stabilized fibers also had a controlled release rate compared to

nonstabilized fibers. Zahedi et al. (2013) synthesized, used phenytoin sodium

(PHT-Na) (an antiepileptic drug with known properties of wound healing) and

loaded in electrospun PVA/PCL nanofibers; histological assessment of

PVA1 PHT-Na fibers of which showed re-epithelialization, low tissue necrosis

and a high degree of wound healing. Babaeijandaghi et al. (2010) electrospun

polyethersulfone (PES), a synthetic and biocompatible polymer, into nanofibers

and applied it as an epidermal wound dressing. It proved to be effective in improv-

ing skin healing. Yan et al. (2011) reported electrospun polyurethane/nanoTiO2

nanofibers as wound dressing that showed antibacterial efficiency as well as good

water vapor transmission, which are critical to prevent the wound bed from exudate

accumulation. Dubsky et al. (2012) prepared gelatin nanofibers with needleless

nanospider technology and performed a comparative study between gelatin nanofi-

bers and PCL nanofibers and concluded that gelatin improved wound closure by

increased granular tissue formation and reepithelialization.

2.5.3 ROLE AS SUSTAINED LOCAL DELIVERY OF ANTIBIOTICS IN
TREATING BONE INFECTION

The usual treatment regimen for osteomyelitis or bone infection has various chal-

lenges such as the fact that the desired concentration of parenteral antibiotic can-

not reach the infection site due to presence of the blood bone barrier. Various

factors to control infection and many pathogens as well as antibiotics have been

identified in recent years (Trampuz and Zimmerli, 2006; Crowley et al., 2007;

Struijs et al., 2007).

A study of PCL nanofibers fabricated by incorporating calcium peroxide

showed inhibitory properties of the nanofibers on the growth of E. coli and

Staphylococcus epidemidis due to burst release of calcium peroxide from the

nanofibers. The results showed that oxygen-generating nanofibers provide a short-

term peroxide-based antimicrobial response with viable and morphologically

healthy osteoblasts in tissue culture except initial toxic effect over first 24 hours

(Wang et al., 2010).

Hsu et al. (2014) studied the effect of biodegradable drug-eluting nanofiber-

enveloped implants made of poly(D,L)-lactide-co-glycolide and incorporated van-

comycin and ceftazidime, which were electrospun into biodegradable drug-eluting

membranes and enveloped on the surface of stainless plates. The result showed
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nanofiber-enveloped plates released vancomycin and ceftazidime above the mini-

mum inhibitory concentration for more than 3 and 8 weeks in vitro and in vivo,

respectively, and proved to be very effective at eluting antibiotic in biodegradable

implants for sustained release.

2.5.4 AS CARRIER FOR DELIVERY OF ANTICANCER DRUGS AND
GROWTH FACTORS

At a molecular level cancer develops due to genetic alterations of multiple subsets

of genes, either activation of oncogenes or inactivation of tumor suppressor genes,

and ultimately leading to malignant proliferation of cancer cells, tissue infiltration

and dysfunction of organs (Sarkar et al., 2007). In general, there is dynamic

angiogenesis and high vascular density in tumor tissue, but with a malfunctioning

of vascular design. The situation is compounded due to poor lymphatic drainage,

known as the enhanced permeation and retention effect (Byrne et al., 2008; Iyer

et al., 2006). Traditional chemotherapy (both orally and intravenously) fails to

direct sufficient concentration of drugs at the tumor site due to intrinsic convolu-

tion of tumor microenvironment and the existence of P-glycoprotein. The thera-

peutic drugs also affect in vivo hepatic and renal clearance, enzymolysis and

hydrolysis, as well as endosomal/lysosomal degradation (Wiradharma et al., 2009;

Jabr-Milane et al., 2008). Additionally, the effectiveness of anticancer drugs is

restricted due to properties such poor solubility, narrow therapeutic concentration

around the tumor site as well as low efficacy for solid tumors and severe cytotox-

icity to healthy body tissue, leading to treatment failure in cancer (Pulkkinen

et al., 2008; Xie et al., 2010).

Considering the above facts, there is a paramount necessity to develop an ideal

therapeutic approach capable of delivering chemotherapeutic agents directly to

tumor sites (Panyala et al., 2009). With the advent of new modalities of delivery

of drugs through organic/inorganic fibers, the treatment of cancer may take a new

path in the coming years.

The nanofibers developed by electro-spinning have gained considerable atten-

tion as this technique can produce ultrafine polymer fibers for drug delivery appli-

cations. As a fibrous material, it has the ability to entrap drugs with a high

loading capacity and high encapsulation efficiency because of their low weight

and inherent high surface-to-volume ratio. Delivery of anticancer drugs can be

successfully carried out with this fiber, especially in postoperative local chemo-

therapy via surgical implantation of the scaffold (Xu et al., 2008). The electro-

spun PLGA-based micro- and nanofibers may have the ability to deliver

pacilitaxel to treat C6 glioma in a sustained way in vitro (Xie and Wang, 2006).

In another study, controlled release of 1, 3-bis (2-chloroethyl)-1-nitrosourea was

carried out from an implantable poly(ethylene glycol)-poly(L-lactic acid) diblock

copolymer fiber for postoperative chemotherapy of cancer against rat Glioma C6

cells showing increased antitumor activity (Xu et al., 2006). A new approach for
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multidrug delivery of both paclitaxel and doxorubicin hydrochloride (DOX)

through nanofibers prepared by “emulsion electro-spinning” has also been devel-

oped (Xu et al., 2009).

Another recent study showed the inhibitory effect of released dichloroacetate

from PLA electrospun mats to suppress cervical carcinoma in an in vivo mice

model within 3 months. The significant reduction of tumor volume and weight

may be due to synergistic necrosis of the tumor cells, caused by multiple adeno-

sine-50-triphosphate depletion promoted by high dosage of dichloroacetate (Liu

et al., 2012). The cell-culture study using coated paclitaxel-loaded CS nanofibers

with hyaluronic acid confirmed the ability of released paclitaxel to inhibit the

attachment and proliferation of DU145 prostate cancer cells even with a small

amount of the drug (Ma et al., 2011).

Although inorganic compounds such as cisplatin have antitumor activities,

they have a short half-life in the biological system. To overcome this limitation,

titanocene dichloride was incorporated in PLLA nanofibers and showed inhibitory

activity against lung tumor cells (Chen et al., 2010). Hydroxycamptothecin

(HCPT), an insoluble and unstable anticancer drug, was loaded in poly(D,L-lactic

acid)-PEG electrospun nanofibers using 2-hydroxypropyl-β-cyclodextrin as solu-

bilizer. This showed much higher inhibitory activity against human mammary

gland MCF-7 cancer cells (Xie et al., 2010). In another study, the core�shell

HCPT-loaded fibers showed higher inhibitory activity (. 20 times) against

human hepatocellular carcinoma cells (Hep G2) than free HCPT during 72 hours’

incubation (Luo et al., 2012). For long-term anticancer efficacy, a doxorubicin

drug molecule was used for sustained release through PLGA/CNTs composite

nanofibers. The results showed that the prepared PLGA/DOX@CNTs nanofibers

platform could effectively inhibit the cell viability of HeLa cells in vitro (Yu

et al., 2015). The doxorubicin-loaded electrospun hybrid nanofibers comprising n-

HA particles and PLGA showed anticancerous effects by sustained release of the

drugs (Zheng et al., 2013).

2.5.5 ROLE IN DENTAL APPLICATIONS

The first implants used to replace missing teeth possibly date back to the end of

the first century AD. A piece of metal (wrought iron or nonalloy steel) was found

in the maxilla of a male over 30 years of age from that period (Becker, 1999).

Modern implants emerged in the 1960s with osseointegration. Endosseous

implants are now being used for single tooth replacement, bridgework, complete-

arch reconstructions and complete removable overdentures or to reconstruct max-

illofacial defects (Sabri, 1998; Knabe and Hoffmeister, 1998; Balshi et al., 1999;

Mericske-Stern, 1998). Implant dentistry is constantly growing as new levels of

biological technology emerge.

In the last five decades, polymer-based composites have been used as dental

restorative materials (Alsharif et al., 2014) due to their ability to preserve

teeth better and because of the low risk of leakage during bonding to enamel
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(Leprince et al., 2013; Ferracane, 2011). However, these types of materials have

limitations: (1) weakness in mechanical properties (Mahn, 2013) and (2) high

polymerization shrinkage (Pires de Souza et al., 2009). These weaknesses lead to

shorter lifespan of dental resin-based composite (5�7 years) compared to dental

amalgam (13 years) (Zhang and Darvell, 2012; Chen et al., 2011). Recently, a

number of materials have been developed with improved aesthetic quality and the

ability to bond better with the enamel surface (Leloup et al., 2001; Atai et al.,

2009). One of the materials is polydimethacrylate monomer, a reinforcement that

interacts chemically or mechanically with the matrix (Sideridou et al., 2003).

Bisphenol A-glycol dimethacrylate (Bis-GMA) monomer has been extensively

used as a matrix due to its low polymerization shrinkage, low thermal expansion,

acceptable clinical handling and low volatility (Khatri et al., 2003). Triethylene

glycol dimethacrylate is used to diminish viscosity of the Bis-GMA and eventu-

ally improve dispersion of reinforcements following dilution (Antonucci et al.,

2012; Zhang and Darvell, 2010).

Regardless of advancements of dental composites, improving their mechanical

properties remains a challenge. Adequate mechanical properties of dental compo-

sites such as tensile, flexural and hardness are paramount. To minimize these

shortcomings, various reinforcements have been used such as silica, glass fiber

(van Heumen et al., 2008; Lin et al., 2008; Fong, 2004), organic polymer fiber

(Sun et al., 2010) and ceramic whiskers (Xu et al., 2010b) with successful out-

comes for dental applications. However, these fillers did not add to the bioactivity

of the composites or prevent caries (Sideridou and Karabela, 2009; Yousif et al.,

2012).

In order to increase the mineral content of the tooth, enhance the mechanical

properties of composites and reduce polymerization, bionanocomposites were

developed with nanoparticles or nanofibers as reinforcement. Tetracycline-

incorporated nanofibers were successfully synthesized via electro-spinning and

functioned as an antimicrobial surface modifier and osteogenic inducer for tita-

nium dental implants (Bottino Marco et al., 2017). In a recent study, resin-based

dental sealants modified with nylon-6 and chitosan nanofibers were prepared to

provide an antibacterial effect (Hamilton et al., 2015). Poly(ε-caprolactone)-poly
(ethylene glycol) copolymer nanofibrous mats incorporated into chitosan for the

regeneration of periodontum were developed (Jiang et al., 2015).

2.6 CONCLUSIONS
Research in biomedical engineering has drawn considerable attention over the last

few decades on the development of new materials, processing and their assess-

ment and possible applications. Organic/inorganic micro/nanofibers are para-

mount to successful outcomes in biomedical engineering. A broad range of fibers

of polymers including engineering plastics, biopolymers, conducting polymers,
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block copolymers, and polymer blends have been explored. Today ceramic/glass

fiber is playing a crucial role in bone and soft tissue engineering due to its high

surface-to-volume ratio, high porosity, adjustable pore size and morphological simi-

larity to the ECM. More importantly, nanofibers appear to interact with cells, for

example, selective endocytosis, adhesion and orientation. Organic/inorganic micro/

nanofibers may also prove to be a suitable carrier system in drug delivery applica-

tions in a wide variety of situations such as bone tissue engineering and cancer

therapy. Future research should take advantage of these properties of fibers.
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23.1 Introduction

Orthopedic challenges are on ever increasing trend in our human society, be it replace-
ment of bone and bone joints or repair and regeneration of bone and associated tissues.
Moreover as the average life expectancy is getting increased, more medical attention is
required toward alleviation of bone-related problems of people, especially the older group.
Quick rehabilitation after a surgery/therapy and extension in life with quality are the
need of the hour. With growth in population, coupled with rapid industrialization and
urbanization, numerous lifestyle-related orthopedic problems are getting surfaced irre-
spective of age groups, in addition to age- and trauma-related problems [1]. Thanks to the
development of newer surgical procedures, bone prostheses or implants, and modern
rehabilitation techniques/aids, the crisis could be offset largely so far.

Initially strength comparable to bone and its inertness toward the host environment
were the main considerations for development of alternate materials to be used as
implants [2�4]. Accordingly there was great thrust toward the development of synthetic
materials for tissue regeneration and growth. During 1970s ceramic materials started
evolving as a futuristic material having potential of diversified applications. At the same
time, limitations of implant materials in use (steel, cobalt, methyl methacrylate) were
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getting surfaced [5]. One major limitation of these materials was lack of integration of the
implants with the surrounding tissues leading to poor bonding. But ceramic materials
showed good compatibility to host environment and good integration ability in laboratory
trials. L.L. Hench is credited with pioneering work on the development of new ceramic
material in 1970s for biomedical application. He synthesized a bioactive glass trade named
45S5, with broad matrix of Na2O�CaO�SiO2�P2O5 [3,4]. The new glass was found to
have no adverse response from host tissues. It exhibited capability to form new tissues
when reacted with body fluid. The new tissues mimicked original tissues or the host tis-
sues. His benchmark work encompassed different composition of bioglass and other bio-
materials, their in vitro and in vivo evaluation, and giving a direction to future
development of synthetic implant materials (which can be termed as first generation of
biomaterials) [6]. It has been reported that as many as 50 prostheses made out of 40 differ-
ent biomaterials were implanted for conducting clinical evaluation in 1980 [4].

However, all new developments have their own lifespan. With advancement of biotech-
nology and molecular biology, understanding about cell construction, cell mechanics, cell
growth, human tissue generation and growth, and so on also has advanced. A series of
further developments followed in different time lines till date that can be labeled as sec-
ond- and third-generation biomaterials [6]. Newer procedures and implants continually
emerged to overcome earlier limitations and/or for qualitative improvement in human
life.

With better understanding of material science, a new direction started emerging in the
biomaterials development [7]. More and more nanomaterials are being used for achieving
bio integration features more efficiently and with the potential of improved end result. It
may be recalled that many of these materials were in use in earlier developments too.
However, knowledge about the potential of nano-sized materials as compared to micro-
sized materials has been realized much later. Hence with the aim of harnessing the poten-
tial of nanotechnology new techniques are getting developed. Combinations of different
fibers and nanomaterials possess many properties that make them ideal materials to be
used in the development of composites for application in orthopedics. Thus a new genre
of fiber nanobiocompositions are emerging as implant material and getting tried.

This review aims at exploring present status of orthopedic implant materials for differ-
ent applications with particular reference to biomaterials and trend in development of
fiber nanobiocompositions.

23.2 Orthopedic application areas

Human body comprises of different types of hard and soft tissues, for example, bones,
bone joints, cartilage, tendon, muscle. Our skeletal system is made of 208 bones. It helps
us to stand erect on ground, perform movements, and take workloads. As different activi-
ties are required to be performed by human beings, various orthopedic problems arise.
Naturally their solutions are also different. Many of these applications have become spe-
cialized areas, for example, cranioplasty, arthoplasty, cochlear applications, cartilage appli-
cations, bone tissue engineering. Series of developments have taken place in different
phases in these areas. The major areas are discussed in the following sections.
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23.2.1 Cranioplasty applications

Top most part of the skeletal system is the skull or cranium. The cranial cavity is made
of eight cranial bones, frontal, two temporal, two parietal, occipital, sphenoid, and
ethmoid bones. Cranial cavity houses the brain and protects it from external abuses.

Cranioplasty is the term given to the surgical procedure performed for rebuilding dam-
aged part of the skull. The damage can occur due to some accident leading to injury of
skull and the brain. In some cases, part of skull flap may be removed during surgery fol-
lowing cerebral attack and other complications of brain which leads to raised intracranial
pressure and swelling of brain. This neurosurgical procedure is known as decompressive
craniectomy [8]. Cranioplasty is also performed as a reconstruction measure after taking
out the affected area of cranium for removal of a tumor or infected cranial bone.
Cranioplasty procedure helps in many ways. Reconstruction of skull flap protects the
brain from further injury and largely restores normal appearance. It eliminates depression
and helps the patient to move in social circle freely. Other benefits like improvement with
respect to abnormalities in recording electrical activity of brain during EEG monitoring,
improvement in blood flow irregularities in brain, and other nerve system-related irregu-
larities [9�11].

History of craniofacial reconstruction dates back to 7000 BCE [9,10]. Some documents
cites reconstruction of skull defects of people of ancient civilizations belonging to affluent
classes with gold plates during 2000 BCE as evidenced from a Peruvian skull [10,12]. Van
Meekeren performed first bone graft from dog to human in 1668 [12,13]. It was in late 19th
century when first scientific experimentation of cranioplasty started with bone grafts.
Since then autologous and autogenous bone grafts has been increasingly used [14].
Autologous bone grafts carries the risk of infection. Availability of autogenous bone grafts
is limited [15]. These limitations of biologic bone grafts led to the development of synthetic
alloplastic materials to tackle a large number of skull injuries during world wars [10,15].
During 1930s cranial flaps made with tantalum and vitallium (alloy of cobalt, chromium,
and molybdenum) were experimentally used [7,9,14]. Methylmethacrylate (MMA)-based
acrylic skull flaps were first used in 1941 [15,16]. They had the advantages of being light-
weight, easy moldability to the required contour during surgery itself. But their drawbacks
were brittleness and toxic response owing to the presence of monomers [10,16]. Titanium
was first used in 1961 for cranioplasty application due to its inertness, lightweight, high
mechanical strength, and easy formability. Titanium meshes were particularly useful in
those cases where immediate closure of the removed portion of skull was required [17].

In the meantime, understanding on graft�human body interaction with respect to
biocompatibility, osteointegration, osteoconduction, etc., when in contact with human tis-
sue and body fluid were much developed. Researches were directed to develop synthetic
materials having these biofeatures, known as bioactive materials or biomaterials. One such
biomaterial is acrylic composition based on polymethylmethacrylate (PMMA)
[9,12,18�20]. PMMA was found to be nontoxic due to the absence of monomers, strong
and impact resistance. It can be formed to near net shape of application area of skull dur-
ing operation itself. Another polymeric compound recently developed is polyether ether
ketone (PEEK) [21�23]. It is radiolucent, chemically inert, strong, and elastic. Not only
that it is comfortable, but it neither creates artifacts on imaging nor generates heat while in
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use. Ceramic compositions based on Al2O3, hydroxyapatite (HAp), and calcium sulfate
have been developed as biomaterials [24]. Ceramic materials are highly biocompatible, bio-
active, and have good mechanical strength. However, they are known to possess poor
impact strength and therefore brittle in nature. Bioglasses are another category of bioactive
ceramic material and their inclusion as nano- and micro-sized particles in synthetic cranial
flaps has been found to induce osteoinduction, osteoconduction, and osteointegration
property. Titanium metal still has a good share as material for cranioplasty due to its good
biocompatibility, mechanical strength, and radiolucency. The biofeatures have been
enhanced by application of bioactive ceramic (HAp) coatings on the surface. Another area
of current work is inclusion of controlled drug delivery feature in these synthetic materi-
als. Table 23.1 summarizes important milestones and features of implant materials used in
cranioplasty procedure.

23.2.2 Load-bearing orthopedic applications

Major functions of human musculo-skeletal system can be defined as providing support
to the body, help in movements, and securely housing organs. There are many joints in
the skeletal system which take care of the load put upon it by body itself or external loads
apart from movement of body. Joints like hip, knee, shoulder are subjected to tremendous
stress and strain while body performs different activities. In the process, they wear and
tear faster than other parts leading to impaired life functions.

23.2.2.1 Arthroplasty

Arthroplasty is a surgical procedure to restore the function of a joint by replacement of
the ailed joint. The term “arthroplasty” originated from Greek word “arthron” (meaning
articulate, joint, limb) and “plassein” (meaning to form, forge, feign, mold, make an image
of). To alleviate problem in the joint an artificial joint (also called a prosthesis) can be
implanted. The joint also be repaired by resurfacing of the bones in contact. Various types
of arthritis may affect the joints. Replacement of joints nowadays is a common surgical
procedure, majority of which is performed for hip and knee.

It is estimated that every year about 400,000 numbers of total hip joint replacement and
700,000 numbers total knee joint replacements are carried out in United States [26].
National Joint Registry, United Kingdom (NJR) reported data for the year 2017 in its 15th
annual report on arthroplasty procedures for England, Wales, Northern Ireland, and the
Isle of Man as given in Table 23.2.

23.2.2.1.1 Hip joint

Hip joint is located in a pivotal position in human body. Medically it is referred to as
the acetabulo-femoral joint, which is similar to a ball and socket joint. The thigh bone
femur has a ball-shaped head on its end that fits into a socket (the acetabulum) formed in
the pelvis. Around the hip joint there are large ligaments, tendons, and muscles that hold
the bones (the ball and the socket) in place and protect it from dislocating. The hip joints
play very important roles in retaining balance, supporting weight of our body while in
standing as well as in moving and in maintaining the pelvic inclination angle. But there
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TABLE 23.1 Important milestones and features of implant materials in cranioplasty [9,14,15,18,19,25].

Material First use year (by) Favorable feature Unfavorable feature

Bone graft

Xenograft
(discontinued)

1668 (Meekeren) Easy availability Infection, bone resorption,
contouring

Autologous 1880 (Macewen) Acceptance by host tissue Infection, bone resorption,
contouring

Autogenous 1889 (Syedel) Acceptance by host tissue Infection, bone resorption, donor
site morbidity, contouring,
availability

Allogenous 1917 (Sicard and
Dambrin)

Easy availability (cadaver) Infection, bone resorption

Metal

Aluminum 1893 (Booth and
Curtis)

Malleable, economic, fairly strong Toxic, disintegration,
epileptogenic

Gold 1895 (Gerster) Inert, malleable High cost, low strength

Silver 1903 (Sebileau) Light, malleable, economic Low strength, toxic, discoloring
scalp

Platinum 1929 (Cornioly) Strong, inert, malleable, biocompatible, High cost

Vitallium
(Co�Cr�Mo)

1941 (Geib) Strong, noncorrosive Not malleable

Tantalum 1943 (Fulcher) Inert, strong, noncorrosive, malleable,
contouring, nonabsorbable

Costly, image artifact, sensitive to
ambient temperature, heavy

Titanium 1961 (Simpson) Strong, nontoxic, contouring,
noncorrosive, low infection, radiolucent

Costly, image artifacts, no
osteointegration

Polymeric compounds

Celluloid 1890/1891
(Fraenkel/ Von
Hinterstoisser)

Easy available, economical, flexible Toxic, postoperative fluid
collection

MMA/PMMA 1940 (Zandler) Strong, intraoperative contouring, heat
resistant, inert, economical, radiolucent

Toxic, infection, brittle,
decomposition

PEEK (PAEK) 1998 (�) Biocompatible, heat resistant,
contouring, strong, radiolucent,
adjustable elasticity, durable

Moderate cost, 3D planning and
imaging for contouring, no
osteointegration

Ceramics
Hydroxyapatite 1989 (Yamashima) Biocompatible, nontoxic,

osteoconduction, osteointegration,
contouring

Low tensile strength, brittle,
chance of infection, slow
osteointegration

Alumina 1986 (Kobayashi) Hard, inert, biocompatible,
osteointegration

Expensive, poor impact
resistance, preformed

MMA, Methylmethacrylate; PAEK, polyaryletherketones; PEEK, polyether ether ketone; PMMA, polymethylmethacrylate.
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are a number of causes, including nervous, osteoarthritis, infectious, trauma-related, and
genetic, that may lead to pain in the hip. Hip fractures are being paid more attention due
to higher morbidity and mortality.

Total hip arthroplasty Patients with complains of hip arthritis have been found to
achieve improvement in their quality of life after performing total hip arthroplasty [28]. It
also brings about quite substantial benefit with respect to cost per Quality Adjusted Life
Year [29,30]. But many factors influence the final outcome of a total hip arthroplasty
(THA) resulting in varying degree of satisfaction among the patients. A number of analyti-
cal studies have been carried out with clinical follow up data to find out success level of
hip surgery and findings were very much favorable [31].

In a hip replacement procedure, an artificially made hip joint (also named a hip
implant) is placed in the body after removal of the damaged part. Indication of joint ail-
ment is pain in the hip and surrounding area mostly caused by osteoarthritis or inflamma-
tory arthritis. Initial treatment starts with management of pain by painkiller medicines,
physiotherapy exercises, or minor surgeries. As the problem aggravates with time, hip
arthroplasty is recommended. A hip replacement, often known as a hip implant (and
sometimes simply as a “device”), is an artificial implant that replaces a damaged hip joint.
Joint replacements are mostly resorted to when pain cannot be managed by other methods
like painkillers, physiotherapy, or other surgeries. The most common cause of pain is oste-
oarthritis or inflammatory arthritis.

There are few issues which surgeons have to handle very carefully while performing
hip replacement surgery. One challenging task is to keep the leg length same as to origi-
nal. Extreme care is needed when top part of the femur is removed and the synthetic part
is positioned there. Another task is maintaining the original femoral offset. This can get
changed if the angle between the neck and shaft part of the prosthesis is different than
patient’s original anatomical angle. Also proper alignment needs to be maintained while
pushing the shaft of the prosthesis into the central cavity of cut end of femur. Leg length
difference and femoral angle difference may lead to a series of problem during postopera-
tive period, for example, instability during movement, lower back pain, abnormal posture,
numbness, all of which causes dissatisfaction in the patient’s mind [32�36].

Hip resurfacing is also a surgical procedure that has been recommended as a prospec-
tive solution in people younger than 60 years in terms of benefit-to-risk ratio [37]. On the
contrary, NJR analyzed a large number of clinical data and observed that hip resurfacing
performance was inferior when compared with normal hip replacement procedure in
most patients. They also found hip resurfacing is not recommended now for older patient

TABLE 23.2 Arthroplasty procedures in England, Wales, Northern Ireland, and the Isle of Man [27].

Arthroplasty

2016

Nos.

2017

Nos.

% over

2016

Average male age in 2017

(years)

Average female age in 2017

(years)

Hip 101,651 105,306 1 3.6 67.3 69.5

Knee 108,713 112,836 1 3.8 69.2 69.4

Shoulder 6967 7525 1 8.0 69.3 74.1
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group, female patients, or younger men as the rates of failure are high. The resurfacing
cases accounted for nearly 10% of total number of hip arthroplasty in 2003 but reduced to
less than 1% in 2017 [27]. As per fifth annual report 2018 of American Joint Replacement
Registry (AJRR), hip resurfacing has come down to 0.4% in 2017 from 2.9% in 2012 [38].

Material options The main parts of a hip implant are femoral stem, femoral head, and
acetabular cup. Due to repeated attrition between the femoral head and acetabular cup,
wearing of these two contacting surfaces leads to the start of arthritic pain. During sur-
gery, the femur is separated from acetabular cup. Top part of the femur with ball is cut
and removed at appropriate place. The implant with stem and ball head is fixed. Required
repair/replacement of the cup is done. Finally the head of the femur is securely placed in
the cup. The four types of fixation procedure for different components are in vogue
depending on whether bone cement is used or not in case of primary THA [39]. They are
as follows:

1 Cemented: Both the femoral stem and synthetic acetabular cup is fixed with cement.
2 Uncemented: Both these components are fixed without using cement.
3 Hybrid: Here the stem is cemented but the cup is uncemented.
4 Reverse hybrid: Here the stem is uncemented but the cup is cemented.

The 15th annual report of NJR reveals that the cemented method was most popular
(60%) in 2003, reduced to B32% in 2010, and in 2017 it was 29%. Uncemented fixation
was about 17% in 2003, rose to 45% in 2010, and then declined to 38%. Their share was
taken away by hybrid method, which was about 12% in 2003, slightly increased to 15% in
2010, and then gradually increased to 32% in 2017. The share of reverse hybrid is nearly
1% in 2017, mostly done in Sweden and Norway [27].

The parts involved in hip arthroplasty along with different materials used are described
as follows.

Femoral stem: It is a replica of top part of femur bone. The lower end of the stem is
pushed inside the central cavity and secured tightly in place. Some bone cement may be
used during this fixation. Recently cementless fixation procedure has become very popu-
lar. Obviously the stability and success of the implantation depends heavily on proper
alignment and how tightly the stem has been secured. It is also desired that bone cell
grow on the implant surface. Synthetic coating is sometimes applied to promote this bone
growth.

Femoral head: One synthetically made ball is fitted on the top of the artificial stem in
place of human anatomic ball head of femur bone. This synthetic ball head can be made of
metal or ceramic material and is securely placed into the hip socket. Materials used are
cobalt chromium alloy, stainless steel, oxidized zirconium, zirconia ceramic, or alumina
ceramic. The ball diameter varies from 22 to 32 mm normally, but in recent years larger
diameter balls of 36 and 40 mm are being used for better results.

Acetabular component: The femoral head is fitted into the existing acetabular socket
of the hip bone after proper surface preparation of the socket bone surface and fixing of
an artificial cup on it. This artificial cup is the acetabular component of the prosthesis.
Two practices are generally followed. In one practice special wear-resistant plastic cup is
used and it is fixed on the anatomical cup with special bone cement. In the second practice
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called cementless fixing, a metallic shell is first tightly fitted into the existing cup after
thorough preparation of the eroded bone surface [40]. This shell is sometimes secured
with special screws. Back of the liner may be made bioactive using special coating. A plas-
tic or ceramic is then fixed onto the metal shell. Acetabular liners are ultra-high molecular
weight polyethylene or alumina ceramic. Commonly used material for metal shell is
Ti�6Al�4V alloy [41].

Bearing surface materials Bearing surface is the contact surface of acetabular cup and
the head of the femur that rubs against each other during movement. The following mate-
rials have been reported.

Metal-on-plastic: In the initial hip replacement procedure, femoral head of the prosthe-
sis was made of metal and the acetabular component was of plastic. Tribological proper-
ties of the bearing surface influences the amount of debris released due to repeated
rubbing of bearing surfaces. Reduction in such debris generation can help to keep any
play between the head and the socket under control. This in turn make hip replacements
last longer. Efforts in this area have led to development of highly cross-linked ultra-high
molecular weight polyethylene-based cups having very good wear resistance.

Ceramic-on-plastic: Ceramic materials have excellent tribological properties as com-
pared to metals. They are highly wear resistant, have high hardness and excellent surface
smoothness. Head made with ceramic materials when used with plastic cup was found to
generate very less debris. This improved combination is in use for nearly a decade with so
far best results in clinical studies.

Metal-on-metal/Ceramic-on-ceramic: Artificial hip implants are subject to wear when
they are in use for many years. Hence efforts are on to prevent the loosening of artificial
hip implants due to wear. Alternative bearing surfaces like metal-on-metal (MoM) and
ceramic-on-ceramic (CoC) have been used. Here the head and cup are made of the same
material.

MoM hip replacements became popular in the mid-2000, but the NJR identified very
poor results for this type of implant. Their use has now largely been abandoned and in
less than 0.1% of operations this bearing type is used.

CoC bearings had been in widespread use for nearly two decades [42�44]. In last few
years its use has waned as ceramic-on-plastic bearings became more popular.

Hip resurfacing In hip resurfacing procedure, instead of removing the femoral head, it
is reshaped and covered with a metal cap. One conventional cementless acetabular cup is
used in the hip socket. It may be noted that both components are made of metal.

NJR in its 15th annual report has indicated the usage pattern of different bearing sur-
faces over the years and is summarized in Table 23.3.

23.2.2.1.2 Knee joint

Knee joint is the most affected joints in our human body going by the trend as shown
in Table 23.2. Knee joint is where lower end of femur (thigh bone) and upper end of tibia
(shin bone) meets and it is covered with a knee cup called platella. The contact surfaces of
these bones are covered with articular cartilage which facilitates free movement and pro-
tects bone surfaces. Knee joint is subjected to tremendous wear and tear in our lifetime
due to various activities like carrying load, walking, running, playing, and exercising. The
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knee joint problems may arise due to degradation of the bearing surfaces, degeneration of
associated tissues, cartilage, and tendons. All these will manifest as different forms of
arthritis, like osteoarthritis [45], rheumatoid arthritis, or arthritis generated from psoriasis.

These days there are an increasing number of knee replacements for young patients
who lead active lifestyles or take part in high-demanding sports, for example, athletics
and football. These activities place more pressure and wear on the knee joint.

Knee replacement surgery is decided based on the extent of wearing of different parts of a
knee joint. Anatomically knee joint has three compartments called medial, lateral, and patella-
femoral. Initial treatment with medicine and physiotherapeutic exercises can defer the surgery.
Once the extent of arthritic pain becomes unmanageable, knee replacement is considered. Knee
replacement may also be required in case of traumatic injuries. In case of severe damage in
any one compartment (mostly in medial), partial or unicompartmental knee replacement is
done. When damage is in two or more compartments, total knee arthroplasty is performed.
The unicompartmental knee replacement had shown large decline in the first half of 1990s
mostly due to success of total knee replacement. In recent times, it has received renewed inter-
est due to improved, less invasive surgical procedures, and higher durability.

While deciding total knee replacements, condition of anterior cruciate ligament (ACLi)
and posterior cruciate ligament (PCLi) is taken into consideration. These ligaments join
femur with tibia. They control forward and backward motion of our knee. The ACLi

TABLE 23.3 Yearwise usage (approx.) pattern of different bearing surfaces in
primary THA (in %) [27].

Type of surface 2003 2010 2017

Uncemented

MoP 36 36 43

CoP 29 12 37

CoC 21 40 19

MoM 8 7 �
CoM � 2.5 �
Other/uncertain 6 2.5 1

Hybrid

MoP 68 68 52

CoP 12 12 41

CoC 10 18 6

MoM 5 1 �
CoM � � �
Other/uncertain 5 1 1

CoC, Ceramic-on-ceramic; CoM, ceramic-on-metal; CoP, ceramic-on-plastic; MoM, metal-on-metal; MoP,
metal-on-plastic.
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provides rotational stability to the knee. It does not allow tibia to slide out in front of
femur, while the PCLi prevents tibia from going backward too far. ACLi are normally
found severely degenerated in acute arthritic conditions and are removed during a TKA.
The PCLi is generally found to be in better condition and may be retained. Based on these
criterions TKA can be classified as:

1 Nonconstrained knee replacements: In this type of surgery the PCLi is retained. The
prosthesis is so designed that the femoral and the tibial components are free to move
independently. Stability is provided by patient’s own ligament and muscles.

2 Semiconstrained knee replacements: In this type of surgery, the PCLi is found unusable
and are removed. A special design of prosthesis is used in which the femoral
component has a cross member which is passing through a semicircular hinge made on
the tibial component. The hinge supplements some stability in the absence of PCLi, still
allows the femoral member to articulate freely.

3 Constrained knee replacements: These types of prostheses are used in special cases of
severely damaged knee in aged persons and mostly during revision surgery. The
anatomical ligaments are generally not in a position to provide any support to the
prosthesis; hence the components are hinged to gain own support.

The total knee arthroplasty with nonconstrained design is the most common type of
knee replacements followed by semiconstrained type. The success rate has been reported
to be more than 95%.

In knee prosthesis, femoral end and tibia end are made of metals, commonly alloys of
cobalt�chromium and titanium. The bearing portion of the joint (tibial insert) is made of a
high-grade, wear-resistant plastic. Bearing combination of metal�plastic is used in knee
replacement implants worldwide. As per the fifth annual report 2018 of AJRR, polyethyl-
ene tibial inserts are categorized as conventional polyethylene (ultra high molecular
weight polyethylene: UHMWPE), cross-linked polyethylene, or vitamin E-impregnated/
antioxidant polyethylene. For primary knee arthroplasty procedures performed from 2012
to 2017, usage rates of conventional polyethylene continued to decline, balanced by a stea-
dy increase in the use of antioxidant polyethylene over the same time frame from 2.5% in
2012 to over 25% by 2017 [38]. One recent clinical trial with improved design knee prosthe-
sis with alumina ceramic femoral head containing 7% yttria reported very good outcome
[46]. In an in vitro study, wear characteristics of insert was compared using alumina
ceramic femoral head-UHMWPE insert and Co�Cr alloy femoral head-UHMWPE insert.
Wear rate of insert in alumina ceramic femoral head-UHMWPE insert combination was
found to be 36% lower [47]. In another instance, Ezzet et al. conducted laboratory studies
to compare wear rate of oxidized zirconium femoral component and Co�Cr�Mo alloy
femoral head against conventional PE tibial insert and observed 55% less wear with oxi-
dized zirconium femoral component [48].

23.2.2.1.3 Shoulder joint

Charles S. Neer II designed the first shoulder replacement system to deal with painful
arthritic shoulders [49]. The shoulder replacement has increased, developed, and surged
with leaps and bounds all over our planet (53,000 shoulder replacements are done annu-
ally in United States only). Shoulder joint is medically termed as gleno-humeral joint. In

534 23. Fiber nanobiocompositions for cranioplasty and other orthopedic applications

III. Applications



human anatomy it is located in the junction of three members, upper arm (humerus),
shoulder blade (scapula), and collar bone (clavicle). Shoulder joint is also a ball and socket
joint. But here, the rounded cup in the scapula called glenoid is smaller and shallow. The
round head of humerus, in contrast to hip joint, does not fit inside the cup, instead just
rests on it. This construction allows the humeral head to move multiaxially against the gle-
noid cup and it is the most mobile joint in our body. The bearing surfaces are covered
with thin, very smooth layer of cartilage which allows easy movement of the head within
the cup. The circular outer edge of the glenoid is surrounded by labrum, a strong and
highly elastic cartilage. It secures the ball head of humerus against the glenoid. The head
is further stabilized in place by rotator cuff muscles and tendons extending from the scap-
ula and covering the joint. But due to various reasons like gradual erosion, injury, impact,
earlier surgery, cartilage gets degenerated. This degeneration manifests as arthritis.

In total shoulder replacement arthroplasty, mostly metal-in-plastic method is followed.
The two parts of the prosthesis are metallic stem with ball head for humerus and polyeth-
ylene cup for the glenoid. The stem is tightly pressed into the humerus bone after remov-
ing the head. A synthetic high density highly cross-linked polyethylene cup is fixed over
the existing glenoid cup. The metal ball of the prosthesis is then position into the synthetic
cup.

23.2.3 Nonload-bearing skeletal bone applications

The remaining bones, other than joint forming bones, create an interconnected structure
and give a shape to our body. Different conditions may lead to fracture or breakage in
bone. Anatomically bone construction is such that it can take a large amount of tensile or
compressive stress. However, a fracture may occur if the bone is subjected to a dynamic
stress like impact of high magnitude. In case of certain medical conditions like osteoporo-
sis, osteogenesis imperfecta (a disease causing brittleness of bone), or some bone-related
cancers, the bone may fracture.

The bone fractures are categorized depending on the nature of the breakage. The bone
may break into two or more fragments in such a way that fragment ends shifts relative of
each other at the breakage point and moves away from normal alignment. This type of
fracture is termed “displaced fracture.” In some cases, the breakage of bone takes place,
but broken parts do not shift and remain in normal alignment. This type of fracture is
termed “nondisplaced fracture.” When the nature of bone fracture is such that the bone
does not pierce skin and does not create open wound, it is called “closed fracture.” In
worse situations, after breakage, the bone punctures the skin and gets exposed creating an
external wound. This form of fracture is named “open fracture.” Open fracture carries the
risk of deep bone infections.

For healing the fractured bones, the broken pieces are first brought to normal alignment
by manipulation with use of external force or by surgery. This is followed by “immobiliza-
tion” stage. To heal, the bone pieces must be kept in aligned position for a long duration,
typically 2�8 weeks depending on the type of bone, criticality of fracture, impaired blood
circulation, or some infection. The conventional plaster casting or plastic braces may be
used to keep the bone fragments aligned. In current procedures, metal plates and screws
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are used directly on bones for improved and more stable alignment using less invasive
surgery. In some cases, special structures called external fixators made out of metal or car-
bon fiber are fitted outside the body after bone alignment. Steel pins on these structures
pierce through the skin and into the bone, thus holding the pieces together in aligned
condition.

Osteosynthesis is the medical term used for surgical method of rigid fixation of fracture.
Professor Robert Danis, MD of Brussels Faculty of Medicine, wrote his book titled
“Théorieet Practique de L’ostéosynthèse” in 1949 [50]. In this book, he highlighted his pio-
neering work on stabilizing the fractured pieces of bone using metal plate after they have
been aligned by compressive forces. This type of rigid fixation helped in early bone con-
solidation and improved joining of fragments. The modern osteosynthesis procedures can
be considered to have originated from the pioneering work of Dr. Danis who contributed
significantly toward development of scientific methods for fixation of internal bone
fracture.

23.2.4 Cartilage

Cartilage has composite structure comprising chondrocyte cells dispersed in the form of
tiny lacunae within a gelatinous matrix [51,52]. The cartilage is enclosed by a dense fibrous
layer called perichondrium. This layer is lined with cells that can secrete hyaline matrix.
The cartilage grows by formation of additional matrix and inclusion of new cells formed
from the inner chondrogenic lining of the perichondrium. Articulating surfaces of the
bones in a joint are covered with a cartilage layer. This layer has many important functions
like reducing friction, providing cushion, and help in free painless movement of the joint.
The unique viscoelastic property of cartilage originates from its biphasic construction.
Approximately 80% by weight of the cartilage is constituted by water and remaining 20%
with solid substances. Inorganic ions like sodium, potassium, calcium, and chloride is
found in the water phase. The cartilage tissues have limitations like absence of vascular
network. So nutrients and oxygen cannot reach the chondrocyte cells and no metabolic
activity takes place. Thus regeneration or complete repair of cartilage by natural process
does not take place in case of cartilage defects. The repair/regeneration of cartilage defects
posed great challenge to the fraternity of doctors and surgeons throughout the globe.
Present practice repair of cartilage defects involve surgical procedures like “microfracture”
and “mosaicplasty” [53].

In “microfracture” surgery, micro-sized fissures are created on subchondral bone
underneath the defective cartilage. Blood and bone marrow seeps through these microfis-
sures and gradually releases cartilage building cells. Dr. Richard Steadman of the
Steadman-Hawkins Clinic in Vail, Colorado developed this surgical procedure in the late
1980s and early 1990s.

In “mosaicplasty” surgery, arrays of small cylindrical plugs of bone and cartilage
(known as “osteochondralautologous grafts”) taken from other donor site are transplanted
in the cartilage defect site [54,55]. This procedure came into clinical use in 1992 and found
to be effective in management of small and medium size cartilage defects.
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Tissue engineering is another promising procedure in which synthetic biomaterial scaf-
folds are surgically implanted for regeneration and repair of cartilage [53]. In the earlier
clinical trials using tissue engineering, the outcome was poor due to poor cell nucleation,
growth, and proliferation within the rigid scaffold. Studies have also been carried out
using hydrogels, scaffold-free approaches, and cell therapy for regeneration/repair of
large cartilage defects.

23.2.4.1 Materials for cartilage repair

23.2.4.1.1 Polymeric compounds

A number of polymeric compounds have been developed having biocompatibility and
biodegradability. These polymeric compounds can be processed with relative ease. Their
mechanical properties are also comparable to human cartilage making them suitable for
repair of cartilage. Young’s modulus of anatomical cartilage is in the order of 0.2�0.3 GPa.
Both natural and synthetic polymers have been used in cartilage defects.

23.2.4.1.1.1 Natural polymers

Common natural polymers include polysachharides, glycosaminoglycans, and proteins
(fibrin, collagen, gelatine). Shortcomings like low stiffness and poor biomechanical proper-
ties restrict uses of natural polymers.

23.2.4.1.1.2 Synthetic polymers

On the other hand synthetically made polymeric materials have the features like con-
trolled biodegradation and tailored mechanical strength. Controlled biodegradation of the
polymer helps in providing time and space for new tissue generation without losing struc-
tural integrity. The composition of the polymer may be suitably selected to get desired
mechanical properties like Young’s modulus. Synthetic polymers include poly-lactic acid
(PLA), poly-glycolic acid (PGA), poly-lactic-co-glycolic acid (PLGA-D, L isomer), polydiox-
anone, and poly-ethylene glycol (PEG) [56,57].

23.2.4.1.2 Bioceramics

Bioactive ceramic materials have excellent features like osteoconductivity and bioresorb-
ability, thus are prospective candidates as a component in the construct for repair of carti-
lage lesions. Since cartilage consists of 80% water with inorganic ions in it,
suitable bioceramics capable of controlled release of such ions have been developed. To
mimic anatomical features of human cartilage, composites of polymer/bioceramics have
been researched and developed having comparable modulus of elasticity and impact
strength. They have been successfully used in clinical trials for repair/regeneration of car-
tilage tissues. A large number of researches have been directed to incorporate tissue regen-
erating bioactive ions apart from normal ions like calcium, potassium, sodium, and
chlorides in ceramic materials. As a result, numbers of bioceramic products doped with
lithium, strontium, manganese, zinc, silicon, etc., have been developed for repair of osteo-
chondral defects. Manganese-doped tricalcium phosphate (TCP) scaffolds have been found
to successfully regenerate cartilage and subchondral bone. HAp is another potential bio-
ceramic material included as a component in synthetic bone grafts for repair of
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osteochondral defect. But its standalone use is limited due to very slow resorption rate. A
combination has been developed using calcium sulfate, a faster resorbing ceramic material,
along with HAp. Calcium sulfate will provide space for new cell growth after its resorp-
tion. HAp being osteoconductive will help proliferation of cells into and on the bone graft.

23.2.5 Cochlear application

Our ear is divided into three compartments. The outer ear receives the sound, transmit-
ted through the ossicles of the middle ear to the inner ear where it is converted to nervous
signal in the cochlea. The ossicles are three tiny bones, namely malleus, incus, and stapes,
arranged in this order from tympanic membrane (eardrum) to cochlea. The cochlea is a
portion of the inner ear that looks like a snail shell (cochlea is Greek for snail). The walls
of the hollow cochlea are made of bone, with a thin delicate lining of epithelial tissue.

Loss in hearing ability is a common sensory problem in human being. Hearing ability
reduces as we age. About one-third of population aging between 65 to 75 years suffers from
some loss in hearing ability in United States. This figure is more in population more than 75
years. Occupational hazard of exposure to excessive noise for long period also causes hearing
loss. Initial corrective remedy is use of hearing aids. When the situation is worse and the hair
cells inside cochlea ear are not able to convert sound waves into electrical signal and transmit
to hearing nerve any longer, a cochlear implant (CI) or “neurobionic prosthesis” surgery is
recommended [58]. Cochlear devices are also implanted in children born with deafness. Backed
by years of research; these devices have achieved a high level of reliability. 99% of internally
placed devices have been reported to be still working even after 10 years of implantation.

The part of a CI device that is surgically placed inside the inner ear consists of an array
of miniaturized electrodes housed in a tiny tightly sealed casing and the connecting wires
between electrodes and external sound receiving part. The materials that come into contact
with tissues of the ear must not generate any toxic response and prevent connective tissue
formation on the electrodes so that their auditory nerve stimulation efficiency is not
reduced. Also any chance of bacteria and infection causing pathogen spreading via elec-
trode array into cochlea must be eliminated.

23.2.5.1 Materials for cochlear application

The success and longevity of the CIs largely depends on the biocompatibility of the
materials of construction of different parts, especially, the surfaces which are in intimate
contact with ear tissues and body fluid. Materials used in a CI are described as follows.

Silicone:

Silicone elastomer composed of silicone, dimethylsiloxane polymer, reinforcing silica,
and platinum catalyst is commonly used for electrodes. Silicone is known to possess very
good biocompatibility property.

Polyimides:

Polyimides are group of chemically stable polymers used for flexible electrodes. The
clinical studies report them as potential materials for electrodes.
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Platinum:

Platinum metal is known to have no toxic response and is also highly corrosion resis-
tant. High cost prohibits its use as bulk material. Platinum�iridium (90:10) alloy is used as
electrode contact and connecting wire. The wires are covered with protective coating of sil-
icone or Teflon (poly-tetrafluoroethylene).

Titanium:

Titanium is a much lighter relative to platinum yet a strong metal. Density of platinum
and titanium is 21.45 and 4.5 g/cm3, respectively. It is highly inert and corrosion resistant.
These features make titanium an ideal choice for use as a material for casing of the electro-
des. Being metal, a perfect sealing of the joint of two halves of the casing can be achieved.

Ceramics:

Ceramics exhibit excellent biocompatibility even in long-term contact with tissue and
body fluid. Al2O3-based composite ceramics are used as casing material and as sealant of
the opening in casing through which wires pass. Another advantage of using ceramic cas-
ing is that it does not hinder signal transmission significantly. So receiver wires can be
housed inside the casing. However, ceramic materials are brittle in nature and possess
poor impact resistance. Also there remains uncertainty about sealing tightness and fluid
leakage into ceramic casings as reported in some studies.

23.2.5.2 Advancement in biomaterials for cochlear implant

Research for development of biomaterials for CI is largely directed toward reactivating
the hearing neurons, establishing close contact between electrodes and neurons via neuri-
tis (extensions from neuron cells) or preventing any bacteria or pathogens from causing
infections. Other objectives include prohibiting growth of connective tissues or bone tis-
sues on the implants. While integration with surrounding tissues may help in stability of
the implant, unlike other orthopedic applications, it can possibly create problem during
revision surgery. Also formation of connective tissues on implant inside cochlea might
reduce signal transmission efficiency. Surface modification and coating are two main
approaches taken for imparting bioactivity.

23.2.5.2.1 Physical functionalization

Surface modifications of existing materials by different nanostructuring methods like
laser ablation, lithography, two-photon polymerization, laser-induced melting dynamics,
and molding have been studied. These nanostructures have been found to induce hydro-
phobic behavior on the surface. This benefits the implants in two ways. It inhibits forma-
tion of connective tissues on the surface and improves interaction between auditory nerve
and electrodes as well.

Coatings Different bioactive coatings like collagen, carbon nanotubes, and hydrogels
have been studied. Collagen can be helpful in survival of spiral ganglion neurons.
Carbon nanotubes enhance electrical conductivity of electrodes and prohibit tissue adhe-
sion. Hydrogel coatings being structurally similar to extracellular matrix can be used to
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promote integration of nerve cells with electrode surface and also delivery of cells which
promote neural regeneration of nerve cells.

23.2.6 Wound healing applications

Skin is the largest organ in the human body [59]. A wound is an unforced cut or dam-
age of skin caused by some external physical reasons, heat, or internal pathological rea-
sons [60]. Healing of a wound is a natural yet a complex and dynamic activity of human
body. The healing process replaces the damaged cells of skin and underlying tissues with
newly formed cells and tissues. Time taken for healing of wound may vary from days to
months depending on the extent of wound and the factor causing the wound. A patient
needs to be careful about reoccurrence of injury or prevent infection. These precautions
may keep a person immobilized or keep away from his activities. So a systemic enhance-
ment of healing process is highly essential.

Right after a wound takes place, the four-stage healing process is initiated by body as a
biological response. In the first hemostasis stage, the blood coming out of the wound starts
to form clot and prevents further bleeding. In the second inflammatory stage the injured
blood vessels releases a secretion consisting of protein, salt, and water that carries repair
and healing cells to the wound location. The dead cells along with bacteria and other
infection creating organisms are removed during this stage. In the third proliferation stage
network of fibrous tissues are formed and reepithelialization starts. Fibroblasts deposit
type III collagen in disordered form. New blood vessels start forming along with the start
of peripheral nerve repair. The fourth and last stage is called maturation or remodeling
stage. In this stage type III collagen is replaced by aligned and cross-linked type I collagen
along the tension line. Skin tissues are regenerated and skin attains normal tensile
strength.

The required features of wound dressing materials are excellent therapeutic quality,
self-healing property, adhesiveness, antibacterial activity, angiogenesis capability, and
suitable mechanical strength [61]. Still it remains a challenge to develop a clinical material
to meet all the features of an ideal regenerative wound matrix. Available options for
wound care range from graft materials (autografts, allografts, and xenografts) to engi-
neered materials, either of biological or synthetic origin [61]. With rapid development in
tissue engineering concepts, a shift toward synthetic materials for wound dressing is visi-
ble. Wound dressings can be prepared in different forms, for example, films, foams,
hydrogel, or hydrocolloids [60]. Polymer films absorb wound secretions, thus providing a
wet environment for wounds, which favors quick healing. Polyurethane (PU) has ability to
provide good barrier and permeability to oxygen, hence is used in many semipermeable
dressings. Cross-linked hydrophilic polymers, for example, poly-vinyl pyrrolidone, poly-
acrylamide, and polyethylene oxide have been used to prepare hydrogel [61]. Hydrogels
do not get dissolved in water and possess typical characteristics of swelling in contact
with water. They are used in the form of elastic tapes or amorphous gel for the purpose of
wound dressing. Hydrocolloids are hydrophilic polymers of natural or synthetic origin.
Hydrocolloids possess property of encapsulation of materials within it and utilized in
wound healing applications. Hydrocolloids can be so designed as to encapsulate drug
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substances for controlled release in wounds. The amount of drug release is controlled by
controlling the particle size of drug and permeability of gel membrane. Common hydro-
colloid gels are Aragose, Alginate, Carrageenan, Pectin, and Gelatin.

Current researches focus on inorganic/organic nanocomposites based on a host of
polymeric network in which functional inorganic nanoparticles have been incorporated.
Polymeric networks that have been used are chitosan, collagen, poly vinyl alcohol (PVA),
poly(sulfobetaine methacrylate), poly-carboxybetaine, PLGA, alginate, and poly(sulfobe-
taine methacrylate)/poly-(sodium acrylate). The nanoparticles incorporated for evaluat-
ing antimicrobial activity were silver (Ag) [62], gold (Au), copper (Cu) or copper oxide
(CuO), titanium oxide (TiO2), zinc oxide (Zn), graphene or graphene oxide. Dissolution
products of bioactive glasses containing functional metal ions (e.g., Cu, Li, Co, Mg, Zn,
Sr, Rb, and Ag) have been reported to promote angiogenesis [63]. Angiogenesis takes
place when endothelial cells are stimulated by angiogenesis promoting factors, for exam-
ple, hypoxia-inducible factor-1α (HIF-1α, a dimeric protein) [64]. He et al. in their work
demonstrated that products released after dissolution of bioglass nanospheres doped
with rubidium could help in regeneration of blood vessels by inducing HIF-1α driven
angiogenesis-promoting molecules through stimulation of human umbilical vein endothe-
lial cells [65]. Qu Jin et al. reported designing of self-healing injectable micelle/hydrogel
composites with multifunctions as wound dressing for joint skin damage [61]. Liang
reported development of a composite hydrogel Gelatine-Dopamine/Chitosan/ polydopa-
mine- carbon nanotubes (GT-DA/CS/PDA-CNT) using GT grafted DA, CS, and PDA-
coated, further added with doxycycline antibiotic. This antibacterial, antioxidative, adhe-
sive, and conductive hydrogel has been found as a prospective multifunctional material
for wound healing [66].

23.2.7 Osteomyelitis applications

Osteomyelitis is an acute infection in the bone and can be life-threatening if not treated
timely [67]. Nelaton came up with the term osteomyelitis in 1844 though infected used to
be referred by various names before that [68]. Staphylococcus aureus is the bacteria which
causes bone infection. Osteomyelitis is mostly associated with orthopedic devices like
prosthesis or a fracture fixation device [67]. Other reasons can be spreading of infection
from one location of body into the bone through blood stream. Bone may get exposed to
external environment and catch infection in case of an open fracture or during a surgery.
With ever increasing incidences of implantation of orthopedic devices as mentioned earlier
and also traumatic bone fractures, incidences of osteomyelitis also tends to proportionately
increase. It is reported that osteomyelitis can occur in about 2%�5% of surgeries per-
formed for orthopedic device fixation.

The two main aspects of therapy are surgical containment of the infection like debride-
ment and prolonged administration of antibiotics [69]. Before the introduction of penicillin
in the 1940s, osteomyelitis was mainly managed by surgical consisting of extensive
debridement, saucerization, and wound packing [70].

In case of implant-related osteomyelitis, major constraint related to conventional admin-
istration of antibiotics is formation of biofilm and low vascularity in the affected area.
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These prohibit antibiotics to reach infection sites, thus bacteria-killing ability of these
drugs are compromised. This necessitates use of some local drug delivery systems.

PMMA bone cements had been traditional bone packing biomaterial and was first con-
sidered for local drug delivery [71]. Calculated doses of antibiotic was mixed with
PMMA-based cement and used. However, PMMA cements being nonbiodegradable, it
becomes site for colonization of bacteria once concentration of antibiotics is minimized
[67]. These led to further research for degradable biomaterials for local drug delivery. The
different degradable biomaterials-carrying antibiotics studied are polymer-based materials
like collagen fleeces [69], ceramic and/or composites based on calcium sulfates, calcium
phosphates (CPs) and HAp s, and bioactive glasses [72]. Bioactive glass (S53P4) has been
found to act in two ways. It raises the local pH by release of ions on dissolution and
increase osmotic pressure in the area surrounding the glass particles. These create an
adverse environment for bacteria adhesion and proliferation [73]. Antibiotic-carrying colla-
gen fleeces are reported to have eradication rates of 63%�100%. Ceramic and/or compo-
sites, also called bone graft substitutes, showed 80%�100% eradication rates. As for
bioactive glasses (S53P4) the eradication rate was 82%�100%. Ryan et al. developed a col-
lagen scaffold incorporating Cu-doped bioglass and reported it as a single step osteomyeli-
tis treatment [74].

23.2.8 Bone tissue engineering

Bone tissue transplantation is considered to be second most after the skin [75]. Any
orthopedic procedure to deliver successful result, it is imperative that the associated and
surrounding tissues should also be in functional state. However, it is also known that any
joint or bone injury is associated with damage to the bone and surrounding tissues. Thus
need for regeneration or reconstruction of these tissues was felt for a long time and lots of
research efforts have been diverted in this area. As a logical consequence, a relatively new
stream of biomedical field named “Tissue Engineering” has emerged. In 1993 Dr. Robert
Langer from Massachusetts Institute of Technology (MIT) and Dr. Joseph Vacanti from
Boston Children Hospitals described tissue engineering as a field that utilizes the knowl-
edge of engineering and life science and this convergence of knowledge resulted in devel-
opment of bioactive substitutes which can regenerate or improve the functions of a tissue
or an organ [76]. In 1997 Prof. Larry Hench, renowned material scientist, and Prof. Julia
Polak, renowned pathologist, collaborated and created the Tissue Engineering and
Regenerative Medicine Center at Imperial college, London and initiated pioneering work
in these areas [77]. As it was natural, the available knowledge of different materials used
in orthopedic applications were first utilized and refined. New materials were then devel-
oped for customized application.

The primary approaches for bone tissue engineering are development of a 3D scaffold
based on ceramic/polymer/composite materials which are biocompatible, osteoconduc-
tive, biodegradable, and have osteointegration capability [78,79]. They should have porous
structure for cell adhesion and proliferation and the same time have sufficient mechanical
strength [80,81]. They should be loaded with other factors like stem cell, protein, and
growth factors to promote cell nucleation and growth [78]. Current researches consider
incorporation of suitable drug delivery systems in the scaffold as an additional feature.
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A host of biomaterials having potential for bone tissue engineering have been studied.
Materials like bioglass [75], HAp, and other CP groups and their combinations have been
successfully tried. Biodegradable copolymers like PLGA�PCL (poly caprolactone),
PLGA�PLLA (poly L-lactic acid), PCL�PLA also have shown promising results [78,82].
Asefnejad et al. prepared a biodegradable PU scaffold using polycaprolactone (PCL) and
hexamethylene di-isocyanate and reported its suitability for tissue engineering [83].
Ceramic�polymer composites have been considered as third-generation biomaterials like
HAp/bioglass with collagen/chitosan/gelatin/PLGA/PLA/PLLA have also been
reported [79,80,84�87]. Liu and Webster studied dispersion of nanoparticles of HAp and
titania in PLGA and reported increase in tensile strength and compressive modulus as
compared to only PLGA [88]. Another prospective group of material is hydrogel.
Hydrogels synthesized from collagen, gelatin, PEG, PVA have been reported [89]. Self-
assembling peptides have emerged as novel material for bone tissue engineering in recent
times [4]. In summary, a lot of work has been done in the past two decades in search of
ideal material for bone tissue engineering. However, some more time will be required to
formalize a set of standard materials for job.

23.3 Biomaterials for orthopedic applications

A large number of biomaterials have been developed in the past B80 years for orthope-
dic applications since 1941 when MMA-based synthetic bone graft was fabricated.
Following sections highlight major biomaterials developed functionwise in these years.

23.3.1 Implants/ prostheses

Following features are expected from an ideal implant/prosthesis material for orthope-
dics application:

• biocompatibility,
• chemical inertness,
• high mechanical strength,
• high corrosion resistance,
• high fatigue resistance,
• low young’s modulus,
• high resistance to wear, and
• low cost.

The existing biomaterials for implants can be categorized as:

• metals,
• polymers,
• ceramics, and
• composites.

54323.3 Biomaterials for orthopedic applications

III. Applications



23.3.1.1 Metals

Metallic substances have been extensively employed in orthopedic prosthesis construc-
tion because of their excellent mechanical properties and biological inertness [90].
Common metals that are in use are given as follows.

23.3.1.1.1 Titanium and its alloys such as Ti�6Al�4V

These are predominant metals used for cranial grafts in the form of a mesh owing to
excellent biocompatibility and osteointegration characteristics.

23.3.1.1.2 Cobalt�chromium alloy

These metal alloys have high mechanical strength, high corrosion resistance, and good
tribological property. They have been widely used as hip, knee, and shoulder prostheses
stem.

23.3.1.1.3 Stainless steel

Stainless steels are highly corrosion resistant and have high mechanical strength. They
find application as temporary implants like internal fixation devices for bone fracture set-
ting. Commonly SS316L grade of stainless steel has been employed for such functions.
However, it has inferior fatigue strength as well.

23.3.1.2 Polymers

Polymers find wide range of use in orthopedic applications. Ease of fabrication and pos-
sibility of physical and chemical modification for various functionalities make them smart
biomaterials. Physical modifications like fiber reinforcement can enhance their strength
manifold [1]. Surface nanostructuring as in the case of cochlea electrodes can improve elec-
trode�auditory nerve contacts. Inclusion of active substances like metallic nanoparticles
can generate therapeutic capability in them.

23.3.1.2.1 Polyethylene

Ultra-high molecular weight polyethylene is an organic polymer known to possess high
mechanical strength and high biocompatibility. It is extensively used for synthetic cup
part of the knee, shoulder, and hip prostheses.

23.3.1.2.2 Polyaryletherketones

Polyaryletherketones (PAEKs) are a family of organic polymers. Molecular structure of
PAEK has alternate ketone and ether groups. They are characterized by high temperature sta-
bility and high mechanical strength. These polymers can be continuously used up to 250�C
and can be used up to 350�C under short-term loads. They find growing applications as bio-
materials in making of cranial flap, joint prosthesis part, spinal implants, etc., after it was estab-
lished through in vivo trials that these materials are biocompatible in 1980s. This family of
polymers came into limelight after successful development of isoelastic stem for hip prosthesis
and bone fracture fixation plates [89]. Some the members of PAEK family are given below:

• PEK (polyetherketone),
• PEEK (polyether ether ketone),
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• PEKK (polyetherketoneketone),
• PEEKK (polyetheretherketoneketone), and
• PEKEKK (polyetherketoneetherketoneketone).

23.3.1.2.3 Polyurethanes

In last 20 years or so, PUs have emerged as a potential substitute for ultra high molecu-
lar weight (UHMW) polyethylene for use in cup part of prosthesis. These materials pos-
sess high mechanical strength, lower Young’s modulus than UHMWPE, and
biocompatible. Segmented polycarbonate urethanes, an advanced PU is also biocompati-
ble, possess enhanced oxidative stability as compared to polyether urethanes. They are
also known to have high strength, high impact toughness, and high ductility. This features
make them good choice for acetabular cup component.

23.3.1.2.4 Silicone

Silicone polymers are considered as one of the exciting discoveries that took place in
recent years. Silicones are known to be biocompatible and biostable polymeric compounds.
Silicones are most commonly used as small joint prosthesis finger joints of foot and hand.
Two designs of prostheses are prevalent, namely Swanson design and Niebauer design.
Both design based on silicone are highly successful. Silicone is also used as electrode and
cover material for the connecting wires of CIs.

23.3.1.3 Ceramics

Ceramics have assumed an important role as orthopedic implants. The ceramic materi-
als possess very high strength under compressive force, but they are weak under tensile
and shear force. Ceramics have a high Young’s modulus. Therefore their selective use may
produce extraordinary results. Other ceramic materials like HAp, CP, calcium sulfate have
been used as coating of metallic implants for enhancing their bioactivity.

23.3.1.3.1 Oxide

Alumina (Al2O3) and zirconia (ZrO2) are the two ceramic materials that were used initially
for making of implants for their bioinert property. Alumina was first introduced as prosthesis
for hip joint by Boutin in April 1970 [91]. Young’s modulus of 99% alumina ceramics is in the
range of 330�380 GPa compared to that of bone which is 17�21 GPa. This wide difference in
Young’s modulus value is responsible for higher wear of anatomical bone or bone getting frac-
tured. This can result in cases like ceramic acetabular sockets getting loose prematurely. CoC
combinations (e.g., alumina head and alumina socket) exhibited satisfactory results with respect
to tribological property and wear in laboratory trials. However, in clinical trials, wear beyond
tolerable limit was observed after few years. Failure due to inherent brittleness of ceramic mate-
rials prohibited its use as socket. So use of ceramic was restricted to femoral head.

Zirconia is known to be a highly bioinert ceramic oxide. A special treatment of phase trans-
formation from tetragonal to stable monoclinic polymorph called “toughening” imparts excel-
lent mechanical properties to zirconia like high mechanical strength, high fracture toughness,
and high wear resistance [92]. Yttria-stabilized toughened zirconia was used successfully for
making of hip joint prosthesis and implanted in 1990s. However, it has a shortcoming like low
temperature degradation in long-term use which led to premature failure incidences.
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As a logical consequence a series of compositions were developed having high hard-
ness, good fracture toughness, and high flexural strength by combining alumina and
toughened stabilized zirconia. This led to fabrication of prosthesis components with
zirconia-toughened alumina [93] containing yttria-stabilized zirconia up to 25% by weight
and alumina-toughened zirconia (ATZ) containing 80 wt.% tetragonal zirconia and up to
20 wt.% alumina. Mechanical properties of some oxide ceramics are given in Table 23.4.

23.3.1.3.2 Hydroxyapatite

Bone is a hard tissue and a natural composite material, which contains the mineral
HAp [Ca10(PO4)6(OH)2] which belongs to CP group of materials. It constitutes about 69%
of matter and is present as nano-sized crystals. It contains about 39.68 wt.% calcium,
18.45 wt.% phosphorous with a Ca:P molar ratio of 1.67. HAp has been synthetically pro-
duced for large-scale application in orthopedics and dental area.

HAp has excellent osteoconduction, osteointegration, and bioresorbability properties,
making it an ideal biomaterial for bone growth. But its poor strength limits its application
as standalone implant material of moderate to large size. It has versatile applications as a
biomaterial in the form of cement, coating, scaffolds, and nanoparticles in composites.

23.3.2 Coatings

Coatings are used to incorporate additional functionality in regular implants like
osteointegration, barrier to metal ion release from implants [81] and antimicrobial function.
Surface modification/functionalization are done before application of coating in many
instances [94].

23.3.2.1 Biological coatings

Transforming growth factor protein (TGF-β1, TGF-β2) and bone morphogenetic protein
(BMP-2) are two proteins known to promote osteoinductivity [95,96]. These growth factors
have been incorporated on metallic implants as biological coatings for improving osteoin-
duction [97].

TABLE 23.4 Mechanical properties of common oxide ceramics.

Property Al2O3 Yttria-stabilized ZrO2 Zirconia-toughened Al203

Young’s modulus (GPa) 330�380 200�210 360�380

Compressive strength (MPa) 2500�3500 2200�2500 �
Tensile strength, ultimate (MPa) 240 950 259

Flexural strength (MPa) 350 270�550 430

Fracture toughness (MPa m1/2) 6 9.5 4�5

Hardness, VH 2000 1300 1440

Poisson’s ratio 0.21�0.23 0.3 0.23

Shear modulus (GPa) 140 � 141
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23.3.2.2 Calcium phosphate coating

CP compound like HAp has been used for coating of metallic implants especially the
titanium alloy. Incorporation into HAp of inorganic ions like Sr and Si as trace elements
that stimulate bone cell growth have also shown encouraging results.

23.3.2.3 Bioactive glass coating

Prof. Larry Hench’s novel invention of a bioactive glass substance primarily consisting
of SiO2, CaO, P2O5 in later part of 1960s and beginning of 1970s was tested to treat bone
fracture successfully and was found to integrate with bone. The bioglass composition was
trade named as 45S5 and is a pioneering work in the field of bioceramics.

Since then, bioactive glasses or bioglasses have seen phenomenal growth in terms of
research. Application areas have enlarged to hard and soft tissue engineering, coatings,
scaffolds, etc. Primarily based on CaO�SiO2�Na2O�P2O5 system, these glasses release
Ca21 and HPO22/PO32

4 ions in contact with body fluid which precipitate back as HAp on
target site in bone tissue application.

23.3.2.4 Organic�inorganic hybrids coating

Hion et al. reported bioactive organic�inorganic hybrid CaO�SiO2�poly(dimethylsilox-
ane) system as suitable for metal implant coatings [98].

23.3.3 Cement materials

23.3.3.1 Calcium phosphates

Tadros et al. reported various CPs such as HAp formulations that have been tried for
rebuilding of bone tissues [15]. Cranioplasty is an area where cement formulations based
on CPs have been found to be highly useful [99,100]. Jinku Kim et al. studied CP-based
cement formulations containing biodegradable PLGA fibers (3% w/w) as reinforcement
and compared with fiber-free formulations [101]. Bulk material without fiber tends to frag-
ment and debris may cause inflammation. The fiber-reinforced material was found to
maintain physical integrity. The bone regeneration was found to be similar.

23.3.3.2 PMMA

PMMA cement was first used by Charnley for fixing the prosthesis in total hip arthro-
plasty in 1958 [102,103]. But certain disadvantages like generation of heat during cure and
low biocompatibility at the cement�bone interface were observed [103,104]. Not only that,
cements fracture at the cement�prosthesis interface or pores in the cement were also
reported. Moreover there were many reported instances of aseptic loosening of an
implanted prosthesis as there was no osteointegration and the cement was surrounded by
a fibrous tissue capsule after long-term implantation. Some literatures reported that addi-
tion of bioactive ceramics like HAp, glass�ceramics A-W, and titanium dioxide are benefi-
cial in terms of providing bioactivity to the PMMA-based bone cement [105,106].
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23.3.4 Collagen�HAp

Both Collagen and HAP have the capability of bone regeneration. Collagen�HAP com-
posite scaffolds were experimented to reap the benefit of both the substances and enhance
bone regeneration. The composite derive all the bio features from its constituents like
biocompatibility, osteoinductivity, osteoconductivity, and bioabsorbability [107,108].
Mechanical properties of some common biomaterials are given in Table 23.5.

23.4 Fiber-nanobiocomposites

23.4.1 Concept of fiber-reinforced composites

Composite implies an engineered material prepared with two or more different discrete
substances intimately mixed to form a uniform matrix which is homogenous in macro
scale but may be heterogeneous in micro scale [109]. Composites are prepared to utilize
the complementary physical and chemical properties of individual substances. However,
certain applications like automotive, aerospace, marine, or sport goods demand many fold
strength from a single component or a composite material. This requirement was fulfilled
by reinforcing the matrix of the composite with different fibers or whiskers dispersed in
the matrix. Conceptually a fiber-reinforced composite has three phases: (1) matrix which is
the bulk and continuous phase, (2) reinforcement phase which is a fiber or a whisker, and
(3) interface which is the area between the first two phases. Primary objective of fiber rein-
forcement is to engineer a material having high strength in conjunction with higher
Young’s modulus. The basic principle is to transfer the applied load to the fibers which
possess extraordinary tensile and shear strength [109].

TABLE 23.5 Mechanical properties of common biomaterials.

Material

Young’s modulus

(GPa)

Fracture toughness

(MPa m1/2)

Tensile

strength (MPa)

Compressive

strength (MPa)

Cortical bone 17�21 4 150 170

Bioglass 42 500 35 2

Stainless steel 316L 200 55�95 465�950 1000

Ti�6Al�4V 116 � 897�1034 �
Co�Cr�Mo (ASTM F75) 210�253 � 448�841 �
Bioglass 35 2 42 500

UHMWPE 0.5�1.3 � 20�30 �
PEEK 3�4 � 80�93 �
PMMA 3�5 � 48�76 �
C-fiber-reinforced PEEK 20 � 170 �
PEEK, Polyether ether ketone; PMMA, polymethylmethacrylate.
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23.4.2 Fiber-reinforced biocomposites for orthopedic applications

Composite biomaterials with fiber reinforcement have grown rapidly as an exciting
group of materials in last two decades or so. They have been used for a number of ortho-
pedic applications, namely, hip joint prosthesis, cranioplasty, bone fixation plates, bone
cements, and tissue grafts.

23.4.2.1 Hip joint prosthesis

Metals used for making femoral stem part are commonly SS 316L, Co�Cr alloys, and Ti
alloys. All of them have high stiffness value as compared to cortical bone. Cortical bone
has stiffness of 15 GPa and tensile strength of 90 MPa as compared to titanium which has
stiffness of 110 GPa and tensile strength of 800 MPa. These wide difference of strengths
results in faster wear of bone leading to loosening of prosthesis [109]. To address this
problem, carbon fiber-reinforced PEEK or polysulfone [110], liquid crystal polymer, and
polyetherimide composites were developed. The concern regarding biocompatibility due
to generation of carbon debris from carbon fiber during wearing of these composites has
been resolved by polishing and coating with HAp or carbon�titanium alloy [111].

23.4.2.2 Cranial implants

Fiber-reinforced biocomposites has great potential as cranial implants. Vallittu et al.
reported construction of a glass fiber-reinforced polymeric implant with incorporation of
bioglass particles on the surface and inside the composite for increased osteoconductivity
and osteoinductivity [112]. Keeping in view that cranial defects require long time to close
with new bone generation, integrity of implant should not be lost. Hence biodegradable
polymer matrices are not preferred. Continuous unidirectional S-glass fibers have been
used for reinforcing.

23.4.2.3 Fracture fixation plate

For bone fracture fixation, commonly stainless steel plates are used. A second surgery is
often performed to remove the steel plates after complete healing of fracture. Brown et al.
developed polyacrylonitril fiber-reinforced PEEK composites and found it to be ideal
option for this application [113]. A biodegradable and resorbable plate material is desir-
able so that new bone tissue develops while the plate degrades and second surgery is not
needed. Examples of such fiber-reinforced biocomposites are laminated continuous carbon
fiber-reinforced PLA, CP glass fiber-reinforced PLA.

23.4.2.4 Bone cements

Bone cements with PMMA matrix reinforced with small quantity of carbon or Kevlar
fiber has been found to reduce creep and increase fatigue strength.

23.4.2.5 Hydrogel

Hydrogel is a novel material being mainly utilized for tissue engineering. Fiber rein-
forcement improves mechanical strength of hydrogels, which otherwise have very poor
strength. As an example, cross-linked poly(2-hydroxyethyl methacrylate) hydrogel
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scaffolds for soft tissue engineering of skin were reinforced with spandex and gauze fibers,
thereby increasing tensile strength and break point of the hydrogel dramatically [109].

23.5 Fiber nanocomposites and fabrication methods

23.5.1 Fiber nanocomposites

In ISO/TS 80004, nanomaterial is defined as the “material with any external dimension
in the nanoscale or having internal structure or surface structure in the nanoscale,” with
nanoscale defined as the “length range approximately from 1 nm to 100 nm”. This includes
both nanoobjects, which are discrete pieces of material, and nanostructured materials, which
have internal or surface structure on the nanoscale; a nanomaterial may be a member of
both these categories. One nanometer (1029 m) is nearly four times the size of a water mol-
ecule (0.275 nm).

Nano-sized materials exhibit extraordinary properties than bulk materials due to high
surface area to volume ratio. All earlier developmental works for orthopedic implants cen-
tered on bulk and micron size materials with variations in chemistry, macro structure, and
bulk properties. Only recently it was realized that the tissue originates from nano-
structured substances like extra cellular matrix (ECM) with formation of nano-sized tissue
components. For example, bone tissue component collagen molecule has diameter of about
1.6 nm and length of about 300 nm. Other component HAp is in the form of crystallites
having size of 2 nm3 20 nm3 40 nm. So, use of biomaterials having nano-sized structures
can mimic basic nanostructures and cell generation/adhesion/proliferation proceeds rap-
idly due to very high surface area acting as multiple sites, available on the synthetic
nanostructures. This translates into higher deposition of new tissues, quick healing, and
longer life of implants without need of revision surgery. If we consider current longevity
of a hip or knee prosthesis which are made with micro and bulk materials, it is about
10�15 years. One of the reasons being micro- and macromaterials of these implants could
not inflict appropriate cellular stimulation to produce adequate bone tissues for survival
for a longer duration [114].

In orthopedic applications, nanotechnology is employed by incorporation of nanoparti-
cles of interest into the nanostructures, that is, nanofibrous scaffolds to increase its osteo-
conduction, osteointegration, and antimicrobial capability. This may be in the form of
coating, surface modification, or impregnation of scaffolds.

Ngiam et al. reported development of nano-HAp-incorporated PLGA/PLGA-collagen
blend nanofiber-based scaffold by electrospinning method [115]. Kim et al. reported devel-
opment of an electrospun gelatin/HAp nanofibrous scaffold resembling human bone
matrix and found higher cell adhesion and proliferation when compared with only gelatin
scaffold [116]. Study by Li et al. on incorporation of nanoscale reinforcement of graphene
and grapheme oxide in HAp showed that the composites thus developed can be used for
hard tissue repair/regeneration. The hydrothermal synthesis followed by hot isostatic
pressing technique was adopted for making reduced graphene oxide/HAp (rGO/HAp)
composites [117]. Zhang et al. combined electrospinning with in situ coprecipitation syn-
thesis and produced nanocomposite fibers of HAp/chitosan after addition of ultra high
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molecular weight polyethylene oxide (UHMWPEO). HAp nanoparticles were incorporated
in the scaffold thus prepared [118]. Prabhakaran et al. in their study prepared three differ-
ent nanofibrous scaffolds by electrospinning: PLLA, PLLA/HAp and PLLA/collagen/
HAp. The PLLA/collagen/HAp scaffold showed best cell adhesion and growth and min-
eral deposition also increased [119]. Fujihara et al. developed PCL nanofiber-based mem-
branes and incorporated calcium carbonate nanoparticles into it. PCL/CaCO3 membranes
showed higher cell adherence as compared with only PCL nanofibrous membranes [120].
Erisken et al. used a hybrid twin-screw extrusion/electrospinning process and produced
nonwoven mats of PCL with incorporation of β-TCP nanoparticles with staggered distribu-
tion of porosity and composition mimicking native tissue structure [121].

23.5.2 Fabrication methods of fiber nanobiocomposites

Main methods utilized for making of nanofibrous scaffolds are template synthesis,
phase separation, self-assembly, drawing, wet spinning, and electrospinning [122,123].
They are described as follows.

23.5.2.1 Template synthesis

Basic principle of this method is extruding a polymer solution through a membrane
(known as template) having multiple nano-sized orifices on it using pressure and the fine
strands coming out of the membrane is passed through a solidification solution which
transform them into nanofibers. The membrane/template can be made out of different
materials like polymer, metal, or carbon. While the diameters of the formed fibers corre-
spond to the diameters of the orifice, the length of the fibers is only few microns, thus lim-
iting use of this method.

23.5.2.2 Phase separation

The phase separation method is a relatively easy procedure to produce nano-sized
fibrous scaffolds for biomedical application and utilizes the principle of thermodynamics.
In this method, concerned polymer is dissolved in an appropriate solvent by stirring for a
long time at certain gelation temperature. The polymer solution is then subjected to phase
separation creating a thermodynamically unstable condition for the solution. The most
popular process is thermally induced phase separation (TIPS). In this process, the temper-
ature of the solution is reduced depending on the freezing point of the solvent. This
quenching separates the solution into a polymer- and a solvent-rich domain. The polymer-
rich phase is subjected to freeze drying (sublimation) to further remove the solvent. What
is left behind is a nanofibrous scaffold with fine pores. Parameters like polymer type, its
concentration, freezing temperature, and pore creating agents can influence morphology
of the scaffold. It is a low-cost simple small-scale method. But its use is limited to only few
polymers that are responsive to gelation and phase separation. The fiber diameter ranges
from 50 to 500 nm with lengths of about 10 μm. Polymer systems like PLGA, PLLA, PEG/
PLLA, HAp/chitosan-gelatin, HAp/poly(hydroxybutyrate-co-hydroxyvalerate), PLA-
dextran blend have been used by different researches to prepare nanofibrous scaffolds by
phase separation method given as follows.
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23.5.2.3 Self-assembly

In this method, the atoms and molecules arrange themselves through weak and
noncovalent forces. The self-assembly process involves various driving forces such
as hydrophobic interactions, electrostatic forces, hydrogen bonding, and van der
Waals forces and is influenced by external conditions such as ionic strength and
pH. The fibers produced are less than 100 nm in diameter with length of few
microns. This method has many limitations like complexity, time consuming, and
low productivity.

23.5.2.4 Drawing

Drawing is a low-cost method to produce single fiber. In this method, a polymer solu-
tion is first prepared. Sharp tip of a miniature pipette like head is dipped in the solution
to contact a droplet with the help of a manipulator and this droplet is rapidly drawn as a
liquid fiber. This single fiber is then solidified by fast evaporation of the solvent due to
high surface area of the fiber. The steps are repeated to produce required number of nano-
fibers. Hence it is a discontinuous process. The limitation of this method is it can only use
solutions of viscoelastic material, which can withstand the stress formed on fiber while
drawing. The diameter of fiber produced may vary from about 100 nm to a few hundred
nanometers.

23.5.2.5 Wet spinning

In wet spinning process, polymers are first dissolved in a suitable solvent. The solution
is placed in the spinneret which is kept submerged in a chemical bath that causes the fiber
to precipitate, and then solidify as it emerges. The fiber can be continuously drawn out
from bath by some rotating spindle placed outside the bath. The process gets its name
from this “wet” bath.

23.5.2.6 Electrospinning

This method is the most accepted method for producing nanofibers for biomedical
application. In this method, continuous fiber can be drawn from a polymer solution
through a syringe like setup by application of high electrostatic force. The major compo-
nents of this equipment are a capillary tube with a needle head of small diameter, a
syringe pump to push the solution through the needle, a high voltage supply, and a col-
lector. One of the electrodes is connected to the needle and the other electrode is con-
nected to the collector. The droplet of polymer solution is subjected to a high
electrostatic field, enough to overcome the surface tension force. In this condition the
charged jet of solution is ejected from the needle tip in the form of continuous
fine diameter fiber and drawn toward the collector. The collector can be stationary or
rotating.

Other emerging methods are CO2 laser supersonic drawing, freeze drying, solution
blow spinning, plasma-induced synthesis, centrifugal jet spinning, and electro-
hydrodynamic direct writing.
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23.6 Conclusions and future direction

An elaborate review has been done on different orthopedic applications including cra-
nioplasty and different materials, including biomaterials, used historically. The review
shows that lots of research work has been done to develop an ideal biocompatible material
mimicking the host tissue, for example, bone or cartilage and some degree of success has
been achieved. Different metals, polymers, ceramics, or hybrids have been evolved for this
purpose. However, no material could, so far, match all the properties of the hard and soft
tissues in question. Implants/prostheses having dissimilar components have differences
with respect to physical and chemical properties. These differences bring thermo-
mechanical stress within the assembly and cause ultimate failure of the prosthesis as a
whole or by component. Also issue of biointegration with host tissues or surrounding tis-
sues could not be fully resolved. Efforts therefore were focused on molecular level, so as
to prepare biocomposites having nano-sized constituents which can trigger signals to host
tissue or body fluid to replicate similar tissue cells on or around the implant when placed
in the human body. Ultimate objective should be conversion of the composite wholly into
similar tissue (bone or cartilage) and become a part of the host tissue completing the
reconstruction or repair. Tissue engineering thus appears to be a promising field of
research.

In this endeavor, fiber-reinforced biocomposites may become a logical solution for com-
posite biomaterial making. Fiber reinforcement using surface-treated glass fibers, functio-
nalized carbon nanotubes, etc., can provide strength to the order of bone and address
brittle fracture issue. Thickness can be varied from few microns (membranes) to few milli-
meters (bone grafts). These composites may also be tailored to facilitate bonding to metal
(femoral stem of hip prosthesis). Thus these fiber nanobiocomposites can be customized
for a host of applications, like cranioplasty, joint prosthesis, bone damage repair, cartilage
regeneration/repair, skin grafting, wound healing as well as treatment of postjoint replace-
ment infections.
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Abstract
Present investigation focuses on development and detailed characterization of a new Mg alloy sample (BM) with and
without coating of hydroxyapatite (BMH) and bioactive glass (BMG) by air plasma spray method. After detailed mechano-
physico-chemical characterization of powders and coated samples, electrochemical corrosion and SBF immersion tests were
carried out. Detailed in vitro characterizations for cell viability were undertaken using MG-63 cell line followed by in vivo
tests in rabbit model for studying bone healing up to 60 days. Starting current density increases from BM to BMH to BMG
indicating highest resistance towards corrosion in case of BMG samples, however BMH also showed highest icorr value
suggesting slowest rate of corrosion than BM and BMG samples. Dissolution of calcium ion in case of BMH and BMG
control formation of apatite phases on surface. Ca2+ ions of coatings and from SBF solution underwent reduction reaction
simultaneously with conversion of Mg to MgCl2 releasing OH− in the solution, which increases pH. Viability and
propagation of human osteoblast-like cells was verified using confocal microscopy observations and from expression of
bone specific genes. Alkaline phosphatase assay and ARS staining indicate cell proliferation and production of neo-osseous
tissue matrix. In vivo, based on histology of heart, kidney and liver, and immune response of IL-2, IL-6 and TNFα, all the
materials show no adverse effects in body system. The bone creation was observed to be more for BMH. Although both
BMH and BMG show rays of possibilities in early new bone formation and tough bone–implant bonding at interface as
compared to bare Mg alloy, however, BMG showed better well-sprayed coating covering on substrate and resistance against
corrosion prior implanting in vivo. Also, better apatite formation on this sample makes it more favourable implant.
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Graphical Abstract

1 Introduction

Magnesium alloys gathered special interest in recent years in
context of structural lightweight applications in temporary
implants because of their ability to be gradually dissolved,
absorbed, consumed or excreted through urine [1, 2]. High
load bearing capacity and fracture toughness compared to
existing biodegradable polymers made them more suitable as
orthopaedic implant. Biodegradability of these alloy implants
implies that they need not be removed through second surgery,
thus minimizing trauma and medical expenses [3]. Recent
investigations have used Mg alloy based wound closures for
gastrointestinal procedure [4] and polymer coated Mg alloy
based scaffold for sustained drug release [5]. However, the
major obstacle against widespread application is their high
corrosion rate [6, 7], which might be attributed to the presence
of different impurity elements acting as active cathodic site
when in solution. Presence of elements such as Fe, Ni, Cu and
Co above their tolerance limit may significantly increase Mg
corrosion [8]. Whereas presence of elements such as Ca, Zn,
Si and Al up to a certain quantity can improve the mechanical
properties as well as corrosion resistance [9, 10]. Depending
up on the requirements of biomedical applications, magnesium
alloys has been modified through various methods such as
surface modification via anodization [11], electrodeposition
[12], chemical conversion coatings [13] or organic coatings
[14] or alloying. In case of biodegradable implant application,
alloying seems to be preferable method as ion release will
maintain a continuity. Among the Mg alloy systems, Mg–Ca
and Mg–Zn have shown a balance of properties, mechanical
and corrosion resistance, suitable for biomedical applications
[15]. Calcium helps to improve bone healing process, whereas
Zn is known to increase the mechanical strength of the alloy
[16]. Inspired by the result, Kirkland et al. prepared and
examined a series of ternary Mg–Zn–Ca alloys by varying the
ratio of Zn to Ca and came to the conclusion that the corrosion
is correlated with alloy microstructure, which can be varied

through changing the ratio [17]. Recent studies on Mg–Zn–Ca
alloying system show high mechanical properties, simulta-
neous high strength and high ductility (yield stress, Rp0.2 >
250MPa, ultimate tensile strength Rm > 300MPa and fracture
strain, Af > 20%) within a composition window of 5–6wt.%
Zn and 0.2–0.4 wt.% Ca [18, 19]. Studies by Mao et al.
showed that with increasing Zn content, microstructure is
more refined and mechanical properties are improved [20].
Depending on the results, most researchers have assumed that
ternary alloys based on Mg–Zn–Ca system are safe for in vivo
use. In vivo evaluation of Mg–Zn–Ca system demonstrated no
sign of inflammation 4 weeks after first implantation when
used in 3-month-old C57BL/6 mice [21]. Another study using
Mg60Zn35Ca5 in pig also supported the utility of Mg–Zn–Ca
system in the field of implant application [22]. Park et al.
modified the last composition (Mg62Zn35Ca3) to use calcium
as a grain refinement agent, whereas Zn to increase mechanical
strength. Results confirmed better biocompatibility and
improved corrosion resistance as the samples were absorbed
completely after 4 weeks from implantation without any
inflammatory phase [23]. Thus, adequate amount of Ca and Zn
can be added to pure Mg to improve biocompatibility and
mechanical property without showing toxicity [24]. According
to the available data, it is yet to formulise the effect of Zn, Ca
or Zn/Ca ratio in ternary alloy systems. However, to ensure
long-term stability, alloying never proved to be enough due to
degradation caused by electrochemical corrosion by formation
of cathodic sites in microstructure. In order to elongate the
stability, degradation must be slowed, in other words corrosion
resistance must be increased. Thus, several procedures have
been used to retain mechanical properties for longer period,
among them surface coating predominates due to its simplicity
yet effectiveness towards the requirement. Various physical,
chemical, mechanical and biological deposition methods have
been adopted for depositing bioactive glass (BG) and bio-
ceramic on various substrates [25]. It was suggested that sur-
face coating of Mg-based implant has advantages of gradual
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degradation over a period of time along with superior corro-
sion consistency enabling strength decay [26]. And in this
regard, advantages of plasma spray technique include its ease
of preparation, coating on unique surface with good adhesion,
conformal and pin-hole free films, less leachability, sterile
upon preparation and in case of magnesium alloy, less chance
of corrosion by atmospheric moisture.

Further, surface modification of Mg alloys can be classified
into metallic, ceramic and polymeric according to the chemical
characteristics and atomic structure of the coating materials,
reviewed by Yin et al. [27]. Choice of coating material has
become a topic of interest in many research groups. Different
materials such as ceramics and glass (hydroxyapatite (HAp),
calcium phosphates, 45S5 bioglass, etc. [28–31]), polymer
(PGA, PLA, PEO-PCL, PEA-PLLA, PLG, etc. [32]) and
composite (HAp-PCL, F-HAp [33]) have been used according
to the implant requirements. CaP coatings done by ion-beam-
assisted deposition or electrochemical and chemical treatment
reduce the rate of corrosion, but crystal structure, chemical
composition, coating morphology and degradation rates differ.
Sometimes less cell viability on the longer run was also
reported [34]. However, according to the substrate material,
component design, cost and end applications, coating thick-
ness requirement and process temperature, plasma spray
coating was chosen as one of the coating procedures. And
further, keeping the variables in mind BG and HAp were
chosen as coating material in the present investigation. BGs
when implanted react to physiological fluids and form a strong
chemical bond with bone. It forms a hydroxyl carbonate
apatite layer on the surface and delay further corrosion. Use of
HAp as coating material in hybrid structures and metals has
gained attention due to interaction of HAp with tissue [35].

Thus, in the present study, we have developed and used a
new ternary system (Mg–Zn–Ca) of Mg alloy based sub-
strates, which was further coated using air plasma spray
system with HAp and for the first time with BG S53P4 as
well as coating material. Aim of this study is to understand
the compositional effect of substrate on coating in long-term
use and finally suitability as implant material for bone
defect healing in animal models for 60 days.

2 Materials and methods

2.1 Fabrication of samples

2.1.1 Sample preparation

In the present investigation, we have used a new Mg alloy
with alloying elements of ~22.5% Zn and 0.5% Ca by wt.
was used as substrate material (henceforth, the samples will
be referred as BM). Alloying elements were quantified by
X-ray fluorescence spectroscopy (XRF) prior. Further,

phases of alloys were analysed by X-ray diffraction (XRD)
(PANalytical, the Netherlands) and Fourier-transformed
infra-red spectroscopy (FTIR) (Spectrum 100, PerkinElmer,
USA) and scanning electron microscopy-energy dispersive
analysis of X-ray (SEM-EDAX) (Phenom proX, Phenom-
World B.V., the Netherlands) was used for microstructural
and approximate qualitative elemental determination.
Samples were cut into rectangular strip/plate with size
100 × 10 × 3 mm (L × b × t) using abrasive cutting machine.
Surface of the specimens was roughened by 99.9% high
pure alumina grit (16 mesh) using a pressure blast (MEC
Shot Blasting Equipments Pvt. Ltd., India). Roughness of
bare surface was kept around 6–10 μm (average). Finally,
acetone was used to clean all the samples ultrasonically and
dried at room temperature for further use.

BG S53P4 was synthesized by conventional melt-quench
method using SiO2 (Loba Chemie, Mumbai, India, Min.
assay 99.7%), CaCO3 (Min. assay 98.5%), Na2CO3 (Min.
assay 99.9%) and (NH4)2HPO4 (Min. assay 99%) (Merck,
Mumbai, India) as raw materials. Calculated batch were
mixed thoroughly and melted at 1360 °C followed by
quenching in double distilled water. Frits were collected and
extensively milled at 250 rpm using a planetary ball mill
(PM100, Retsch, Germany) followed by further grinding
and sieving to obtain granules ranging between 70 and
150 μm. The powder chemical composition was checked by
wavelength dispersive XRF spectrometry. The final powder
was also tested to ensure particle size distribution (Micro-
trac S3500, USA).

On the other hand, HAp was prepared by conventional
wet chemical method using A.R. grade calcium hydroxide
[Ca(OH)2, Central Drug House, India] and ortho-
phosphoric acid (H3PO4, Merck, India) as raw materials.
Stoichiometry of reagent materials was maintained in a way
(1.67) that pure phase can be obtained. After completion of
drop-wise mixing of H3PO4, solution was kept for 24 h for
precipitation. Precipitate was then washed and filtered fol-
lowed by drying at 80 °C for 24 h. After drying, this was
ground and sieved to get homogeneously sized powders.
Powder was fired at 800 °C to obtain phase pure HAp.
Finally, the same was graded sieved to obtain granules
ranging between 70 and 150 μm. Sintered (at 1250 °C) free
flowing granules were used for subsequent plasma spray
coating purpose. Further details have been reported else-
where [36].

Strips/plates of BM were used for HAp and BG coating
by using air plasma spray system (Sulzer Metco, USA)
(henceforth, BG and HAp coated BM samples shall be
referred as BMG and BMH, respectively). Six-axis manip-
ulator (ABB Engineering, China) was used to obtain uni-
formity of the coating on substrate. Plasma cathode, a
conical tip, was made of thoriated tungsten, while copper
was used to make anode/nozzle of the torch with a conical
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shape that finished in a cylindrical duct 6 mm in internal
diameter. Torch generation was carried out using argon
(primary plasma gas) and hydrogen (secondary plasma gas).
Spray conditions used are detailed in Table 1.

2.1.2 Feedstock powder and coating characterization

Phase analyses of the powders were carried out by powder
XRD with Cu Kα (λ= 1.54178 Å) radiation [40 kV/30 mA
with 2θ between 20° and 60°, step size of 0.05°] and further
verified by FTIR [KBr pellet method; mid-IR range of
4000–400 cm−1, resolution 4 cm−1] spectroscopy with
He–Ne laser IR source.

Similarly, phase analyses of the coatings before and after
immersion in stimulated body fluid (SBF) were carried out
by XRD and FTIR for molecular structural information.
Field-emission scanning electron microscope (FESEM)
(Zeiss Supra, 35VP, Germany) equipped with energy-
disperse spectrometer attachment were utilized to evaluate
both top surface and cross-section morphologies and
quantitative elemental allocations of the samples before and
after immersion. Prior the study, carbon sputter coating was
given (∼30 nm) to make the surface conductive. Coating
delamination strength was assessed by scratch tester
(Scratch Adhesion Tester, Ducom, USA) having diamond
indenter Rockwell C, with tip radius 200 μm with increasing
load from 1 to 35 N.

2.1.3 Electrochemical corrosion test

Electrochemical corrosion of coated and uncoated samples
was carried out in SBF solution with an electrochemical
workstation (Bio-Logic Science Instruments SAS, France).
Setup contains three-electrode cell (kept at 37 ± 0.5 °C) with
reference electrode as Saturated calomel electrode (SCE),
counter electrode as platinum mesh and sample with 0.64 cm2

surface area exposed to the solution as working electrode.
Prior the experiment, samples were ground using 1200 grit

emery paper, followed by polishing with 1 μm alumina pow-
der and washing with ethanol (99%). The potentiodynamic
polarisation data were collected from −0.25V (with reference
to SCE) to 1.6 V with a scanning rate 10mV/s.

2.1.4 SBF immersion test

SBF solution was prepared following Kokubo et al. [37],
maintained at 37.4 ± 0.2 °C and pH ~7.4 by tris [tris
(hydroxymethyl)aminomethane] buffer during preparation.
Surface area of samples to volume of SBF added was
maintained at 1 cm2/15 mL during the study in closed test
tube for 7 and 14 days without replenishing SBF solution in
between. Change in weight of sample, pH and supernatant
ion concentrations (Mg2+, Ca2+, PO4

3) was noted with time.
After 7 and 14 days, low angle XRD and FTIR were used
for assessment of coating composition while FESEM was
taken on top surface to verify the microstructure. Quanti-
tative phase analysis of the XRD data was done by using
RIR method in X’pert pro HighScore Plus software.

2.2 In vitro biocompatibility assessments

2.2.1 Cell culture procedure

Cell culture medium containing DMEM, 10% foetal calf
serum and 1% penicillin/streptomycin with human
osteoblasts-like cells (MG-63) was used and kept in a
humidified atmosphere of 5% CO2 at 37 °C. 90% con-
fluence cells were counted following the procedure of
trypsinization, centrifugation and finally suspended back in
media. Sterilization of the samples was carried out using
70% ethanol and UV light for 30 min followed by washing
with sterile PBS (pH 7.4) and treated with DMEM medium
for 4 h to generate a conducive atmosphere for better sus-
taining of cells. Implants were partially dried for 2 h to
make certain for superior cell penetration. The next step
includes drop-by-drop addition of 20 μL of the cell sus-
pension in medium, containing 105 cells in each sample.
The cell loaded samples were kept in a humidified envir-
onment, at 37 °C, 5% CO2 to facilitate better cell adhesion
in the early hour. The cell seeded matrices were kept in
medium for 21 days with alternate day replacement of
medium.

2.2.2 Cell viability assay

MTT assay was carried out to examine the viability of cells
at several time points. The procedure involved the incuba-
tion of samples in 5 mg/mL MTT [3-(4,5-dimethylthiazol-2-
yl)-2,5-diphenyl tetrazolium bromide] stock solution (1:10
dilution) using PBS (pH 7.4). After 4 h of incubation, for-
mazan crystals were dissolved in DMSO and the optical

Table 1 Spray condition used for plasma spray coating of HAp and
bioactive glass on Mg alloy

Coating parameters HAp coating (BMH) S53P4 coating (BMG)

Arc current 500 A 350 A

Current 458 A 357 A

Voltage 62.2 V 58.2 V

Argon 55 NLPM 55 NLPM

Hydrogen 3 NLPM 2 NLPM

Flow rate 21 g/min 28 g/min

Water conductivity 39.9 µs 39.9 µs

Gun distance 6 inch 6 inch

Average time 40 s 35 s
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density was measured in spectrophotometer (Bio-Rad,
iMark) as per the manufacturer’s guidelines.

2.2.3 Cell proliferation by alamar blue (AB) assay

Cell proliferation on matrices was measured using AB dye-
reduction assay over 21 days using dye-to-media ratio of
1:10. A microplate reader (Thermo Scientific Multiskan
Spectrum, Japan) was used to estimate the dye reduction of
the incubated samples at 570 and 600 nm (for 4 h in dark
condition) using following equation:

% AB reduction= [(εoxλ2)(Aλ1)− (εoxλ1)(Aλ2)/(εredλ1)
(A′λ2)− (εredλ2)(A′λ1)] × 100…(1) where ελ1 (570 nm) and
ελ2 (600 nm) represent the molar extinction coefficient of
AB; εox and εred in oxidised and reduced form, respectively;
absorbance of test wells were Aλ1 and Aλ2 and A′λ1 and A′
λ2 correspond to the absorbance of negative control wells.
All given pairs were evaluated at 570 and 600 nm.

2.2.4 Alkaline phosphatase (ALP) assay

MG-63 cells (NCCS, Pune, India), seeded with samples,
were cultured for a definite time point to quantify the pro-
duced alkaline phosphatise spectrophotometrically. Briefly,
the cell laden constructs were rinsed with PBS (pH 7.4),
homogenised with 1 mL tris buffer (1 M, pH 8.0) and finally
sonicated for 4 min in chilled condition. Next, 1 mL of
16 mM p-nitrophenyl phosphate (Sigma) solution was
added to 20 µL of the supernatant and incubated for 5 min,
at 30 °C. The p-nitrophenol produced in presence of ALP
was measured by observing the absorbance at 405 nm
depicting absorbance, calculated at 405 nm as p-nitrophenol
formed and normalized by incubation duration and cell
count: µmole/min/105 cells.

2.2.5 Cellular morphology

Orientation, distribution and morphology of cells were
monitored by Laser confocal microscopy (Olympus FV
1000, Olympus, Japan). In brief, samples were fixed with
4% paraformaldehyde for 1 h followed by 5 min cellular

permeabilization using 0.1% Triton X-100 in bovine serum
albumin (BSA). Post blocking of samples with 1% BSA for
1 h, actin filaments were stained using Alexa Fluor® 488 and
the nuclei with Hoechst 33342. Later, these were imaged by
confocal laser microscopy and analyzed with Olympus FV
1000 Advanced software version 4.1 (Olympus, Japan).

2.2.6 Gene expression by real-time RT-PCR

RNA extraction was performed on 21 days cultured MG-63
cells on different samples by using Trizol solution (Invitro-
gen, USA). In brief, cell seed samples were transferred to
small vials containing 1.5 mL of Trizol solution and incubated
for 15min. After that, centrifugation was done at 12000 rpm
for 10 min/4 °C and the clear supernatant was collected in a
fresh tube followed by addition of chloroform, incubated for
5 min at RT. The sample was then mixed for 15 s and again
incubated for 5 min at RT. Again the samples were cen-
trifuged at 12000 rpm for 15 min at 4 °C and the top most
aqueous layer was transferred to an RNeasy Plus Mini-Spin
Column (Qiagen, Germany). According to the manufacturer’s
protocol, the RNA was washed and eluted repeatedly. Then,
RNA samples were reverse-transcribed into cDNA using
High capacity cDNA reverse transcription kit (Applied Bio-
systems, USA) in line with the manufacturer’s guidelines.

Using SYBR Green (Applied Biosystems, USA), gene
expression was performed by real-time PCR conditions in
an ABI Prism® 7000 Sequence Detection System (Applied
Biosystems, USA). SYBR Green Supermix, 5 µL cDNA
templates and 5 pmol/mL of each primer (forward and
reverse) were used for real time analysis in a final solution
of 50 µL volume and plates were loaded using a RT loading
platform. Cycling conditions involved an initial denatura-
tion step of 8 min and 45 s at 95 °C followed by 45 cycles of
30 s at 95 °C, 30 s at 58 °C and 30 s at 72 °C. Data were
collected at 72 °C in each cycle. CT (threshold cycle) values
were calculated using the Relative Quantification software
(Applied Biosystems).

Highly purified gene-specific primers for osteopontin
(OPN), collagen I, osteocalcin (OCN), Runx2 and house-
keeping gene GAPDH (Table 2) were selected bearing in

Table 2 RT-PCR primer
sequences (forward and reverse)
used in the current gene
expression study

Genes Forward primer Reverse primer

Runx2 5′-GCTTCTCCAACCCACGAATG-3′ 5′-GAACTGATAGGACGCTGACGA-3′

OCN 5′-AAAGCCCAGCGACTCT-3′ 5′-CTAAACGGTGGTGCCATAGAT-3′

Osteonectin 5′-ACAAGCTCCACCTGGACTACA-3′ 5′-TCTTCTTCACACGCAGTTT-3′

OPN 5′-GACGGCCGAGGTGATAGCTT-3′ 5′-CATGGCTGGTCTTCCCGTTGC-3

ALP 5′-TCAGAAGCTCAACACCAACG -3′ 5′-TTGTACGTCTTGGAGAGGGC -3′

BSP 5′-CAGGGAGGCAGTGACTCTTC-3′ 5′-AGTGTGGAAAGTGTGGCGTT-3′

COL I 5′-TCCTGCCGATGTCGCTATC-3′ 5′-CAAGTTCCGGTGTGACTCGTG-3′

GAPDH 5′-AGGTCGGTGTGAACGGATTTG-3′ 5′-TGTAGACCATGTAGTTGAGGTCA-3′
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mind the literature and synthesized commercially (MWG-
Biotech AG Ltd, India). The Ct value of the housekeeping
GAPDH gene was used to normalise relative expression
levels for each target gene using an identical procedure
(2−ΔΔCt formula, Perkin Elmer User Bulletin s ≠ 2). Each
sample was experimented in triplicate.

2.2.7 Mineralization assay by alizarin red S (ARS) staining

The mineralization study was assessed by using the ARS
staining dye. In brief, prior to washing thrice with PBS,
MG-63 cells loaded constructs were fixed in ice cold 70%
ethanol for 1 h. Next, constructs were again washed with
distilled water and stained with ARS (40 mM) for 20 min at
RT. At the end, the stained constructs were viewed under
optical microscope after rigorous washing with distilled
water. The principle of the study is to observe the miner-
alization which occurs due to binding of ARS with calcium
salts. This can be qualified by imaging (mentioned above)
and quantified by reading the absorbance at 540 nm in
microplate reader prior to desorbing the stain by using 10%
cetylpyridinium chloride for 1 h.

2.3 In vivo biocompatibility studies

Nine mature New Zealand white rabbit (1.5–1.8 kg body
weight) were utilized in the present in vivo pre-clinical
experiment. The rabbits were maintained in separate cages
of temperature and humidity controlled room including
provision of standard diet and water. The animals were
assigned into three random groups consisting of three ani-
mals each. In group I (three animals) bare Mg alloy scaf-
folds (BM) were implanted bilaterally in distal part of femur
bone, whereas BMH and BMG implants were placed in
other two groups (groups II and III, respectively). Protocol
of Institutional Animal Ethical Committee, West Bengal
University of Animal and Fishery Sciences (WBUAFS),
India, (Approval No. Pharma/188 (viii) dated 31.07.2015)
was strictly followed.

2.4 Surgical procedure

Before surgery, distal femur of both hind legs were shaved,
cleaned and aseptically prepared. Anaesthesia was achieved
with a combination of xylazine hydrochloride (Injection
Xylazine, Indian Immunologicals, Ahmadabad, India) at
6 mg/kg body weight and ketamine hydrochloride (Ketalar,
Parke-Davis, Hyderabad, India) @33 mg/kg body weight
intramuscularly. Skin incision was made in the distal lateral
part of the femoral bone in all groups. The femur bone was
approached by surgically exposing the skin, subcutaneous
tissue, the muscle and finally periosteum. A circular bone
defect was created by micromotor dental drilling to press fit

the implants. During this procedure, constant sterile cold
water was irrigated at the defect site to prevent thermal
necrosis of bone. Respective implants were then press fitted
and incised muscles, fascia and skin were apposed with
standard suturing techniques.

2.4.1 Postoperative clinical examinations

During the post-operative period, animals were checked for
any lameness, swelling of the operated site, oedema and the
cardinal signs of local inflammatory reaction up to 2 months.

2.4.2 Radiological examinations

Chronological radiographs of the operated limb were
performed at day 0 and afterwards on 1 and 2 months
postoperatively (300 mA, M.E. X-Ray Machine, India)
to ascertain the proper position of implant within the
bony defect.

2.4.3 Histological study

Implanted bone area was collected for histology to assess
the status of cell–material interaction. Accordingly,
implanted bone tissue samples were collected for all the
groups on 2 months postoperatively. Bone sections were
initially fixed in 10% formalin for 7 days and afterwards
decalcified using Goodling and Stewart’s fluid (15 mL
formic acid, 5 mL formalin and 80 mL distilled water). The
resultant decalcified bone samples were fixed in paraf-
ormaldehyde, 4 µm tissue sections was prepared from par-
affin embedded block and finally stained with haematoxylin
and eosin. The stained tissue sections were finally examined
under Leica microscope (Leica Microsystems, Weltzar,
Germany) for histological examination.

2.4.4 Scanning electron microscopy study

Two month post-implanted bone samples were also checked
for interfacial study of new osseous tissue formation using
SEM. After carefully removing the soft tissue from the
bone, samples were fixed in 2% electron microscope grade
glutaraldehyde phosphate solution for 48 h, washed thrice
for 30 min with PBS (pH 7.4) and distilled water and finally
drying the samples in a series of graded alcohol solutions.
Gold sputter coated bone samples were imaged using an
FESEM (LEO, UK) for microstructural analysis of newly
formed osseous tissue at the interface of bone and material.

2.4.5 Fluorochrome labelling study

Oxytetracycline as fluorochrome marker (Terramycin; Pfi-
zer India, India) @25 mg/kg body weight was injected
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25 days prior to euthanasia of the animals at 2 months, i.e.
on the days 35, 36 and 43, 44 (2-6-2) postoperatively.
Retrieved implanted bone samples were ground to 20 µm
thickness and finally placed under ultraviolet incidental
light with a Leica DM 2000 fluorescence microscope. The
golden yellow fluorescence (new bone formation) pixels
was measured and consequently converted to percentage of
new osseous tissue formation.

2.4.6 Toxicological study

Toxicological study of BM, BMH and BMG implanted
bone was carried out by histology of three major organs
(heart, liver and kidney). To carry out, H&E stained histo-
logical sections of heart, liver and kidney from sacrificed
animals were prepared to observe any presence of sig-
nificant cellular changes.

2.4.7 Immunocompatibility study

Amount of host-implant immune compatibility was deter-
mined by measuring the concentration of IL2, IL6 and TNF-α
cytokine response of the animals post in vivo implantation
with biomaterials (i.e. BM, BMH and BMG implants). Blood
serum was collected at 1, 2, 4 and 8 weeks post surgery and
concentrations of IL2, IL6 and TNF-α were estimated using
ELISA kits for rabbit (Invitrogen, USA).

2.5 Statistical analysis

Statistical analysis of the in vivo immune response data was
carried out using one-way analysis of variance (ANOVA)
with a Tukey’s post hoc by ORIGIN software. Absolute
mean values and standard deviations were calculated. Data
were taken from three samples (n= 3).

3 Results

3.1 Material characterization

3.1.1 Substrate characterization

XRD, FTIR and SEM-EDX of bare substrate (BM) are
shown in Figs. 1A-a, B-a and 2A-a, c, e, respectively. SEM
exhibited typical ground surface caused by mechanical
grinding having EDX and XRF (not shown) confirming
alloying materials Mg, Zn and Ca with impurities (such as
SiO2, Al2O3, SrO, etc.). XRD indicated crystalline phase-
pure magnesium, matched with JCPDS PDF #00-035-0821,
while FTIR supported the presence H2O and Mg–O as a
result of environmental corrosion.

3.1.2 Powder characterization

XRD of graded/sieved (80–120 μm) HAp and BG powders
confirmed crystalline HAp phase (Fig. 1A-b) and amorphous
glassy phase (Fig. 1A-c) from characteristic peaks [2θ values
31.7°, 32.2° and 32.9° corresponding to (211), (112) and (300)
planes and matched with JCPDS PDF# 00-009-0432] and
amorphous hump, respectively. FTIR spectra (Fig. 1B-b)
showed peaks related to vibrational and stretching of phos-
phate groups (603, 962 and 1093 cm−1) and apatite –OH
group (3572 cm−1) supporting phase purity of HAp along with
peaks corresponding to carbonate group (1640 cm−1) as well.
FTIR of BG sample (Fig. 1B-c) showed peaks at 1023 cm−1

(stretching) and 455 cm−1(bending) corresponding to Si–O–Si
vibrations and that at 872 cm−1 corresponds to O–Si–O
stretching. A broad absorption peak at 3426 cm−1 corresponds
to intermolecular hydrogen bonded OH, whereas presence of
molecular water is also evident by sharp peak at 1645 and
2924 cm−1and impurities such as ionic nitrates at 1463 cm−1.

Fig. 1 A XRD pattern and B FTIR spectra of (a) BM, (b) HAp granules fired at 1250 °C, (c) bioactive glass, (d) BMH (•HAp phase) and (e) BMG
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Final composition of BG used for plasma spray coating was
(approximately by wt.): 53% SiO2, 23% Na2O, 20% CaO and
4% P2O5.

3.1.3 Coating characterization

Figure 1A-d, e shows the XRD of coated surface of BMH
and BMG samples, respectively. BMH samples showed
phase mixture of HAp and Mg (73% and 27%, respectively,
calculated from Rietveld analysis). Percentage of crystal-
linity (calculated by Landi et al.’s method [38]) and average
crystallite size (calculated by Scherrer’s method [38]) of
HAp phase is found to be about 74% and 19 nm, respec-
tively. Physically, coating coverage was found to be better
in case of BMG compared to other samples with no for-
mation of crystalline/other amorphous phase. Amorphicity
of S53P4 was increased after plasma spray process which is
reflected by lower intensity of XRD pattern.

Figure 1B-d, e shows FTIR spectra of BMH and BMG,
respectively. Wider peaks in comparison with spectra of the
HAp powder were found in case of BMH samples. Decrease
in the crystallinity of BMH (as seen in XRD) has also been
reflected in FTIR. No characteristic peaks were found due to
carbonate bond as that of base HAp powder. Broadening of
peaks at 560, 603 and 1049 cm−1 and decrease in intensity at
3752 and 632 cm−1 can be observed in case of BMH samples.

Peak broadening (at 472, 1024 and 1600 cm−1) can be seen in
case of BMG sample also after plasma spray coating.

Figures 2A-b, c and A-d, e show FESEM microstructures
of top and interface of plasma sprayed BMH and BMG,
respectively. At interface, layer-wise fish scale-like mor-
phology of melted and deformed splat can be seen near
vicinity of substrate and at top globular shaped splat along
with some porosity (~1–10 μm) were seen around outside/
periphery of BMH samples together with some unmelted
particles. Dimensions of pores for BMG were slightly higher
(15–30 μm) with layer-wise globular shaped unmelted/
unreacted particles. The thickness of the coating was found
to be 50–60 μm for BMH and 90–100 μm for BMG samples.
There was sharp decrease in Mg concentration which can be
seen from EDAX line scan across interface (cf. Fig. 2A-c, e).

Load-displacement plot obtained after scratch test on
BMH and BMG are shown in Figs. 2B-a and B-b, respec-
tively; corresponding optical microscope images of the
scratch are also provided. From these results, the delami-
nation load was found to be 7.2 N at 3.8 mm for BMH,
whereas in case of BMG, it was 24.84 N at 4.8 mm.

3.1.3.1 Electrochemical properties Potentiodynamic polar-
ization curves for BM, BMH and BMG samples are shown in
Fig. 2C-a–c, respectively. Corresponding data of corrosion
potential (Ecorr) and corrosion current density (icorr) were

Fig. 2 A Top surface FESEM [(a), (b) and (d) for BM, BMH and
BMG, respectively] and interface FESEM-EDAX [(c) and (e) for
BMH and BMG]. B Scratch profile of (a) BMH and (b) BMG [inset:

optical microscope image of surface]. C Tafel plot recorded during
corrosion testing in contact with SBF for (a) BM, (b) BMH and (c)
BMG samples

55 Page 8 of 20 Journal of Materials Science: Materials in Medicine (2021) 32:55



evaluated from the curves. For BM, BMH and BMG, Ecorr

(mV) values were −1540, −1420 and −296, respectively,
with corresponding Icorr (μA) values as 250, 297 and 68,
respectively. Decrease in Ecorr of BMH and BMG clearly
indicate that both coatings have relatively better resistance to
corrosion initiation than BM. However, the corrosion rate
appears to be lowest for BMG due to their lowest Icorr.

3.1.3.2 SBF immersion test Figure 3A-a, b, B-a, b and
C-a, b shows the XRD pattern after 7 and 14 days of SBF
immersion test of BM, BMH and BMG samples, respec-
tively. After 7 days of immersion, the XRD of BM showed
11% HAp (JCPDS PDF #00-19-0272) along with 89% Mg
(JCPDS PDF #00-035-0821). Mg phase was found to
increase up to 92.7% after day 14 confirming corrosion on
the surface. XRD of BM samples also showed decrease in
HAp phase crystallinity (11–7.3%) as well as average crys-
tallite size (83–33 nm) after day 14. Both BMH and BMG
samples showed formation of HAp (JCPDS PDF #01-086-
1201) and calcium phosphate hydroxide (JCPDS PDF #01-
083-1887) along with Mg(OH)2 (JCPDS PDF #01-076-0667
and #00-044-1482, respectively). Percentage of phases in
case of BMH samples was calculated using X’pert pro
software and was found to be 7.5% HAp (with average
crystallite size 11 nm) and 92.5% magnesium hydroxide.
XRD taken after 14 days showed decrease in percentage
(7.5–4.5%) of HAp phase (with average crystallite size
4.7 nm). However, in case of BMG samples, Ca–P phase was
found to increase from day 7 (31.3%) to day 14 (67.3%)
along with average crystallite size of HAp (9.3–11 nm).

FTIR spectra of BM, BMH and BMG samples after days 7
and 14 of SBF immersion study, as shown in Fig. 3A-c, d, B-
c, d and C-c, d, supported XRD findings. BM samples
showed peaks related to carbonated apatite at 563, 872, 1054,
1468 and 3435 cm−1. Based on FTIR result, after SBF study
of BM samples, the layer obtained contains phosphates and
carbonates. A sharp P–O bending mode doublet at 592 cm−1

is suggestive of HAp [39]. However, decrease in C–O and
P–O peak intensity supports the decrease in crystallinity as
stated in XRD. BMH and BMG samples, on the other hand,
showed fingerprints of apatite phase (563, 872, 1042, 1166,
1424, 1640, 2924 and 3700 cm−1 in case of BMH samples
and 872, 1042, 1468, 1640, 2924 and 3696 cm−1 in case of
BMG samples) along with indication of Mg–O bonding at
450–500 cm−1 wavenumber. A detailed band interpretation is
given in Table 3. BMG samples showed more apatite
formation than BMH samples after SBF immersion study.
After SBF immersion for 14 days, top surface of bare and

coated Mg alloy substrates were found to have different
morphologies due to interaction with SBF. BM samples
showed (Fig. 4A-a) flower-like apatite deposition, primar-
ily composed of needle shaped crystals covering the entire
surface. BMH samples (Fig. 4A-b) exhibited globular
apatite microstructure composed of fine interconnected
flakes with pores (0.1–1.5 μm). There was layer-wise
apatite formation and when observed at higher magnifica-
tion the precipitates revealed flake-like crystals with small
pores in case of BMG (0.5–1.5 μm) (Fig. 4A-c and inset)
and morphology was found to be denser and closely packed
than others.

Fig. 3 XRD pattern and FTIR spectra of the samples after 7 and 14 days of SBF test. A BM. B BMH. C BMG. (a) and (b) are XRDs and (c) and
(d) are FTIRs after 7 and 14 days, respectively, [• HAp phase and ■ Mg phase]
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pH of supernatant solution collected from BM, BMH
and BMG samples increased with time (Fig. 4B) in
varying rates. Though, after initial 7 days, the increase in
pH was higher for BMH samples, however, BMG
samples was found to be higher after day 14. Qualita-
tively, the change in weight of the samples (Fig. 4C) was
found to be directly proportional to the formation of
apatite on these surfaces. Negligible weight change of
BM samples indicate its inability towards apatite
formation, whereas the weight grain of BMH (average
increase after 7 day was ~3.4% and after 14 day it was
~12.9%) and BMG (average increase in weight after
7 day was ~8.7%, after 14 days this was ~27.2%)
demonstrate their apatite precipitation ability. Changes in
ion concentration of supernatant with immersion time are
another way of correlating bioactivity (w.r.t. apatite
formation) as well as corrosion (Fig. 4D-a–c). BM
showed increase of Mg ion concentration with time,
whereas the solution of BMH samples showed initial

Table 3 FTIR peak analysis after SBF immersion study

BM (cm−1) BMH (cm−1) BMG (cm−1)

Day 7 Day 14 Day 7 Day 14 Day 7 Day 14

Mg–O 424 420 424 424 424 424

P–O 563 563

P–O 585 592

C–O/HPO4
3− 872 879 872 872 872

P–O 1042 1042 1042

P–O 1054 1054

P–O 1166 1166 1166 1166 1166

C–O 1424 1424 1424

C–O 1468 1476 1468 1468

H–O–H 1640 1640 1640 1640 1640 1640

Absorbed H2O 2851 2851 2851 2851 2851

Absorbed H2O 2924 2924 2924 2924 2924

H–O–H 3435 3426 3427 3427 3427 3427

O–H 3700 3694 3700 3700 3700 3696

Fig. 4 A FESEM microstructures after 14 days of SBF study; change of B pH, C weight and D magnesium, calcium and phosphate ion
concentration of supernatant of different samples at days 0, 7 and 14. (a) BM, (b) BMH and (c) BMG
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increase of Mg ions up to day 7 but the rate was
decreased at day 14. In case of BMG samples, however,
Mg ion was found to be decreased after day 7–14.
Calcium ion concentration was decreased in case of BM
and BMH after days 7 and 14, but the same increased in
BMG after day 7 and eventually deceased at day 14.
Supernatant corresponding to BMH and BMG showed
lower concentration of phosphates which support higher
bioactivity (w.r.t. apatite formation) of the samples.

3.2 In vitro biocompatibility assessments

MTT and AB assays were conducted to assess the cyto-
toxicity of samples. Both results showed that these implants
are non-toxic and provide favourable surfaces for cellular
proliferation. MG-63 cell viability, cell proliferation and
ALP expression on BM, BMH and BMG samples were
measured on days 5, 7, 14 and 21 days. Maximum
cell viability (**p < 0.01, ***p < 0.001), proliferation
(*p < 0.05, ***p < 0.001) and ALP expression (**p < 0.01,
***p < 0.001) were recorded for BMH after 21 days of cell
culture as shown in Fig. 5A–C, respectively. Calcium
(Ca2+) deposition, on the other hand, measured on day 14
and 21 days (Fig. 5D) showed maximum for BMH again
after 21 days of cell culture (**p < 0.01, ***p < 0.001).

3.2.1 Cell morphology

Laser confocal helped to examine cell morphology and
spreading of cells on samples. Cell morphology on BM,
BMH and BMG are presented in Fig. 5E-a–c. Maximum
number of cells are present in BMH as compared to other
coated samples. Actin covers total surface of this sample
and formed neo matrix which penetrated to sample as well.
Actin filaments were stained with Alexa Fluor® 488 (green),
nuclei with Hoechst 33342 (blue) and finally examined
under confocal at 20×.

Cell growth upon different layers of 3D constructs was
observed by Z-scanning during confocal microscopy and
finally image was taken by merging the different layers. The
image depicted abundance and homogeneously dispersed
actin filaments on BMH and BMG samples compared to
BM. BMH samples showed presence of abundant cells
followed by BMG. However, actin sharing was meagre and
secluded for BM to just around the cell nuclei.

mRNA expression of representative bone-associated genes,
such as OPN, collagen I, OCN and Runx2, help to investigate
osteogenic efficacy of different implants. Figure 6 shows the
comparison of the gene expression of cells on various samples
after 21 days of culture. BMH and BMG samples exhibited
relatively higher levels of genes compared to BM samples.

Fig. 5 MG-63 A Cell viability, B proliferation, C ALP expression and D mineralization assay of different samples. E Cell morphology (by
confocal laser microscopy) of (a) BM, (b) BMH and (c) BMG samples
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However, after the study, substantial difference in gene
expression between BMH and BMG was not observed.

3.3 In vivo studies

3.3.1 Bone histology

Figure 7A-a–c shows histological picture of implanted
bone at 2 months. As shown in Fig. 7A-a, BM implanted
bone section depicted a well-developed bony matrix with
sufficient number of Haversian canal, bony lacunae and
few osteoclasts. Medullary portion was less avascular and
occupied by few osteoclasts, osteocytes and scanty amount
of mucin. Accumulation of osteocyte was prominent in
cortical area. Angiogenesis towards medullary region was
lesser in amount (Fig. 7A-a). Bony section of BMH
implant depicted bony lamellae characterized by well-
developed Haversian system, canaliculi and resorption of
bone in pericortical areas. Medullary region was occupied
by RBC, scanty amount of mucin, few osteoblasts and

numerous osteocytes. Bony lacunae in some places were
invaded by few osteoclast cells. Angiogenesis was pro-
minent in medullary portion although fibrovascularisation
was sufficient in cortical mass (Fig. 7A-b). Figure 7A-c
shows histological images of BMG implanted bone sec-
tion. Section depicted presence of abundant osteocytes,
osteoclasts and osteoblast. Fibrovascularisation was pro-
minent in cortical area and perimedular area. Medullary
cavity had adipose tissue, few RBC, moderate amount of
mucin and osteoblast cell. Angiogenesis was fewer in
cortical area than in medullary area (Fig. 7A-c).

3.3.2 Fluorochrome labelling study

Golden yellow florescence in the section depicted new oss-
eous tissue formation, whereas dark sea green colour desig-
nates host bone. The BM implant samples at 2 months
showed new bone formation mainly at centre part and par-
tially in edges, as pointed out by the presence of golden
yellow fluorescence (Fig. 7B). New bone formation was

Fig. 6 Relative gene expressions (normalized by reference gene GAPDH) w.r.t. A OPN, B OCN, C Runx2 and D COLI expression of
different samples

55 Page 12 of 20 Journal of Materials Science: Materials in Medicine (2021) 32:55



nearly 23% in defect area. BMH implant group depicted
ample new osseous tissues (~37%) in contrast to other two
groups. Although golden yellow fluorescence was mostly
limited to peripheral side, a wide deep area of new bone
formation was observed. Along this deep zone of golden
fluorescence, a narrow band of fluorescence throughout the
length was also observed nearly to central part of section
indicating bone formation both in central as well as in per-
ipheral zone. In BMG implant group, new bone formation
was nearly 29%, mostly in periphery. The new osseous tissue
was measured using ImageJ software. The golden colour
pixels were calculated and changed to percentage using scale
bars from three images each.

3.3.3 SEM of bone–implant interface

Scanning electron microscopy of bone–implant interface of
BM, BMH and BMG samples are given in (Fig. 7C). It was
found that BMH showed best bone apposition in due course
of time with little or no interfacial gap, while BMG had also
shown similar trend, but due to its conversion of apatite-like
layer, metal surface was found to be covered by apatite-like
layer with an apposition of bony soft tissue at interface. On

the other hand, BM was found to be replaced with asso-
ciated interfacial bone with time. Matured bony tissues were
noticed in case of BMH with time.

3.3.4 Radiology

Figure 8A shows sequential radiology of different implants
in distal metaphysis of femur bone in rabbit model. In BM
implant, day ‘0’ (day of implantation) radiographs showed a
radiodense circular material placed in metaphysis of the
distal femur. After 1 month, the material radiodensity was
reduced in comparison to earlier time point. A negligible
impression of implant was found after 2 months indicating
maximum degradation of material vis-à-vis moderate oss-
eous growth in the defect site. Radiodensity of material and
bone is comparable (Fig. 8A-a–c). In BMH implant, ‘0’ day
radiograph showed radio-opaque material in the distal
femoral bone defect. By the end of 1 month, implant was
visible in the defect region with comparable radiodensity of
host bone although there was a distinct radiolucent gap
between bone and implant. At 2 months, implant was
visible with similar radiodensity of host bone but there was
reduction in diameter of implant indicating degradation was

Fig. 7 A Histology [(i) haversian canal, (ii) osteoblasts, (iii) osteoclasts]. B Fluorochrome labelling [blue arrow—new bone formation; red arrow—
old bone]. C SEM images of implanted bone samples after 2 months [(a) for BM, (b) for BMH and (c) for BMG]
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under process. Radiolucent gap between implant and bone
was reduced indicating new osseous tissue formation from
the host bone (Fig. 8A-d–f). In BMG implant, ‘0’ day
radiograph showed presence of radiopaque implant in cre-
ated defect of distal metaphysis of femur bone extending up
to opposite cortex of bone. At 1 month, implant was visible
with comparable radiodensity of host bone. Implant within
the bone was under process of degradation as observed by
reducing diameter of implant. Radiolucent gap in between
implant and bone is negligible. The implant at 2 months
showed moderate degradation as observed with loss of
round shape of diameter within bony cavity. Radiodensity
of implant is approaching to bone density and new bony
tissue ingrowths over the defect area (Fig. 8A-g–i).

3.3.5 Toxicity study of vital organs

3.3.5.1 Heart Figure 8B-a–c shows histological section at
2 months of implantation. Architectural detail of BM
implanted heart myofibril retained its vitality with all pro-
cesses including nuclear prominence, intact cytoplasm and
fibrovascular network. Vascularisation of total structure was
quite normal. Cellular details and infiltrating cells were
within normal limit (Fig. 8B-a). In BMH implant group,
section depicted almost normal structure of myocardial
tissue characterized by well nuclear detail, cytoplasmic
organelles and regularly arranged fibres. Mononuclear cells
were predominant in some places without involving oedema
or other exudation (Fig. 8B-b). In BMG implant group,
section depicted a normal architectural pattern of cardiac
tissue without any presence of infiltrating cells (Fig. 8B-c).

3.3.5.2 Kidney In case of BM implant, kidney section
depicted normal glomerular tufts, tubular architecture and

well-maintained collecting ducts. Peri-glomerular spaces
showed normal architectural detail with mild infiltrating cells.
Few tubular lining epitheliums showed degeneration to some
degree but within normal limit (Fig. 8B-d). Renal architecture
of BMH implant was quite normal with glomerular tufts for-
mation and different intact renal tubules. Oozing of RBCs in
inter-tubular spaces was seen focally and some tubular epi-
thelium showed necrosis and infiltration with mononuclear
cells (Fig. 8B-e). In BMG implant, section showed normal
architecture of kidney with glomerular tufts formation and
different intact renal tubules (Fig. 8B-f).

3.3.5.3 Liver Section of BM implanted liver depicted normal
limits of hepatocytes. Some portion of total portal triads
showed few infiltration and RBC extravasations. Few hepa-
tocytes showed focal changes with mild necrosis (Fig. 8B-g).
In BMH, section depicted normal hepatic architectural detail
characterized by well-formed hepatocytes, portal triads and
well-made globules. Infiltration of mononuclear cells and von
Kupffer cells were within normal limit (Fig. 8B-h). In BMG
implant group, hepatic parenchyma showed presence of RBC,
mononuclear cell, well-formed central veins and few von
Kupffer cells (Fig. 8B-i).

3.3.6 In vivo immune response

Figure 9A–C shows the expression of TNF-α, IL-2 and IL-
6 at 1, 2, 4 and 8 weeks. The expression of IL-2 at 1, 2, 4
and 8 weeks showed that at the 1st week, the inflammatory
response due to the materials increased maximally followed
by a gradual fall at the 2nd, 3rd, 4th and finally at the end
of 8th week where the immunoreactivity of the implanted
animals returned to its baseline as compared to control
(normal healthy) animals. **p < 0.01 and *p < 0.05, n= 3

Fig. 8 A Radiographs of BM (a–c), BMH (d–f) and BMG (g–i) implanted bone immediately after implantation (day ‘0’), 1 month and 2 months
post surgery. B Histological images of heart (j–l), kidney (m–o) and liver (p–r) of BM, BMH and BMG implanted at 2 months post surgery
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at each time point (one way ANOVA). The expression of
IL-6 at 1, 2, 4 and 8 weeks showed that at the 1st week, the
inflammatory response due to the materials increased
maximally followed by a gradual fall at the 2nd, 3rd, 4th
and finally at the end of 8th week where the immunor-
eactivity of the implanted animals returned to its baseline
as compared to control (normal healthy) animals. ***p <
0.001, **p < 0.01 and *p < 0.05, n= 3 at each time point
(one way ANOVA). The expression of TNF-alpha cytokine
response at 1, 2, 4 and 8 weeks showed that at the 1st week,
the inflammatory response due to the materials increased
maximally followed by a gradual fall at the 2nd, 3rd, 4th
and finally at the end of 8th week where the immunor-
eactivity of the implanted animals returned to its baseline
as compared to control (normal healthy) animals. **p <
0.01 and ***p < 0.001, n= 3 at each time point (one way
ANOVA).

4 Discussion

Magnesium ion has different role in numerous biological
functions, for instance, in bone. Bivalent magnesium ions
help formation of biological apatite as well as have stimu-
latory effect on growth of marrow cells [40]. It was also
reported that adding up of magnesium in nutrients helps in
bone metabolism, whereas deficiency leads to lowered bone

escalation and amplified bone resorption [41]. Now, in case
of Mg alloy implants, depending on its composition, faster
degradation is observed within bony environment especially
in cancellous part of bone than cortical part [3]. Due to rapid
degradation of bare Mg-based implants, attempts have also
been made to trigger the mechanical integrity irrespective of
the implantation site.

Mg alloy mimics comparable elastic modulus and
mechanical strength as cortical bone leading to bone
regeneration [42]. In physiological environment, Mg alloy
decays in contact with water (body fluid) as shown below.
Degradation of Mg alloy in body fluids produces Mg2+

cations which are efficiently excreted by kidneys and
eliminate them naturally through urine

Mg sð Þ þ 2H2O lð Þ ! Mg2þ þ 2OH� þ H2 gð Þ

Mg2þ þ 2OH� Ð Mg OHð Þ2 sð Þ

Rapid degradation of Mg and its alloys is a serious concern
for degradable implant application. Therefore, several surface
modification approaches have been attempted by different
groups [43]. Surface modification not only ensures better
mechanical integrity by providing resistance against corrosion
in biological fluids but also improves bioactivity of these
alloys depending on type of coating material. For temporary
fracture fixation devices, this combined advantage was found
to be suitable, because this could alleviate necessity of second
surgery for removal of implant thereby reducing hospital cost
and surgical complications too [44]. Among various surface
modification techniques, plasma spraying technique helps in
chemical control, bio-corrosion resistance as well as reduced
substrate fatigue resistance. Further, plasma spraying process
enhances surface properties and biocompatibility keeping
excellent bulk properties unchanged. In particular, the tech-
nique has many advantages in biomedical applications, for
example, with regard to film chemistry, better coating adhe-
sion, conformal and pin-hole free films and enhanced infil-
tration [45]. In the present investigation, plasma spraying was
chosen in order to get a firm adhesion/layer-wise formation of

Fig. 9 Expressions of A TNF-α, B IL-2 and C IL-6 at 1, 2, 4 and 8 weeks for different samples with the reference of control (normal healthy
animals)

Fig. 10 Proposed mechanism of corrosion and apatite formation when
immersed in SBF
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coating with porosity which would act as nucleation site for
apatite formation and help different cell functions, ultimately
increasing the biocompatibility of the sample. For the first
time, plasma spray method using BG material has been
employed for a new Mg alloy composition. In plasma spray
process using HAp, powders experience high flame tem-
perature, which causes evaporation of water (trapped within
pores or part of the HAp lattice structure), resulting decrease
in crystallinity (Fig. 1A-d) and low adhesion strength (Fig.
2B-a) [46]. Amorphous S53P4 powders showed firm appo-
sition with the substrate surface after plasma spray coating
[which reflected in better adhesions strength (Fig. 2B-b)]
without any trace of magnesium phase in XRD (Fig. 1A-e).
Microstructure of BMH showed melted and deformed splat
near to its substrate, whereas globular shaped splat at the
periphery of coating surface (Fig. 2A-c), which can be
attributed to better surface cooling on outer surface as com-
pared to inner layers; more cooling led them to more ther-
modynamically stable shape. Due to its amorphous nature,
BAG forms less irregular and globular shaped splat on the
surface (Fig. 2A-d). Pores having size ranging 1–10 μm were
seen in case of BMH samples, whereas BMG showed inter-
connected pores ranging 15–30 μm. Interface study confirmed
presence of pores up to layers adjacent to BMH substrate
which explains lower delamination strength as well as avail-
ability of Mg phase in XRD as an effect of Mg ion migration
from substrate, on the other hand amorphous BMG showed
absence of pores even up to layers adjacent to substrate
confirming firm layer-wise formation of coating on surface of
substrate. Better homogeneity and superior coverage of BG
coating (for BMG) ensured increase in resistance towards
corrosion when immersed in SBF solution showing a very
high Ecorr value (−296.246mV vs. SCE) compared to BM
(−1540.824mV vs. SCE) and BMH (−1420.479mV vs.
SCE) samples. Lower resistance of BMH was due to surface
pores, which act as pitting corrosion sites [47]. Corrosion
current densities (icorr) of coated and uncoated samples indi-
cated that BMG samples exhibited lowest thermodynamic
tendency to participate in anodic reaction thus effectively
improving resistance followed by BMH and BM samples
[48]. However, after initial corrosion, BMH samples tends to
form inactive layer of Mg(OH)2, which reduced surface
reactivity towards corrosion as stand-alone coating [32].
When immersed in ionic solutions which consist of chloride
(Cl−) ion (SBF), this passive layer converts from Mg(OH)2 to
soluble MgCl2with time, weakening the surface as well as
releasing OH− ions in solution increasing the pH (Fig. 4B).
MgCl2 dissolves easily in SBF and releases Cl− to continue
the chain of corrosion on surface

Mg OHð Þ2þCl� ¼ MgCl2 þ OH�

MgCl2 ¼ Mg2þ þ Cl�

SBF immersion study, which also involves corrosion, is
a very complicated phenomenon where ion exchange occurs
simultaneously for apatite formation as well as corrosion.
When immersed in SBF, leaching of ions from substrate to
solution occurs initially followed by apatite precipitation.
Dissolution of calcium ion in case of BMH and BMG
control formation of apatite phases on surface. Ca2+ ions of
the coatings and ions from SBF solution underwent
reduction reaction simultaneously with conversion of Mg to
MgCl2 releasing OH− in the solution, which increases the
pH as well. Essentially, the reaction stages are outlined by
the following equations

Mg ¼ Mg2þ þ 2e 2H2PO�
4 þ 2e ! 2H2PO2�

4 þ H2

2H2Oþ 2e ¼ H2 þ 2OH� 2H2PO
2�
4 þ 2e ! 2PO3�

4 þ H2

Mg2þ þ 2OH ¼ Mg OHð Þ2 10Ca2þ þ 6PO3�
4 þ 2OH� ! Ca10 PO4ð Þ6 OHð Þ2 BMHð Þ

Mg OHð Þ2þCl� ¼ MgCl2 þ OH� 5Ca2þ þ 3PO3�
4 þ OH� ! Ca5 PO4ð Þ3 OHð Þ BMGð Þ

Hence, more corrosion leads to higher pH as well as
higher Mg2+ concentration after day 7 in case of BMH
samples where porosities in the coating most probably let
SBF penetrate to Mg interface which gradually decreases
with increasing apatite precipitation up to day 14 with
increasing final weight as well. On the other hand, slow
increase in pH from day 0 to 7 until day 14 illustrated
slower corrosion rate of BMG samples. Therefore, forma-
tion and crystallization of apatite layer retards aggressive
corrosion during initial days. High calcium concentration of
SBF related to BMG samples after day 7 supports leaching
of BG which gradually react with phosphates to form apa-
tite layer on surface of sample increasing final weight in this
case too. Phase difference of apatite formed might be
explained by presence of different ions in solution at dif-
ferent concentrations in accordance with leaching of ions
from sample [49]. However, difference in average crystallite
size of apatites formed in case of BM, BMH and BMG
samples can be explained by the fact that more nucleation
site decreases the average crystallite size. As HAp and BAG
coatings are porous, they provide much more nucleation site
then the uncoated substrate, hence lower average crystallite
size, which can be seen from XRD data too. Decrease in
average crystallite in case of BM and BMH samples from
day 7 to 14 confirms presence of pores on surface created
from corrosion. On the other hand, increase in average
crystallite size for BMG samples proves better apatite for-
mation on the surface than others. Apatite formation and
corrosion is schematically represented in Fig. 10, where
Ca2+ originated from SBF and surface of sample react with
H2PO4

− to form insoluble apatite. During the process, OH−

forms and reacts with leached Mg2+ to form Mg(OH)2,
which also precipitates on surface increasing resistance of
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the coating. Depending upon Ca2+ concentration in SBF
solution, different phases of Ca–P form. Ca2+ concentration
difference between supernatant of BMH and BMG after day
7 clearly gave an idea why two different apatite phases
formed in BMH and BMG samples.

Cell–materials interactions require initial attachment of
cells which can influence ensuing cellular and tissue
responses [50]. It is reported that the adhesion and viability of
cells depend on culture setting and material surface features.
However, rapid degradation of Mg and its alloys leads to
concomitant increase in the pH, which can be detrimental to
cell adhesion and survival. This can be seen from the in vitro
results of BM with least corrosion resistance. Due to absence
of coating, pH rapidly increases, whereas for coated Mg alloy
samples, degradation of BG is more as compared to HAp
resulting less attachment, viability and proliferation of cells
in the order of the BM>BMG>BMH at different time
intervals of 5, 7, 14 and 21 days post incubation. Further,
coated Mg alloys provide conducive atmosphere for cell
connection and expansion. Any protective coatings prevent
the entry of water and electrolyte [51], leading to slower
corrosion of Mg alloy substrate vis-à-vis diminishing the
diffusion rate of OH− from Mg surface to the medium. As a
result, the rise of pH of solution neighbouring the Mg sam-
ple, which in turn helps to surface attachment of numerous
cells and subsequent proliferation.

Underlying principle of protective effect is that, being a
reactive metal, bare Mg will act in response with water,
precipitation of Mg(OH)2 on the surface of Mg and con-
sequent release of H2 gas. It is assumed that the accrued Mg
(OH)2 layer on Mg prevents dissolution by avoiding mass
diffusion between Mg and the solution [52]. Resultant Mg
(OH)2 is changed to more soluble MgCl2 by Cl− [53],
which releases Mg2+ into the solution. Mg2+ release
depends upon severity of Mg corrosion. Accordingly, in the
present study, the release of Mg2+ in cell culture is used to
judge protective effect of HAp and BG coating on Mg
substrate. It has been observed that there was low release of
Mg2+ from HAp and BG coating compared to BM
throughout the incubation period, leading to less corrosion
in coated samples. On the other hand, adhesion strength also
plays a vital role as corrosion resistance [54].

ALP activity and ARS assay are important tools to calculate
mineralization upon implants. Cells resemble an orderly,
sheet-like structure when there are considerable levels of
mineralization. During the entire period of culture, prerequisite
nature of samples includes rising ALP activity, intensity of
Alizarin Red staining and stressed actin arrangement of cells
upon samples. In the present study, HAp and BG coated
samples shows favourable results in comparison to bare Mg
alloy. Likewise, images of BMH show unsystematic deposi-
tion of actin-stress fibres together with dense cell colony and to
some extent on BMG too. In general, in vitro analysis

illustrates considerable perfection of sample properties of HAp
and BG coated samples with respect to biocompatibility, cell
viability and proliferation and osteoconductivity. Side by side,
BMH implant is a notably better choice than BMG implant. In
vivo biocompatibility can only be assessed by observing nat-
ure and magnitude of inflammation of neighbouring soft tissue
reaction in presence of any foreign material. In the present
study, although lesser vascularization, fibrous tissue and pre-
sence of mononuclear cells in the histological figures are
observed, neither significant inflammatory reaction nor for-
mation of gas cavities around the implantation site of bone is
pronounced. This advocates that the implants are well accep-
ted in vivo indicating a promising biodegradable implant
material.

Radiographic evaluation of implants is a non-invasive
technique to assess the position of implant during the healing
process. In the in vivo test, radiologically a significantly higher
degradation of BM was observed as compared to BMH and
BMG implant. There was moderate osseous growth in defect
site in BM, whereas more bone formation was observed in
coated implants. Enhanced bone formation might be owing to
release of Mg ions, because high Mg concentration is essential
for bone cell activation [55]. Similar experiment with Mg–Ca
pins in bone defect model shows better activity of osteoblasts
and osteocytes around the implant [56]. Moreover, it could be
expected that enhanced local pH surrounding the implanted
area due to gradual corrosion of Mg alloy provides a favour-
able environment for mineralization. In both coated groups,
implants within bone were under the process of gradual
degradation as observed by reducing diameter of implant and
new bony tissue ingrowths over defect area. This might be due
to gradual degradation of Mg alloy from the coated implants.
Moreover, during the entire healing process, no gas bubbles
are observed owing to gradual release of Mg ions from coated
implants during degradation [55, 56]. In the present study,
radiological findings can be corroborated with the fluor-
ochrome labelling results. Tetracycline, a bone specific mar-
ker, was used for quantifying the amount of new bone
formation in the defect area. Tetracycline is deposited in any
fracture site during the active mineralization process. BM
implant at 2 months showed bone formation mainly at the
middle and partially in peripheries, as marked by the presence
of golden yellow fluorescence. In BMH and BMG implant
group, the intensity of golden yellow fluorescence was more
prominent at periphery with wide deep area of new bone
formation. The findings of fluorochrome labelling can also be
compared with histological results. No noticeable inflamma-
tory effects are observed surrounding the implants indicating
biocompatible nature of the implants. In bare Mg alloy, his-
tological section depicted a bony matrix with abundance
Haversian canal, bony lacunae and few osteoclasts along with
lesser angiogenesis towards medullary region. In BMH,
implant showed bony lamellae characterized by well-
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developed Haversian system, canaliculi and resorption of bone
in pericortical areas signifying presence and delineation of
osteogenic cells. In BMG, implant group depicted a large
number of osteocytes, osteoclasts and osteoblast proliferation.
New bone formation around the bare Mg implants at 2 months
might be due to stimulating effect [55, 57]. At 2 months, HAp
and BG coated samples depicted more presence of osteoid
surface. The explanation for this improved osseous tissue
regeneration rates adjacent to these coated implants are due to
osteo-proliferative effect of calcium phosphate and BG coating
of Mg implants. As the corrosion of the coated implants
happens relatively slowly, the corrosion products can be safely
eliminated from the body system either through absorption by
the adjacent tissues or local blood circulation which corrobo-
rated the findings of reduced bone growth caused by magne-
sium deficiency [58].

SEM examination during the post-surgical period
demonstrates better amalgamation of material with the host
bone while validating infiltration of osteogenic cells and
ultimately resulting into evidence of mineralized matrix.
There was no visible interfacial gap between the bone and
implant in BMH group. This might be due to invasion of
osteoblasts towards the implant structure. For the BMG
implant, interfacial gap is more pronounced which might be
due to slow invasion of osteoblasts.

Histology of heart, kidney and liver was carried out to
assess whether any changes happen in cellular level or not.
The results established that no apparent pathological lesions
were seen after 2 months of experimentation, indicating safe
degradation of implants in vivo and will not create any
detrimental effects.

Immune reactivity of the animals implanted with the
materials (BM, BMH and BMG) post surgery and normal/
control animals (without any implant) was verified by
quantifying the amount of IL-2, IL-6 and TNF-α cytokine
secretion. Study of host-implant inflammatory response was
monitored for initial 2 months post surgery and the results
showed that at first 2 weeks, amount of IL-2, IL-6 and TNF-
α cytokine secretion was increased preferably because of
initial host-foreign body reactions but at the end of 8 weeks,
it was comparatively decreased to its baseline quite similar
to control group. Comparing with the positive control
group, three types of materials showed a varied reactivity,
starting from highest response against BM implant followed
by BMG and BMH implant. In the first 2 weeks, con-
centrations of IL-2, IL- 6 and TNF-α were found to be
drastically higher than the control animals, likewise, from
4 weeks up to the end of the experiment (i.e. 8 weeks),
secretions of cytokines (IL-2, IL-6 and TNF- α) were rea-
sonably decreased down to its normal range. Thus, at the
end of 2 months, unlike BM, neither BMG nor BMH
implant materials showed any kind of marked immune
reactions post surgery, in comparison to the control group.

5 Conclusions

Present investigation focuses on development and detailed
characterization of a new Mg–Zn–Ca alloy (BM) with and
without HAp (BMH) and BG (BMG) coating deposited
using air plasma spraying. Electrochemical experiments
demonstrated relatively better corrosion resistance of BMH
and BMG compared to BM. Among the samples, BMG
exhibited lowest Icorr and Ecorr suggesting its superior
in vitro corrosion resistance than BMH. In addition to
improved corrosion resistance, coatings clearly enhanced
the apatite precipitation ability on present Mg alloy sam-
ples. Detailed in vitro cell–materials interaction experiments
demonstrated that both BMH and BMG samples induces
osteogenesis. In vivo trials on mature New Zealand white
rabbits revealed no measurable adverse effects on heart,
kidney and liver and immune response suggesting their
application potential. BMG implants resulted in accelerated
new bone formation, which corroborates our in vitro
observations. Overall, our results show that plasma spraying
of HAp and BG on this new Mg alloys can be effectively
used to control rapid degradation under in vivo conditions.
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Influence of single and binary 
doping of strontium and lithium 
on in vivo biological properties of 
bioactive glass scaffolds
Pintu Kumar Khan1,*, Arnab Mahato2,*, Biswanath Kundu2, Samit K. Nandi1, 
Prasenjit Mukherjee1, Someswar Datta2, Soumya Sarkar3, Jayanta Mukherjee4, Shalini Nath5, 
Vamsi K. Balla2 & Chitra Mandal5

Effects of strontium and lithium ion doping on the biological properties of bioactive glass (BAG) porous 
scaffolds have been checked in vitro and in vivo. BAG scaffolds were prepared by conventional glass 
melting route and subsequently, scaffolds were produced by evaporation of fugitive pore formers. 
After thorough physico-chemical and in vitro cell characterization, scaffolds were used for pre-clinical 
study. Soft and hard tissue formation in a rabbit femoral defect model after 2 and 4 months, were 
assessed using different tools. Histological observations showed excellent osseous tissue formation in 
Sr and Li + Sr scaffolds and moderate bone regeneration in Li scaffolds. Fluorochrome labeling studies 
showed wide regions of new bone formation in Sr and Li + Sr doped samples as compared to Li doped 
samples. SEM revealed abundant collagenous network and minimal or no interfacial gap between bone 
and implant in Sr and Li + Sr doped samples compared to Li doped samples. Micro CT of Li + Sr samples 
showed highest degree of peripheral cancellous tissue formation on periphery and cortical tissues inside 
implanted samples and vascularity among four compositions. Our findings suggest that addition of Sr 
and/or Li alters physico-chemical properties of BAG and promotes early stage in vivo osseointegration 
and bone remodeling that may offer new insight in bone tissue engineering.

The management of bone defects still remains a challenge for orthopedic surgeons. It has been reported that 
occurrence of impaired fracture healing of bone defects is nearly 5–10%1. In United States alone, 1.3 million peo-
ple undergo bone graft surgeries each year for skeletal defects resulting from either accidents or disease2. Bone 
grafting, either from autografts or allografts is a well-known surgical procedure although has associated draw-
backs of additional surgery, limited availability, potential risks of disease transmission, immunogenic response 
and long-term complications3. To overcome these limitations, the development as well as the availability of new 
orthobiologic materials to aid in the management of bony defects is rising.

On the other hand, tissue engineering mainly with engineered grafts is now-a-days a major thrust area toward 
repair and replacement of these diseased and damaged bone tissues. To achieve this goal, bioactive glasses and 
calcium phosphate have been investigated as bone repair scaffolds but having some limitations4,5. Mechanical and 
osteoinductive properties of scaffold materials can be improved via metallic ions substitution6. Among various ion 
substitutions, strontium (Sr2+), zinc (Zn2+), magnesium (Mg2+) and silicon (Si4+) have been widely studied7–13.  
Sr was the only one that was correlated with an increase in bone compression strength14. Stimulatory effect of 
Sr on osteoblasts and inhibitory effect on osteoclasts have been established15–18. Further, strontium ranelate has 
been proven to reduce the incidence of fractures in osteoporotic elderly patients19. Similarly, lithium (Li+) plays 
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a vital role in osteoblast proliferation and differentiation through stimulation of the Wnt signaling pathway20,21. 
An earlier study demonstrated increased in vitro proliferative activity only at low Li+ concentration (0.25 wt. %)22.

Bioactive glasses with interconnected porosity with large surface areas are also favorable for bone integration. 
These materials with such structures have also been found to support angiogenesis23,24, osteoproduction by stim-
ulating proliferation and differentiation of osteoprogenitor cells through direct genetic control25. Glass-ceramics 
and bioactive glasses with Sr2+ doping have been attempted recently26,27. Strontium-doped bioactive glasses have 
also been developed28.

Single and binary doping of Sr2+ and Li+ on in vivo bone regeneration of bioactive glasses scaffolds has not 
been reported yet. In the present study we have made an attempt to assess the beneficial effects of Sr2+ and Li+ 
doping on in vivo bone formation of an interconnected bioactive glass porous scaffold developed in the laboratory 
through rabbit bone defect model. Detailed phase, composition and microstructure analysis were performed 
prior using tools like X-ray diffraction (XRD), Fourier transformed infrared spectroscopy (FTIR), differential 
thermal analysis-thermo-gravimetric analysis (DTA-TGA), quantitative EDAX analysis and scanning electron 
microscopy (SEM) respectively. The scaffolds were also assessed for its bioactivity in contact with simulated body 
fluid (SBF) and in vitro cyto-toxicity by MTT assay using NIH3T3. The in vivo bone regeneration was analyzed 
using chronological radiography, fluorochrome labeling, SEM, histology and micro-computed tomography 
(μ -CT).

Materials and Methods
Bioactive glass scaffold preparation. Bioactive glass (with or without doping of Li or Sr) was prepared 
through conventional glass melting procedure using appropriate amounts of reagents like silica (SiO2), calcium 
carbonate (CaCO3), dry soda ash (Na2CO3), decahydrated borax (Na2B4O7.10H2O), TiO2, di-ammonium hydro-
gen ortho-phosphate, lithium and strontium carbonate (all inorganic chemicals including the ones referred later 
in the manuscript were analytical grade from M/s S.D. Fine-Chem Limited, India until specified seperately). 
Briefly, reagents were first mixed homogeneously, melted at 1450 °C in a Pt-crucible, homogeneity was main-
tained while melting and finally quenched in water to obtain the cullet. Dried cullets were further milled in a high 
energy ball mill for 3 h in aqueous medium. The final compostion of the as-prepared glass powders (obtained by 
ICP-AES chemical analysis) is given in Table 1. 0.25% Li2O and 1% SrO (by weight) doping was used strategically 
for the base glass composition and nomenclatures like BAG, L-BAG, S-BAG and LS-BAG were given for bioactive 
glass without doping, Li-, Sr- and binary Li +  Sr substitution respectively and used throughout the manuscript.

To fabricate porous scaffolds, milled as-prepared respective glass powders were first mixed with an equal 
quantity of porogen (scintillation grade naphthalene). The resultant mix was compacted at 150 MPa in a 
cold-isostatic press (EPSI, Belgium); cut into 8 mm diameter specimens using a low speed diamond saw (Isomet, 
Buehler, USA). Subsequently, naphthalene was driven off very slowly (from r.t. to 80 °C) with pre-determined 
rate of schedule, followed by heat treatment at 675 °C except for LS-BAG (650 °C) on a Pt-plate for 6 min. These 
temperatures were selected after careful assessment of glass-transition temperatures (Tg) mentioned later. The 
samples were finally stored in a vacuum desiccator until further use.

Bioactive glass powders and scaffold characterization. Both as-prepared and heat treated powders 
were analyzed for phase by XRD at a diffraction angle of 10–80°2θ  [X’Pert Pro, Phillips Analytical, Netherlands; 
Cu Kα1 radiation; scan speed 2° min−1. FTIR transmittance spectra was recorded at mid-IR range (4000–
400 cm−1) [Spectrum 100, PerkinElmer, USA; resolution: 2 cm−1; by KBr pellet method] to confirm the func-
tional groups present. On the other hand, DTA-TGA was conducted to determine the thermal profiles of the 
glass powders [STA 449C, Netzsch, Germany; rate of heating upto 1000 °C: 10 °C/min. with initial sample mass 
of 5 ±  0.5 mg]. Heat treatment temperatures of BAG, L-BAG, S-BAG and LS-BAG were selected by assessing the 
Tg by the same DTA-TGA analysis.

Further, porous scaffolds were first physically characterized for open or apparent porosity (A.P.) and bulk 
density (B.D.) by water displacement method (Archimedes’ principle), then by a table-top SEM (Phenom pro-X, 
Netherlands) for detailed microstructural characterization and assessment of pore size, shape and morphology 
with Au/Pd sputter coating on the samples prior. B.D. was calculated by [D/(W-S)] and A.P. by [(W-D)/(W-S)] x 
100%, where D, W and S are dry, soaked and suspended weight of the samples respectively while calculating by 

Constituent

Mean wt. %

BAG L-BAG S-BAG LS-BAG

SiO2 55.50 55.77 53.92 55.02

B2O3 1.38 1.76 2.33 1.00

CaO 23.60 23.95 23.00 23.36

Na2O 10.80 10.01 11.00 9.94

P2O5 5.74 5.85 5.59 5.59

TiO2 1.64 1.71 2.00 1.88

Li2O — 0.22 — 0.30

SrO2 — — 1.12 1.00

Table 1.  Chemical composition of the as-prepared powders by ICP-AES.
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the methods mentioned. Variations of pore sizes were calculated by processing several SEM images thus obtained 
and using free software available (Perfect Screen Ruler v. 2.0) subsequently.

SBF bioactivity study. Primary bioactivity study of the bare scaffolds was carried out in contact with SBF, 
before in vitro cell cytotoxicity and in vivo pre-clinical study just to check calcium and phosphate ion deposition 
ability of the samples. Supernatants were analyzed for Ca2+, HCO3

−, and HPO4
− ions. SBF was prepared as per 

Kokubo et al.29. All the samples were selected with surface area of sample and volume of SBF taken with ratio 
of 2 mm2/mL (e.g., 40 mm2/20 mL) and soaked for 7 and 14 days. Samples were kept statically at a temperature 
37.4 °C with pH 7.4 inside an incubator. After 7 and 14 days, ion concentrations were plotted and analyzed. One 
of respective samples (from BAG, L-BAG, S-BAG and LS-BAG) was seen for microstructure by FESEM (using 
Sigma, Carl Zeiss, Germany) after day 14. The samples were dried and carbon sputter coated prior observation.

In vitro cell cytotoxicity. Chemicals used: Iscove’s modified Dulbecco’s medium (IMDM), 
phosphate-buffered saline (PBS), formaldehyde, 3-(4,5 dimethyl thiazol-2yl)-2,5 diphenyltetrazolium bromide 
(MTT), osmium tetroxide, paraformaldehyde, dimethyl sulfoxide (DMSO) were from Sigma Aldrich, St. Louis 
USA; fetal bovine serum (FBS) and penicillin/streptomycin, trypsin-ethylenediaminetetra acetic acid (EDTA), 
L-glutamine were from Invitrogen, CA,USA.

Fibroblast (NIH3T3) cell line (NCCS, Pune, India) was cultured in IMDM supplemented with 10% FBS and 
1% penicillin-streptomycin (Complete Medium) in a humidified atmosphere of 5% CO2 at 37 °C. BAG, S-BAG, 
L-BAG, LS-BAG scaffolds were autoclaved and then rinsed with 70% alcohol for sterilization. NIH3T3 (2 ×  103) 
cells were seeded on scaffolds which were previously placed in a 24 well plate. Cells were allowed to attach on the 
surface of scaffolds for 2 h. Subsequently another 1.0 mL of complete medium was added in each well and cultured 
on for 3 and 7 days. Culture medium was changed in every 2 days.

To test cytotoxicity of BAG, S-BAG, L-BAG, LS-BAG scaffolds on cells, MTT assay was carried out after 3 
and 7 days of culture. Cell without scaffold was used as control. MTT solution was prepared by dissolving MTT 
(5.0 mg) in DMSO (1.0 mL). MTT (100 μ L) solution was diluted with IMDM (900 μ L). After removing the pre-
vious medium diluted MTT solution was added in each well and incubated for 3 h. Purple coloured formazan 
crystal which are formed by the oxidation of tetrazolium salt by mitochondrial succinate dehydrogenase enzyme 
was dissolved in DMSO (500 μ L). The resulting solution (200 μ L) was placed into a 96 well plate and the optical 
density at 550 nm was measured using plate reader (Thermo Scientific). Each experiment was carried out in trip-
licate and the results were presented as means ±  SD.

Cell morphology by SEM. NIH3T3 (2 ×  103) cells were seeded on scaffolds and cultured for 7 days. 
Scaffolds containing cells were washed with PBS (0.1 M) and fixed with paraformaldehyde (2%) overnight at 4 °C. 
Subsequently, it was fixed with 2% osmium tetroxide (OsO4) for 2 h at 25 °C. The fixed samples were then dehy-
drated in an ethanol series 30%, 50%, 70%, 90% and 100% each for three times, followed by gold sputter coating 
for SEM observation of cell morphology.

In vivo study of rabbit femoral bone defect model. The animal experiments were performed following 
an ethical committee approved protocol in accordance with Institutional Animal Ethical Committee (IAEC), 
West Bengal University of Animal and Fishery Sciences (WBUAFS), West Bengal, India (Permit No. Pharma/
IAEC/34 dated 30 June 2014). Sixteen adult New Zealand White rabbits (1.5–2 kg) were randomized into four 
groups (n =  4): control group I (pure BAG) and the test animals, group II (S-BAG), group III (L-BAG) and group 
IV (LS-BAG) with bilateral implantation. All surgeries were performed under general intramuscular anesthesia 
using xylazine hydrochloride (6 mg/kg) (Xylaxin, Indian Immunologicals, India) and ketamine hydrochloride 
(33 mg/kg) (Ketalar, Parke-Davis, India). Scaffolds were press fitted within the created defects in the distal met-
aphyseal region of femur and wounds were sutured in three layers (Fig. 1). Subsequently, animals were admin-
istered with cefotaxime sodium (Mapra India, India) at 20 mg/kg body weight intramuscularly for 5 days twice 
daily at 12 h interval and meloxicam at 0.2 mL (Intas Pharmaceuticals, India) once daily. Animals were finally 
sacrificed after 2 and 4 months of implantation.

Characterization of in vivo samples. Bone healing in the defect was monitored using chronological radi-
ographs taken immediately after implantation and once in a month up to 4 months. Radiographs were scored 
independently by double blinded investigators per methods described by Zhukauskas et al.30 (Table 2). For histo-
logical analysis, the bone specimens from the healed bone defect were collected, washed thoroughly with normal 
saline and was immediately fixed in 10% formalin for 7 days. Subsequently, the bone tissues were decalcified using 
Goodling and Stewart’s fluid containing 15 mL formic acid, 5 mL formalin and 80 mL distilled water, followed by 
fixation with 4% paraformaldehyde. Finally, the samples were embedded in paraffin wax and 4 μ m sections were 
cut from the mount and stained with haematoxyline and eosin finally. Additional scoring system was developed 
from the histological slide using several in vivo biological activities (cellular response) and the response score was 
marked with ‘0’ for absence, ‘1’ for mild, ‘2’ for moderate, ‘3’ for marked and ‘4’ for severe activity.

For another set of samples, fluorochrome, i.e. oxytetracycline dehydrate (Pfizer India, India) was intramus-
cularly injected 3 weeks before sacrifice at two time points, i.e., 2 and 4 months (administered at 25 mg/kg body 
weight). Undecalcified ground sections (20 μ m) were prepared from implanted segments of bone using different 
grades of sand paper and observed under UV light with Leica DM 2000 bright light phase contrast and fluo-
rescence microscope including Leica Qwain software. Golden yellow fluorescing area was observed to identify 
newly formed bone and was also measured in μ m2 and converted to percentage of bone formation. The extracted 
samples were also observed using SEM for bone-implant interfacial characteristics. Samples were first fixed in 
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5% glutaraldehyde in PBS buffer for 48 hours followed by gradual ethanol series drying. Dried samples were gold 
coated before imaging using the same desktop SEM, described earlier.

Micro-computed tomography (μ -CT) images of extracted bone samples with inserted scaffolds (BAG, L-BAG, 
S-BAG and LS-BAG) were taken using XT-H 225 (Nikon Metrology, Belgium) with maximum 110 kV rotating 
target X-ray source (75 μ A test current), spot size 3 μ m, resolution: ~12 μ m and 5-axis manipulator. Images thus 
obtained were qualitatively assessed for bone in-growth into the scaffolds.

Statistical analysis. Radiological and histological images for all groups of animals were analyzed as 
means ±  standard deviations and data has been analyzed by SPSS software package (Version 16, SPSS Inc., 
Chicago, USA) employing two-way ANOVA considering group and month as factors.

Results and Discussions
Bioactive glass powder characterization. Fig. 2a–d shows the DTA thermogram of as-prepared powder 
samples (melted at 1450 °C) without and with Li/Sr doping. Glass transition temperatures (Tg) was found to be 
around 750 °C for BAG and 790, 780 and 770 °C respectively for L-BAG, S-BAG and LS-BAG with crystalliza-
tion temperature 862 and 865 °C for BAG and L-BAG respectively. With the addition of dopants, Tg increases 

Figure 1. Surgical placement of the porous scaffolds (with or without doped BAG). 

Animal response Score description

1 Bone just extending into the defect

2 Bone substantially bridging the cortical defect

3 Bone fully bridging the cortex without significant callus

4 Bone fully bridging the cortex with distinct overlying callus

Table 2.  Radiological scoring system (adopted as per Zhukauskas et al.30).
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from the base composition (BAG) with associated enthalpy increase as well. No adsorbed or structural water 
loss noticed throughout the temperature regime. Heat treatment temperature of the porous green specimens 
fabricated later with this powders were selected based on the repeated trials on the porous green specimens with 
suitable strength, unaffected porous network inside and no incipience of glassy or crystalline phase.

XRD pattern (Fig. 3) of respective heat treated specimens for each composition confirms amorphous nature 
with broad diffraction at 2θ  ranging between 20–35° indicative of disorder in the structure and glassy nature of 
powders. Addition of dopants had no appreciable influence on the glassy structure of base material except slight 
changes in amorphicity and no appearance of any crystalline peak.

FTIR spectra (Fig. 4) of same powders show presence of hydroxyl (-OH) group around 3445 cm−1, along with 
Si-O-Si stretching frequency around 465 cm−1 and Si-O-Si bending frequency around 1020 cm−1 for all samples31. 
Other band assignments included Si-OH symmetric stretch at 780–980 cm−1 and vibrational mode of asymmetric 
stretch of Si-O-Si between 1100–1000 cm−1. The band assignments are summarized and are given in Table 3.

Bioactive glass scaffolds characterzation. Fig. 5a–d shows the SEM microstructure of the porous 
scaffolds for all compositions. Highly amorphous microstructures were obtained with presence of granular 
appearance throughout of the samples taken at different magnifications. A range of micro- to macro-pores were 
observed without any grains or crystals.

Due to the amorphous nature, green powders were fused at the boundary with presence of micro-pores 
between the fused powders. Mean pore sizes of BAG and L-BAG samples calculated by image processing was 
about 20 μ m, while this was 47 μ m and 8 μ m for S-BAG and LS-BAG respectively. All the samples except LS-BAG 
showed presence of both micro- (10–50 μ m) and macro-pores (>50 μ m). For LS-BAG, it was more of coarsening 
than sintering of particles. For L-BAG, pore size was found to be in the range of 20–230 μ m with 1–2 μ m small 
pores throughout the microstructure. S-BAG on the other hand had pore size in the range of 30–260 μ m with 
bi-modal distribution of pores in the range from 1–2 μ m and 10–20 μ m. Pore size range for LS-BAG was mainly 
in the range of 10–50 μ m with presence of 1–2 μ m of micro-pores. Amorphous content was found to be more 
in case of L-BAG and LS-BAG compared to S-BAG and BAG. Most probably Li had played a solute-drag effect 

Figure 2. DTA profile of as-prepared samples for (a) BAG, (b) L-BAG, (c) S-BAG and (d) LS-BAG.

Figure 3. XRD patters of (a) BAG, (b) L-BAG, (c) S-BAG and (d) LS-BAG samples heat treated at their 
respective tempertaures.
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for coarsening of the base glass particles. That means Li actually facilitated the coarsening so that green powder 
particles move against each other due to appearance of sharp melt at the interface. The effect was more evident in 
case of LS-BAG. Strontium on the other hand, did not have such effect as mentioned. As a consequence porous 
scaffolds made of BAG and S-BAG showed similar percentage of apparent porosity when heat treated as that of % 
naphthalene added while preparing the green compacts. But L-BAG and LS-BAG had much higher percentage of 
open porosity. As a result bulk densities of the samples were found to be higher in case of BAG and S-BAG than 
L-BAG and LS-BAG. The data (average values) are presented in Table 4.

Simulated body fluid (SBF) study. Fig. 6 shows a composite image showing variations of pH, concen-
trations of calcium, bi-carbonate and bi-phosphate in the supernatant with time, in contact with SBF. pH of the 
supernatant of all samples showed slight decreasing tendency with time and upto day 14, which corroborates our 
earlier findings on similar base glass32. For all the samples, Ca ion concentration of the supernatant was increased 
from 7 to 14 days except S-BAG, which showed increment of Ca ions at day 7 and continuous maintenance upto 
day 14. For BAG, L-BAG and LS-BAG this increase of Ca was due to dissolution from sample surface. HPO4

2− ion 
conc. on the other hand was decreased from pure SBF, most probably due to phosphate deposition on the surface. 
Carbonate in the supernatant, showed a decrement at day 7 and subsequent increment at day 14 which was possi-
bly due to more carbonate deposition on the surface at day 7, more dissolution upto day 14 and eventually becom-
ing saturated with the sample. The concentration of the supernatant analysis upto day 14 revealed bioactivity of 
the samples in terms of more and more -OH and PO4

3− ion deposition on the sample surface, which is a potential 
nucleation site for Ca after day 14 to form hydroxyapatite or carbonated apatite on its surface; but, S-BAG showed 
better bioactivity as the same deposition was prominent within day 14. The results obtained were compared with 
the MTT assay study shown later

Fig. 7 show the SEM microstructure of the porous scaffold surface after day 14 of SBF study. This shows for-
mation of apatite like crystals on the surface of S-BAG (Fig. 7c) which was not very clear in case of other samples 
surfaces. L-BAG and LS-BAG showed amorphous nature of their respective surfaces (Fig. 7b,d), as kinetics of 
dynamic dissolution and deposition process of Ca2+, HCO3

− and HPO4
2− ions were still in continuation while for 

BAG (Fig. 7a), deposition of apatite like crystals have started.

In vitro cell cyto-toxicity study. From the calculated OD values (550 nm), percent cell (NIH3T3) prolifer-
ation was plotted against the days observed and is given in Fig. 8.

It was found that the initial proliferation of cells after day 3 was better than control due to initial attach-
ment of cells. After 7 days, however, this was found to be better in case of L-BAG than the others. Cell growth 
rate was found to be reduced for all samples than control. All sample surface was considered as non-toxic and 

Figure 4. FTIR spectra of (a) BAG, (b) L-BAG, (c) S-BAG and (d) LS-BAG samples heat treated at their 
respective temperatures.

Wave number (cm−1) Band assignment Wave number (cm−1) Band assignment

465 δ  (Si-O-Si) bending 1630 δ  (OH)

595 P-O of PO3
2− group 2853 − OH (water)

784 ν  (Si-O-Si) tetrahedral 2923 ν  (CH)

1020 ν  (Si-O-Si) asymmetric 3445 ν  (OH)

Table 3.  Band assignments for the peaks obtained for all samples (cf. Fig. 4).
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biocompatible. Cell morphology by SEM after day 7 was also revealed similar trend (Fig. 9) as L-BAG showed 
better NIH3T3 proliferation than other surfaces. Well-grown filopodia (microspikes) or cytoplasmic projections 
were seen and found to be more pronounced in this case. Filopodia contain actin filaments cross-linked into 
bundles by actin-binding proteins. Micropores present on the top of surface play pivotal role for better anchorage 
of the filopdia.

NIH3T3 mouse embryo fibroblast cell lines are regularly used for MTT assay to assess cyto-toxicity with 
respect to biomaterials’ effects on cell growth metabolism33. These cells have branched cytoplasm surrounding an 
elliptical nucleus and can be recognized by abundant rough endoplasmic reticulum and also synthesizes extracel-
lular matrix (ECM) and collagen. NIH3T3 has also capability to detect substrate rigidity beyond the cell border34. 
From the results of Figs 8 and 9, it can be stated that there was substantial effect of Li alone to promote fibroblasts 
which was found to be least in case of BAG. S-BAG on the other hand, was not contributing extensively towards 
ECM formation and the gross effect of Li and Sr on cell proliferation was found to be least in case of LS-BAG 
(Fig. 8). S-BAG however showed better bioactivity in terms of apatite like crystal formation which will expected 
to contribute towards bone cell colonization in vivo. In this case, fibroblast cell extensions consolidated the pore 

Figure 5. SEM microstructure of the porous scaffolds for all compositions (inset: higher magnified site). 

Sample A.P., % B.D., g/c.c.

BAG 54.4 ±  1.63 1.16 ±  0.02

L-BAG 61.3 ±  1.84 0.97 ±  0.02

S-BAG 56.5 ±  1.7 1.09 ±  0.02

LS-BAG 64.5 ±  1.94 0.84 ±  0.02

Table 4. A.P. and B.D. data of the porous scaffolds.



www.nature.com/scientificreports/

8Scientific RepoRts | 6:32964 | DOI: 10.1038/srep32964

site; ECM formed in situ alongwith HCO3
−//HPO4

2− deposition in contact with SBF after 7 days (Fig. 6) may help 
maturation of bone defect site faster in vivo. The combined effect of Li and Sr thus expected to be generate both 
soft and hard tisue in vivo. Most plausible reason behind slower rate of growth of NIH3T3 after 3 days may be the 
presence of other ions (e.g., Ca2+) which are also consistent with findings reported elsewhere stating that changes 
of extracellular calcium concentration can affect balance between proliferation and differentiation in fibroblasts. 
McNeil et al. demonstrated that elevation of extracellular calcium stimulates proliferation-associated signaling 
pathways in rat fibroblasts35.

Bone in-growth evaluation by micro-CT. Serial slices of X rays were carried out throughout Z-axis of 
a particular implanted bone section, images thus obtained were clubbed together and are given in Fig. 10a,b for 
BAG, 11a,b for L-BAG, 12a,b for S-BAG and 13a,b for LS-BAG after 2 and 4 months respectively. Serial images for 
BAG taken after 2 and 4 months showed that the porous scaffold has started degrading as revealed after 4 months 
but maintained its structure after 2 months. From the grey scale quantification it can be shown that BAG samples 
had higher amount of mature bone tissue after 4 months than the 2 months when more soft tissue apposition was 
evident. Stability of the implant thus impaired after 4 months which is anticipated to be continued and simulta-
neously converted to hard cortical tissue. Effect of lithium and strontium can be an interesting parameter which 
can dictate the degree of bone tissue conversion with time.

Serial sectional images of L-BAG after 2 months showed tissue invasion more in the central part of the implant 
than the periphery with a clear interfacial gap with the surrounding tissue. Grey scale values were found to be in 
between of cortical and cancellous tissues after 2 months which indicates that the implant was in the process of 
being resorbed which was continued up to 4 months. But the degree of resorption was higher in case of L-BAG 
than the BAG alone. L-BAG samples after 4 months showed very similar grey scale values with that of the cortical 
part of the bone. However, degradation of the samples was lowered for L-BAG than BAG alone.

S-BAG samples had clearly shown its efficacy expressed towards conversion to more of cortical tissue than 
the cancellous one. Cortical tissue could be seen at the periphery of the inserted samples as seen after 4 months. 
LS-BAG samples after 2 months showed close resemblance of the cancellous tissue on the periphery and cortical 
tissue in the inside of the implanted samples. After 4 months, the same phenomenon continued and the implanted 

Figure 6. Variations of (a) concentration of supernatant (Ca2+, HCO3
− and HPO4

2−), (b) pH of SBF after days 
7 and 14 in contact with the porous scaffolds (BAG, L-BAG, S-BAG and LS-BAG); (c) is the magnified part of 
HPO4

2− (a).
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samples were almost 60% converted to the surrounding bone. After 2 months, BAG samples only showed some 
interfacial gap which was absent for all doped samples.

3D images using micro CT are given in “Supplementary Information” as Fig. 1a,b for BAG, 2a and b for 
L-BAG, 3a and b for S-BAG and 4a and b for LS-BAG after 2 and 4 months respectively. The extent to which both 
soft and hard tissue apposed to BAG samples when implanted, cannot be assessed quantitatively from radiog-
raphy. Tissue and blood vessels could be seen in the 3D representation of the micro CT. Porous nature both in 
and outside the medullary cavity were noticed in the 3D representation. Different grey scale values in the images 
represent quality of the bone and its degree of maturity. Implants could be seen from the 3D plots. It was found 
that mature bone tissue as well as blood vessels engulfed the implant which indicates good vascularisation. Porous 
nature of the cortical bone was observed in some sections. In a comparison, LS-BAG samples showed highest 
degree of tissue impregnation and vascularity among the four compositions. Strontium doping synergistically 
affected bone tissue apposition than glass without any doping. BAG scaffolds without doping actually had lower 
vascularity potential than the doped ones.

Radiological examination. Fig. 14a–d shows radiographs of defect surgery site and their interpretation is 
presented in Table 5. On the day of surgery, the distal metaphysis of femur showed presence of partial radiodense 
BAG implant (Fig. 14a) in the defect, which became moth-eaten on 1 month. The implant found to reduce in size 

Figure 7. SEM microstructure of the porous scaffold surface after day 14 of SBF study; for (a) BAG, (b) L-BAG, 
(c) S-BAG and (d) LS-BAG.

Figure 8. MTT assay results; calculated OD values for NIH3T3 expressed on the samples of BAG, L-BAG, 
S-BAG and LS-BAG after days 3 and 7. 
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gradually with implantation time and almost disappeared at 4 month with irregularly arranged bony tissue. In 
S-BAG samples (Fig. 14c), the defect radiodensity appeared to be unchanged after 1 month and the defect size 
shrunk at 2 months. At 3 months, only negligible amount of implant was present in the defect along with newly 
formed bony tissue and by the end of 4 months both the implant defects could be barely seen from the radio-
graphs. L-BAG samples (Fig. 14b) also showed similar performance as that S-BAG, except that defect healing and 
new bone formation were enhanced. In LS-BAG samples (Fig. 14d), radiograph showed narrowing of bony defect 
and shrinkage of implant as early as one month post-operatively. Subsequent radiographs showed no traces of 
implant and defect. More importantly the radiodensity in defect area was almost identical to that of healthy bone.

Histological evaluation. Fig. 15 and Table 6 show the histological section images and evaluation report 
of bone-implant interface at 2 and 4 months after observing different cellular events. BAG scaffolds (Fig. 15a) 
showed well formed bony structure containing haversian system, canaliculi and sinusoidal spaces along with 
deposition of R.B.C., fat cells and scanty numbers of osteoblast in peri-medullary areas after 2 months. Strontium 
doped scaffolds (S-BAG: Fig. 15b) at 2 month showed prominent osteoblastic activity characterized by sufficient 
number of haversian canal, canaliculi, lacunae and osteoblastic cells with suitable cytoplasmic ratios. The bony 
matrix is invaded by highly proliferative branches of vessels containing sufficient amount of R.B.C, bony progen-
itor cells and focal calcified points. Similarly, L-BAG scaffolds (Fig. 15c) showed well developed bony structure 
with robust haversian system, osseous canaliculi and bony plates. The LS-BAG samples (Fig. 15d) depicted well 
formed osseous structure containing haversian canal, lamellae and canaliculi which was invaded by numerous 
blood vessels along with prominent osteoblastic and osteoclastic activities in the margin of lesion.

Histological evaluations at 4 months for the doped and pure bioactive glasses are also shown in Fig. 15a–d. 
Compared to 2 months, apparently higher angiogenesis was observed in all doped samples. However, angiogenic 
proliferation was more in LS-BAG and L-BAG samples compared to other samples. All doped samples showed 
highly proliferative stage of osteoblast and osteoclast cells (progenitor cells) along with foci of calcification.

Figure 9. SEM cell morphology on the samples of (a) BAG, (b) L-BAG, (c) S-BAG and (d) LS-BAG after 7 days.
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Fluorochrome labeling study. Fig. 16 shows images of samples after oxytetracycline marking, where 
golden yellow florescence represents new bone and dark sea green indicates matured old bone. After 2 months, 
BAG scaffolds depicted double tone golden yellow fluorescence in a narrow zone in the defect site and the host 
bone looked dark sea green homogenous color. Relatively, better intensity of new bone formation (golden yellow 
fluorescence) was observed in S-BAG and LS-BAG at this time point. L-BAG at this time point also showed more 
new bone formation as compared to pure sample. At 4 months, all the samples depicted more new bone forma-
tion as compared to 2 month. However, distinct new bone formation was exhibited in all doped bioactive glass 
implants. LS-BAG implanted bone showed wide regions of golden yellow fluorescence (new bone formation) 
indicating rapid bone regeneration. S-BAG bone samples showed scattered and multiple regions new bone forma-
tion in defect area demonstrating their effectiveness in bone regeneration. Based on the calculation, percentage 
of bone formation through fluorochrome labeling images at two time point of 2 and 4 months have been done 
and is given in Table 7.

Scanning electron microscopic (SEM) study. Fig. 17 shows microstructural study of bone implant inter-
face using SEM at two time point of 2 months (Fig. 17a–d) and 4 months (Fig. 17e–h). Effect of lithium and 
strontium could be established in SEM images and compared with the micro CT images. In all samples, with 
time, both soft and hard tissue got matured. L-BAG samples had a clear influence on soft tissue interaction with 
the sample (Fig. 17b,f). Collagenous network was prevalent in case of L-BAG while S-BAG samples (Fig. 17c,g) 

Figure 10. Serial slices along the Z-axis in micro-CT. Images are obtained for implanted BAG scaffolds.  
(a) After 2 months; (b) After 4 months.

Figure 11. Serial slices along the Z-axis in micro-CT. Images are obtained for implanted L-BAG scaffolds.  
(a) After 2 months; (b) After 4 months.
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showed more of matured osteoblastic tissues apposed to the surface of the sample. LS-BAG on the other hand 
showed (Fig. 17d,h) both collagenous network and mature bone tissues, which was not only covered the surface 
but also had invaded the porous network structure of the implant. Interestingly, BAG samples after 4 months 
showed matured osteoblastic tissues (Fig. 17e), but there was also sporadic presence of RBCs on the surface of 
samples. Interfacial gap between the implanted samples and the surrounding bone was found more in case of 
BAG than the other samples. Bony networks could be seen for BAG but no collagenous microstructure. Interfacial 
gap was absent in case of L-BAG and LS-BAG after 4 months but like the BAG samples, S-BAG also revealed slight 
interfacial gap after 2 months which however completely absent after 4 months. Granular nature of the porous 
scaffolds revealed before animal experimentation were absent when implanted. There were no loose or unreacted 
glass particles after animal study.

Figure 12. Serial slices along the Z-axis in micro-CT. Images are obtained for implanted S-BAG scaffolds.  
(a) After 2 months; (b) After 4 months.

Figure 13. Serial slices along the Z-axis in micro-CT. Images are obtained for implanted LS-BAG scaffolds. 
(a) After 2 months; (b) After 4 months.



www.nature.com/scientificreports/

13Scientific RepoRts | 6:32964 | DOI: 10.1038/srep32964

Earlier in vitro and in vivo studies on porous bioactive glass scaffolds demonstrated their potentiality towards 
bone tissue engineering due to inherent osteoconductive and osteogenic properties36,37. Further improvement 
in biological properties of these scaffolds can be achieved via incorporation of suitable dopants that positively 
affect osteoblast activities thereby enable early new bone formation6. Amalgamation of trace metallic elements 
into tissue engineering constructs offer low cost, longer shelf life with low regulatory burden and low risk as com-
pared to biologics. Due to these added benefits, delivery of trace metallic element as biological agents is getting 
considerable attention in tissue engineering and regenerative medicine applications38–40. To achieve toward this 
goal of improving the performance of bioactive glasses, a simpler method was identified to develop lithium and 
strontium doped glass and to investigate the mechanism of how these next-generation biomaterials can enhance 
both osteogenesis and angiogenesis for faster patient healing times and high surgical success rates.

Figure 14. Radiographs taken at ‘0’ day, 1, 2, 3 and 4 months post-operatively implanted with (a) BAG,  
(b) L-BAG, (c) S-BAG and (d) LS-BAG.

Group 1 month 2 month 3 month 4 month SEM

S-BAG 0.66a 1.00a 1.66b 2.33bc 0.28

LS-BAG 0.66a 0.66a 1.33b 2.33c 0.28

LS-BAG 1.33a 1.66ab 2bc 3c 0.28

BAG 0.33a 0.66b 1bc 1.66c 0.28

Table 5.  Radiological scoring values of different samples at different time intervals. Values are expressed as 
Mean ±  SE. Values with different superscript within a row differs significantly (P <  0.001).
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Li+ is new additive ion of interest that brought attention due to its imminent role in osteogenesis. In a very 
recent study, Miguez-Pacheco et al. has shown that substitution of Na by different % of Li in 45S5 bioactive glasses 
cause decrease in Tg and Tm favoring sintering by viscous flow41 which also consolidates our present finding in 
case of L-BAG. However, we have also completed cell viability and proliferation studies to further strengthen its 
potential application. In another study, it has been reported that 75 patients treated with lithium were found to 
exhibit significantly greater bone mass in several areas compared to 75 normal participants42. Similarly, strontium 
(Sr2+), a non-essential element accounts for 0.035% of the calcium content in our skeleton system and has been 
shown to boost bone regeneration when incorporated into synthetic bone grafts43.

Li+ doping in bioactive glasses may inhibit GSK3, a negative regulator of the Wnt signaling pathway44. 
Moreover, it activates β -catenin-mediated T cell factor (TCF)-dependent transcription during bone and car-
tilage fracture healing45. Similarly, Sr2+enhances osteoclast apoptosis, increases pre-osteoblastic cell prolifera-
tion and collagen synthesis and thus decreases bone resorption and preserve bone formation46,47. In our study, 
radiological study revealed gradual replacement of scaffold with new bone after 2 months in all doped samples. 
Histological study revealed highly proliferative stage of osteoblast and osteoclast cells (progenitor cells) along 
with angio-proliferation component of bony tissue in doped samples compared to pure samples. This is presum-
ably due to possible role of Sr and Li addition in bioactive glass. Sr2+ plays a vital role in overall bone turnover 
through early differentiation of osteoblast that helps in early expression of cbfa1 gene, indispensable for osteoblast 
differentiation48. Sr can also stimulate the calcium sensing receptor and other equivalent signaling pathways to 
induce early osteoblast differentiation46. The Wnt signaling pathway is one of the most key signal cascades in bone 
formation and remodeling process49,50. A direct link between BMP production and an activated Wnt signaling 
pathway in osteoblasts has been observed51,52. The activation of β -catenin signaling by Li+  shows its paramount 
role for fracture healing45. Higher osteoblastic activity and lamellar bone formation are prominent in binary Sr-Li 
doped bioactive glass which is due to combining effects of both dopants on bone formation processes of resorp-
tion and mineral aggregation.

Fluorochrome labeling using tetracycline marker is an indicator for the new bone formation, bone mineraliza-
tion and remodeling53. These stains when incorporated will directly bind to areas undergoing calcification at the 
bone/osteoid (unmineralized bone) interface. After administration, tetracycline generally follows ionized calcium 
and deposited to the areas of mineralized tissue54,55. The labeled new bone and old bone emit bright golden-yellow 
and dark-sea green fluorescence respectively when observed under UV light. The method provides practical 
information in assessing the amount of new bone formation and bone healing56. In this study, at 2 months time 

Figure 15. Histological sections taken after 2 and 4 months post-operatively implanted with (a) BAG,  
(b) S-BAG, (c) L-BAG and (d) LS-BAG.

Cellular Response

Time Point (2 month) Time Point (4month)

Group 1 Group 2 Group 3 Group 4 Group 1 Group 2 Group 3 Group 4

Fibro vascular proliferation 1 ±  0.3 1.66 ±  0.3 1.33 ±  0.3 1.66 ±  0.3 1.33 ±  0.3 1.66 ±  0.3 1.33 ±  0.3 1.66 ±  0.3

Mononuclear cell 1 ±  0.23 1 ±  0.23 1 ±  0.23 1.33 ±  0.23 1 ±  0.23 1 ±  0.23 1.33 ±  0.23 1.33 ±  0.23

Osteoclast activity 1 ±  0.23 1.33 ±  0.23 1 ±  0.23 1.33 ±  0.23 1 ±  0.23 1 ±  0.23 1.33 ±  0.23 1.33 ±  0.23

Mucin deposit 1.33 ±  0.16 1 ±  0.16 1 ±  0.16 1.33 ±  0.16 1 ±  0.16 1 ±  0.16 1 ±  0.16 1 ±  0.16

Vascularisation 1 ±  0.26 1.33 ±  0.26 1 ±  0.26 1.66 ±  0.26 1.33 ±  0.26 1.66 ±  0.26 1.33 ±  0.26 2 ±  0.26

Osteoblastic activity 1 ±  0.31 1.66 ±  0.31 1.33 ±  0.31 1 ±  0.31 1.33 ±  0.31 1.66 ±  0.31 1.66 ±  0.31 2.3 ±  0.31

Table 6.  Histological scoring values of different samples at 2 and 4 months. Values are expressed as 
Mean ±  SE.
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point, the process of new bone formation was moderate in pure bioactive glass and relatively high in all three 
doped samples. In general, the activity of new bone formation was increased in all samples after 4 months. This 
may be due to the significant effects of single or binary dopants which may in turn help in cellular proliferation 
and osteoblastic activity. Previous studies established that Sr can influence cellular activities via the membrane 
bound calcium sensing receptor, both in osteoblasts and in cells of the osteoclasts lineage15,57,58. Moreover, Sr may 
enhance the ability of MSCs as well as pre-osteoblasts proliferation and differentiation into bone-forming oste-
oblasts59, through Wnt/b-catenin pathway by activating mitogenic signaling60. In a similar study using Sr doped 
HAp-based bioactive glasses implants, the sequential polychrome labeling of bone during in vivo osseointegration 
confirmed homogeneous bone formation around the test implants61.

SEM examination revealed both collagenous network and mature bone tissues in L-BAG while S-BAG sam-
ples showed more of matured osteoblastic tissues apposed to the surface of the sample. Interfacial gap between the 
implanted samples and the surrounding bone was found more in pure BAG than the doped other samples. Bony 
networks could be seen for pure BAG but no collagenous microstructure could be noticed, which is an indirect 
estimation of poorer bone quality in case of BAG than the other samples. Interestingly, sporadic presence of RBCs 
on the surface of samples indicating the healing was still continuing. Sr controls key proteolytic enzymes, matrix 
metalloproteinase-2 (MMP-2) and matrix metalloproteinase-9 (MMP-9) along with osteoprotegrin (OPG) and 
receptor activator of nuclear factor κ -β  ligand (RANKL) that is produced by osteoblast cells and are key signaling 
mechanisms of osteoclast formation and its resorptive activity62,63. The combining effect of Sr enhances overall 
bone turn over by reduced osteoclastic resorption and an enhanced osteoblastic activity.

Micro CT in scaffold research has enabled accurate morphological studies to be carried out, yielding com-
prehensive data sets64,65. It also opened a new paradigm for investigations in tissue engineering66. Micro CT thus 
performed to understand the degree of vascularity as well as the interaction of soft and hard tissue with the mate-
rial when implanted. In the present study, mature bone tissue as well as blood vessels engulfed the implant which 
indicates good vascularisation. In a comparison LS-BAG samples showed highest degree of tissue impregnation 
and vascularity among the four compositions probably due to the synergistic effect of lithium and strontium in 
particular. After 2 months, serial sectional images of L-BAG indicated that tissue invasion was more pronounced 
than in the central part of the implant than the periphery with a clear interfacial gap with the surrounding tissue. 
Grey scale values were found to be in between of cortical and cancellous tissues after 2 months which indicates 
that the implant was in the process of resorption. But the degree of resorption was higher in case of L-BAG than 
the BAG alone. S-BAG samples had clearly shown its efficacy expressed towards conversion to more of cortical tis-
sue than the cancellous one. LS-BAG samples after 2 months showed close resemblance of the cancellous tissue on 
the periphery and cortical tissue in the inside of implanted samples. BAG samples only showed some interfacial 

Figure 16. Fluorochrome labeling study (after oxytetracycline markings) taken after 2 and 4 months post-
operatively implanted with (a) BAG, (b) S-BAG, (c) L-BAG and (d) LS-BAG.

Treatment 2 months 4 months

BAG 32.47 ±  0.439bA 48.29 ±  0.541bB

BAG-Sr 23.663 ±  0.513aA 45.432 ±  0.573aB

BAG-Li 39.459 ±  0.562cA 51.466 ±  0.584cB

BAG-Sr +  Li 47.459 ±  0.513dA 54.897 ±  0.588dB

Table 7.  Percentage of bone formation through fluorochrome labeling images at two time point of 2 
and 4 months a, b, c, d means with different superscripts within a column differs significantly among the 
treatment (p <  0.01).  A, B mean with different superscript within a row differs significantly between the 
month of sample within a treatment (p <  0.001).
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gap which was absent for all doped samples. In a similar study, the bone regeneration ability of different bioactive 
glass particles has been observed in rabbit model67,68.

In summary, this study examines the effects of Sr and Li addition in bioactive glass compositions developed 
in the lab, the porous scaffolds made thereof for their physico-chemical, in vitro and in vivo osteogenetic proper-
ties alone and in combination. All bioactive glass both doped and undoped showed in vivo new bone formation 
during 4 months. Based on the microstructural, histological, radiological, micro CT and fluorochrome labe-
ling results, Sr and/or Li doped bioactive glass showed acceleration of early-stage bone formation at the rabbit 
model defect site and Sr +  Li doped bioactive glass proved to be more effective than other two compositions. 
Our findings suggest that incorporation of Sr and Li in bioactive glass can effectively enhance early stage in vivo 
osseointegration and bone remodeling properties. The results also suggest that doped bioactive glass might pro-
vide a delivery system for bioactive agents to accelerate bone healing and better anchorage of bone implants in 
orthopedic surgery. However, further detailed studies are needed to elucidate the exact mechanisms of Sr and Li 
dopants on enhanced bone healing for suitable use in future biomedical applications as a more osteoconductive 
bone substitute especially on earlier stages after implantation.
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A B S T R A C T

To reconstruct the defects caused by craniectomies autologous, bone grafting was usually used, but they failed
most commonly due to bone resorption, infections and donor-site morbidity. In the present investigation, an
effort has been made for the first time to check the feasibility and advantage of using hydroxyapatite (HAp)
coated e-glass as component of bone implants. Sol-gel synthesized coatings were found to be purely hydro-
xyapatite from XRD with graded and interconnected pores all over the surface observable in TEM. The inter-
connected porous nature of ceramics are found to increase bioactivity by acting to up-regulate the process of
osseointegration through enhanced nutrient transfer and induction of angiogenesis. From TEM studies and nano
indentation studies, we have shown that pores were considered to be appropriate for nutrient supply without
compromising the strength of sample while in contact with physiological fluid. After SBF immersion test, porous
surface was found to be useful for nucleation of apatite crystals, hence increasing the feasibility and bioactivity
of sample. However, our quasi-dynamic study showed less crystallization but had significant formation of apatite
layer. Overall, the in vitro analyses show that HAp coated e-glass leads to significant improvement of implant
properties in terms of biocompatibility, cell viability and proliferation, osteoinductivity and osteoconductivity.
HAp coating of e-glass can potentially be utilized in fabricating durable and strong bioactive non-metallic im-
plants and tissue engineering scaffolds.

1. Introduction

Bone defects may be of congenital origin or, acquired and often
require surgical repair with biomaterial implants. Attempts have been
made to develop bioactive composite implants to overcome problems,
which relate to metal and polymer implants. Metal implants interfere
medical imaging and postoperative radiation therapy. In long bones,
metal stems of implant cause stress shielding related to bone resorption
due to the high elastic modulus of metal [1]. In addition, the released
nanoparticles and metal ions are known to cause metallosis and local
pseudotumors [2]. Polymer implants of poly(ethylene), poly(methyl
methacrylate) and poly(etheretherketone) lack bioactivity and become
encapsulated by fibrous tissue, and thus they do not get bonded to bone
[3,4]. One of the rapidly increasing clinical indication for the implants

of this kind is decompressive craniectomy [5]. To reconstruct the de-
fects caused by craniectomies autologous, bone grafting was usually
used, but they failed most commonly due to bone resorption, infections
and donor-site morbidity [6]. Bone graft operations also require pro-
longed operation time over insertion of alloplastic implants. Several
material combinations are available including Mg-alloy [7,8], poly-l-
lactic scaffolds [9,10], multimaterial scaffold [11,12] and of course,
bioceramics and scaffolds [13]. However, one of the clinically approved
novel approach of cranial implant is to utilize biostable e-glass fibers
and bioabsorbable bioactive glass as distinguished components in the
implant. The durable structure of these biostable glass overcomes the
above mentioned shortcomings [14] in these implants.

After the invention of Bioglass® by Prof. L.L. Hench in 1969, it has
thoroughly experimented in different fields of biomedical science.
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Bioactive glasses (BG) have gained extensive interest as alternative al-
loplastic materials in recent years [15]. The reliability of bioactive
glasses is due to their osteoconductive and osteoinductive properties by
which they form interfacial bonding with bone in vivo, through a series
of chemical and biological processes occurring at their surface, leading
to the formation of a strong and stable bonding interface by forming
hydroxylapatite (HAp) [16–20]. In a nutshell, the processes of HAp
formation are ion leaching/exchange, dissolution of the glass network
and precipitation and growth of a carbonated apatite (HCA) layer.
Currently, bioactive glass (S53P4) is in use as a component of fiber-
reinforced composite implants [21,22]. However, a bioactive glass
leaches with time in extracellular liquid, it gradually loses mechanical
stability and strength due to leaching out of the glass forming ions. This
limits their use in load bearing and largely over critical-sized non-load
bearing applications of the implants [23,24]. As leaching occurs prior to
HAp formation on the surface, high rate of dissolution of glass former
ions will decrease the stability of the implant and hamper the pro-
gressive bone regeneration. Therefore, slow dissolution of these ions
over a long time is essential for retaining the long term stability of the
implants [25]. On the other hand, bio-inert e-glass with high corrosion
resistance (alumina‑calcium-borosilicate glasses with a maximum alkali
content of 2 wt%) is sufficiently strong and non-toxic to be used in such
requirements. The elastic modulus of e-glass is ~72.3 GPa and density
2.58 g/c.c. [26].

In the present investigation, thus, an effort has been made for the
first time to combine nano-porous HAp coating on biostable e-glass
substrate which obviates leaching of base glass network former/modi-
fier and also minimizes the degradation of mechanical strength with
time. The HAp coated e-glass is aimed to be used in the next generation
bioactive implants with reduced volume of polymer components. This
study describes the process for the HAp coating of e-glass substrate and
preliminarily investigates the biological response on the coated mate-
rial in vitro.

2. Materials and methods

2.1. Materials

Chemically pure and having> 99.5% assay calcium nitrate tetra-
hydrate [Ca(NO3)2·4H2O], sodium chloride [NaCl], sodium hydrogen
carbonate [NaHCO3], magnesium chloride hexahydrate [MgCl2·6H2O],
Tris(hydroxymethyl)aminomethane [Tris buffer, C4H11NO3], calcium
chloride dihydrate [CaCl2·2H2O] and sodium sulfatedecahydrate
[NaSO4·8H2O] were procured from Merck (Mumbai, India), while
phosphorous pentoxide [P2O5], potassium chloride [KCl] and 35.4%
hydrochloric acid [HCl] were purchased from S.D. Fine-Chem Ltd.
(Mumbai, India). Di‑potassium hydrogen phosphate trihydrate
[K2HPO4·3H2O] was from Sigma-Aldrich (Steinheim, Germany) and
ethanol (absolute) was from Merck KGaA (Darmstadt, Germany).
Doubly distilled water was used throughout the conducted experiment.
Commercially available e-glass (having a composition of 54.3%
SiO2–15.2%Al2O3–17.2%CaO-4.7%MgO-8.0%B2O3–0.6%Na2O) fibers
were used to obtain plates after remelting and casting them in a po-
lished steel mould. Plates were used instead of fibers for allowing more
precise chemical and biological analysis of the material surface.

2.2. Formation of gel

Two clear solutions of Ca(NO3)2·4H2O (0.1 mol) and P2O5

(0.003 mol) were made at room temperature separately by stirring
them for 30 min., using ethanol (99%, 10 mL) as mutual solvent.
Subsequently, they were mixed slowly and stirring was continued for
2 h at room temperature, followed by aging for another 2 h. Increasing
viscosity of the gel after first hour was also measured by creep test
(Bohlin GEMINI, UK) using cup-and-bob method (shear stress: 0.002 Pa,
time: 7200 s).

2.3. Fabrication of coated e-glass substrates

Viscous solution, thus obtained (as mentioned in Section 2.2), was
tipped on e-glass plate substrates (50 μL on 1 cm × 1 cm plates with
average roughness (Ra) of 0.7 μm) drop-wise followed by drying at
room temperature for 18 h. Further, the coated sample was pre-freezed
at −20 °C overnight followed by freeze drying (Eyela FDU.2200,
Japan) at 70–80 MPa pressure and −83 °C for 20 h. The samples were
then thermally treated at 850 °C (heating rate 2 °C/min. with 15 min
dwelling time). A low speed diamond saw (Buehler, Isomet, USA) was
used further for sectioning and characterization.

2.4. Characterization of coated e-glass substrates

Surface roughness of the coated and uncoated samples was mea-
sured by contact profilometer (Form Talysurf, i120, Taylor Hobson,
UK). Phase analysis of the coating was done by X-ray diffraction (XRD)
technique in a powder diffractometer using CuKα (λ = 1.54178 Å)
radiation [PANalytical, The Netherlands]. ‘High Score Plus’ software
was used to analyse the XRD data with the help of Inorganic Crystal
Structure Database (ICSD, PDF4). To identify the functional groups,
Fourier-transformed infrared spectroscopy (FTIR) was performed using
PerkinElmer Spectrum 100, USA spectrophotometer with HeNe laser
(Class II/2) following the KBr pellet method (2 mg sample: 200 mg
KBr). Scratched-off material from surface was used for preparing KBr
pellets. To compliment, Raman spectra was performed as well by using
STR500 Raman Spectrometer (Technos Instrument, Seki technotron,
Japan). The top-surface microstructure and interface of coating cross-
section was assessed by field-emission scanning electron microscope
(FESEM) (Supra 35VP, Zeiss, Germany). Ca/P molar ratio was measured
by taking average from energy dispersive X-ray analysis (EDX) taken at
different points of the sample with an accelerating voltage of 15 kV.

Transmission electron microscopy (TEM) (Tecnai G2 30ST, FEI,
Netherlands) was performed to obtain the finer details of the micro-
structure of coating cross-section. Local crystallographic structure was
gathered from the selected-area electron-diffraction (SAED) patterns in
the TEM. As for the cross-sectional sample preparation for TEM char-
acterization, the coated glass substrates were first cut into pieces of
about 2.5 mm × 10 mm area. Two such cut pieces were glued with
coated surfaces face-to-face with ‘Gatan G-1 Epoxy’ (Gatan Inc., USA)
and grinded suitably to give a rod like shape of 2.5 mm diameter and
10 mm length. This rod of sandwiched coatings was further glued inside
a hollow stainless-steel tube of 3 mm outer diameter using the ‘Gatan G-
1 Epoxy’ resin. Cross-sectional slices of about 0.25 mm thickness were
cut from the tube filled with the sandwiched coating sample using
Buehler low speed diamond saw. Using Gatan Disk Grinder (Gatan Inc.,
USA) the slices were thinned down to 80 μm and further dimpled at the
centre using Gatan dimple grinder (Model 656, Gatan Inc., USA) down
to 30 μm at the centre. The dimpled cross-section specimens were fi-
nally ion-polished by using Gatan model 691 precision ion polishing
system (PIPS, Gatan Inc., USA) with 4 keV Argon ion-beams at 4° in-
cidence angle on both sides of the cross-sectioned surfaces till per-
forations to generate electron-transparent thin area of the coating sui-
table for TEM observation.

2.5. Immersion tests in simulated body fluid (SBF)

Static in vitro bioactivity (in terms of capability of forming carbo-
nated hydroxyapatite) of coated samples was evaluated in contact with
simulated body fluid (SBF) prepared as per Kokubo [27]. Concentra-
tions of the different constituting elements of SBF solution (in mM)
taken are as follows: Na+ 142.0; K+ 5.0; Ca2+ 2.5; Mg2+ 1.5; Cl−

147.8; HCO3− 4.2; HPO4
2− 1.0; SO4

2− 0.5. pH was maintained ~7.4
by using Tris buffer during preparation. Surface area (SA)/volume (V)
ratio of the samples to SBF added was maintained as 1 cm2/15 mL with
constant temperature (37.4 °C) during the study (in an incubator in
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closed test tubes for 7 and 14 days without refreshing SBF solution in
between) [28]. Quasi-dynamic (QD) SBF study was performed by fol-
lowing the same method but by replenishing with fresh SBF solution
after every 24 h and up to 14 days. Weight changes of samples and pH
change of the dissolution medium (SBF) were recorded up to 14 days.

Samples after static and QD SBF studies after 7 and 14 days were
analysed for structure by XRD, FTIR and Raman while surface micro-
structure evolved were analysed by FESEM and TEM. Samples for mi-
crostructural analyses were prepared as described earlier. Top surface
of the samples was again assessed for hardness and elastic modulus by
nano-indentation method.

Nanoindentation experiments were conducted utilizing a 5 × 5
array on both uncoated and coated e-glass substrates after static and QD
SBF studies for 7 and 14 days by load controlled nanoindentation
technique with a Berkovich nanoindenter of tip radius 150 nm. A
commercial machine (Fischerscope H100-XYp; Fischer, Switzerland)
with depth and load sensing resolutions of 1 nm and 0.2 μN respectively
was used. In the present experiments, the peak load was kept constant
at 10mN, while both the loading and the unloading times were kept
fixed at 30 s. For all experimental data reported in this work the error
bars represent± 1 standard deviation of the data.

2.6. In vitro biocompatibility study

2.6.1. Cell culture procedure
The cell culture medium, for the human osteoblasts like cells (MG-

63 cell line) was made of DMEM, 10% foetal calf serum, and 1% pe-
nicillin/streptomycin. The cultures were kept till they reached 90%
confluence in a humidified environment of 5% CO2, at 37 °C. Following
confluence, the cells were trypsinized, centrifuged, and suspended back
in media for counting. The samples (both bare e-glass and HAp coated
e-glass) were sterilized for 30 min. with 70% ethanol and UV light,
washed repeatedly with sterile PBS (pH 7.4) followed by treatment with
DMEM medium for 4 h to create a better environment for the cells. Just
prior to cell seeding, to ensure better penetration of cells, the scaffolds
were partially dried for 2 h. Twenty micro-litres of the cell suspension
in medium, containing 105cells, were added drop-by-drop on to each
sample. Following seeding, to boost cell adhesion in the initial hour, the
matrices were maintained in a humidified environment, at 37 °C, 5%
CO2. The matrices were kept in medium for 14 days, while the medium
was replaced every alternate day.

2.6.2. Cell viability assay
MTT assay was performed at different points of time over full cell

culture duration to investigate the cell viability. The samples were in-
cubated in 5 mg/mL MTT stock solution which was diluted at a ratio of
1:10 using PBS (pH 7.4). Formazan crystal formed post incubation was
dissolved in dimethyl sulfoxide and the absorbance of the resulting
solutions was measured using the Manufacturer's protocol with spec-
trophotometer (Bio-Rad, iMark).

2.6.3. Cell proliferation by Alamar blue assay
Cell proliferation on samples over 14 days was assessed by Alamar

blue dye-reduction. Alamar blue dye was diluted in the culture medium
with a 1:10 dye-to-media ratio. Samples were incubated in the dye
solution for 4 h in the dark. Dye reduction was determined spectro-
photometrically in a microplate reader (Thermo Scientific Multiskan
Spectrum, Japan) at 570 and 600 nm. The percentage of dye reduction
was calculated from the below-mentioned equation:

= ×%AB reduction [( )(A ) ( )(A )/( )(A ) ( )(A )] 100ox 2 1 ox 1 2 red 1 2 red 2 1

where ελ1 and ελ2 were molar extinction coefficient of Alamar blue at
570 and 600 nm respectively, εox in oxidized and εred in reduced form;
Aλ1 and Aλ2 were absorbance of the test wells; and A′λ1 and A′λ2 were
the absorbance of the negative control wells. All given pairs were values
at 570 and 600 nm.

2.6.4. Alkaline phosphatase assay (ALP)
Spectrophotometric measurements of the alkaline phosphatase

produced by MG-63 cultured on the different samples [29] were carried
out. At specific day points, the cell laden constructs were washed with
PBS (pH 7.4), homogenized with 1 mL Tris buffer (1 M, pH 8.0), and
sonicated for 4 min. on ice. A volume of 20 μL of this suspension, was
incubated with 1 mL of 16 mM p-nitrophenyl phosphate (Sigma) solu-
tion for 5 min., at 30 °C. To measure p-nitrophenol produced in pre-
sence of ALP, the absorbance at 405 nm was evaluated and ALP activity
was reported as p-nitrophenol produced, normalized by incubation
duration and cell count: μmole/min/105 cells.

2.6.5. Cellular morphology
Laser confocal microscopy was used to examine the cell morphology

and the dispersion of the cells on the samples. For confocal laser mi-
croscopy, samples after 7 days culture were fixed using 4% paraf-
ormaldehyde for 1 h and the cells were then permeabilized over 5 min.
by use of 0.1% Triton X-100, prepared in BSA. Samples were then
blocked with 1% bovine serum albumin (BSA) for 1 h. The actin fila-
ments were stained using Alexa Fluor® 488 and the nuclei with Hoechst
33342. The confocal laser microscopy was performed on Olympus FV
1000 (Olympus, Japan) and post-processing was carried out with
Olympus FV 1000 Advanced software version 4.1 (Olympus, Japan).

2.6.6. Gene expression by real-time RT-PCR
For total RNA extraction, different samples cultured in MG-63 for

21 days were transferred into 2-mL plastic tubes containing 1.5 mL of
Trizol solution (Invitrogen, USA). After brief incubation for 15 min., the
treated samples were centrifuged at 12000g for 10 min./4 °C. The su-
pernatant liquid was transferred to a new tube and 200 mL of chloro-
form was added to it. After further incubation for 5 min. at room
temperature, the solution was gently mixed for 15 s, followed by in-
cubation for 5 min. at room temperature. The tubes were further cen-
trifuged for 15 min. at 12000g/4 °C. The upper aqueous layer was
transferred to an RNeasy Plus mini-spin column (Qiagen, Germany).
The RNA was washed and eluted according to the manufacturer's pro-
tocol. RNA samples were reverse-transcribed into cDNA using High
capacity cDNA reverse transcription kit (Applied Biosystems, USA) ac-
cording to the manufacturer's protocol.

Real-time PCR conditions were optimized and were performed with
SYBR Green (Applied Biosystems, USA) in an ABI Prism® 7000
Sequence Detection System (Applied Biosystems, USA). For real-time
analysis, SYBR Green supermix, 5 pmol/mL of each forward and reverse
primers and 5 μL cDNA templates were used in a final reaction volume
of 50 μL and plates were loaded using a RT loading platform. Cycling
conditions included an initial denaturation step of 8 min. and 45 s at
95 °C followed by 45 cycles of 30 s at 95 °C, 30 s at 58 °C, and 30 s at
72 °C. Data collection was enabled at 72 °C in each cycle. CT (threshold
cycle) values were calculated using the Relative Quantification software
(Applied Biosystems).

Highly purified gene-specific primers for osteopontin (OPN), col-
lagen I, osteocalcin (OCN), Runx2, and housekeeping gene GAPDH
were designed based on previous reports [30] and synthesized com-
mercially (MWG-Biotech AG Ltd., India). Relative expression levels for
each target gene were normalized by the Ct value of the housekeeping
GAPDH gene using an identical procedure (2−ΔΔCt formula, Perkin
Elmer User Bulletin s ≠ 2). Each sample was analysed in triplicate.

2.6.7. Mineralization assay by ARS staining
Alizarin Red-S (ARS) staining was used to detect and quantify mi-

neralization. ARS is a dye which binds calcium salts selectively and is
widely used for calcium mineral histochemistry. Growth factors loaded
samples with MG-63 cells (constructs) were washed three times in PBS
and fixed in ice cold 70% ethanol for 1 h. These constructs were washed
three times with distilled water and stained with ARS (40 mM) for
20 min. at room temperature. After several washes with distilled water,
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these constructs were observed under optical microscope and the stain
was desorbed with the use of 10%-cetylpyridinium chloride for 1 h. The
dye was collected and absorbance read at 540 nm in microplate reader.

2.6.8. Statistics
Mean ± standard deviation (SD) data of samples in triplicate

(n = 3) have been presented. Statistical comparison for different
samples was shown using one way analysis of variance (ANOVA).
Significant differences were presented as *** p < 0.001; ** p < 0.01;
* p < 0.05. Cases where ANOVA gave significant difference, sub-
sequent Tukey's Honest Significant Difference (HSD) method has been
adopted.

3. Results and discussions

In the present investigation, the main objective was to coat bio-inert
E-glass fibers with materials having better corrosion properties than
commonly used ceramics. Thus, HAp was selected as a coating material
and as a first step, a coating was successfully developed for the first
time on e-glass coupons aiming better implant-bone interaction on the
substrate with high mechanical strength.

3.1. Characterization of the coating

Reaction of Ca(NO3)2·4H2O with P2O5 in ethanol results in the
formation of a translucent gel, which is a mixture of amorphous HAp,
calcium nitrate and xCaO.y[POm+1(OH)n(OEt)o] (x and y: arbitrary,
2 m + n + o = 3) [31]. The gel was used for coating only after 2 h
from termination of mixing, as its viscosity remains low initially. To get
the desired phase, crystallinity and pore size, the coated substrates were
sintered at 850 °C. Optical microscope images after sintering showed
micro-cracks on top of the coatings due to thermal-expansion co-effi-
cient mismatch between e-glass (5.4 × 10−6/°C at 25 °C) and HAp
(14.75 × 10−6/°C at 25 °C for HAp) [32].

XRD studies (Fig. 1a) of coated substrate confirmed the presence of
only hydroxyapatite phase. The major diffraction peaks found at 31.67°,
32.83°, and 25.79° 2θ matched well with the standard peaks of pure
hydroxyapatite crystals as in JCPDS PDF #09–0432 data card. Hence
the peaks can be indexed as those of the HAp having hexagonal crystal
structure with space group P63/m [26]. The average crystallite size
calculated from Debye-Scherrer equation was found to be 26 ± 3 nm.
The slight expansion of lattice parameters with respect to the standard
values has also been observed. The “a/b” axis of the hexagonal crystal
expanded from 9.432 Å to 9.4484 Å and “c” axis expanded from
6.881 Å to 6.907 Å. Accordingly, the unit cell volume of the crystal
structure was also increased from 530 Å3 (standard hydroxyapatite) to
534.02 Å3hinting at some effects of thermal stress. The Percentage of
crystallinity calculated by using Landi's et al. method [33] was found to
be moderately high (~89%) on top surface which is desirable for in vitro

or in vivo dissolution with time. A small hump at 30.46° 2θ was due to
the presence of β-TCP phase as impurity. As expected, there was no
crystalline peak in the bare substrate (Fig. 1a-i), and typical amorphous
nature of e-glass was noticed.

The FTIR (Fig. 1b) spectrum of the coating showed four typical vi-
brational modes of PO4

3− (ν1, ν2, ν3 and ν4) which are found to be
present at 962 cm−1, 472 cm−1, 1047/1089 cm−1 and 603 cm−1, re-
spectively. The peak at 962 cm−1 (ν1) corresponds to non-degenerate
symmetry stretching of PeO bond in the PO4

3− group and the peak at
472 cm−1 (ν2) is the doubly degenerate phosphate bending mode [34].
The stretching vibration modes of PO4

3− (ν3) group were reflected at
1047 cm−1 and 1089 cm−1. Another peak at 603 cm−1 states the
presence of triply degenerate O-P-O bending (ν4). The peaks at
635 cm−1 and 3572 cm−1 reflect the vibrational and intramolecular-
stretching-vibrational mode of hydroxyapatite phase. Especially OH−

peak at 3572 cm−1 and PO4
3− peak at 962 cm−1 indicate highly

crystalline nature of the coating corroborating the findings of XRD [35].
Raman spectrum (Fig. 1c) acquired from the top coated surface showed
characteristic peak of PO4

3− (ν1) at 961 cm−1 which confirms the HAp
phase. There were also two doubly degenerate bending mode (ν2) at
429 and 445 cm−1 (PeO bond), four triply degenerate asymmetric
stretching mode (ν3) at 1030, 1046, 1054 and 1076 cm−1 (PeO bond),
and four triply degenerate bending mode (ν4) at 582, 594, 610 and
620 cm−1 (O-P-O bond) of phosphate groups present [36]. All bands
are characteristically assigned to internal vibrational modes of the
phosphate groups.

The FESEM images of the coated top surface after sintering (Fig. 2a)
showed mainly rod-like morphology of HAp crystallites with diameters
200–300 nm and lengths between 1 and 1.5 μm. Some plate-like
morphologies with irregular surface were also observed. HAp crystal-
lites were also found on the crack regions acting as bridge which in-
dicates the coating coverage of the substrate surface. FESEM imaging
carried out at interface (Fig. 2b) showed no interfacial gap between
substrate and coating and the coating thickness was approximately
10 μm. There was no microstructural feature at the cross-section in-
dicating dense structure.

Further detailed study on the cross-section of microstructure using
TEM (Fig. 3a–c) showed interconnectivity of pores with diameters of
about 300–500 nm, along with certain agglomeration of crystals. The
population density of HAp crystals was found to decrease with a slight
increase in crystal size towards periphery of coating layer which is also
a reason behind the occurrence of cracks at the surface of coating. With
decreasing HAp crystal density, interconnectivity of pores increased
along the outer region which were considered to be important, as they
acted as path channels for supply of micronutrients and removal of cell
excretions required for tissue in-growth in the scaffold [37]. Interface
study confirmed firm apposition and close contact of coating with the
substrate. Line scan EDX showed (Fig. 3d–e) clear demarcation of
phases from substrate to coating, also showing absence of interfacial

Fig. 1. (a) XRD patterns [along with bare e-glass substrate (i)], (b) FTIR and (c) Raman spectra acquired from the top coated surface.
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gap. Ca/P ratio was calculated and found to be ~1.67, which also
confirms the purity of the hydroxyapatite phase and thus conforms with
the XRD and FTIR analyses. The SAED patterns (Fig. 3f) of HAp layer
showed clear electron diffraction rings of pure crystalline hydro-
xyapatite phase, for which d = 2.81 Å and d = 3.44 Å correspond to
the (211) and the (002) crystallographic planes respectively, of hex-
agonal hydroxyapatite, which was also found to be in good agreement
with the XRD findings.

3.2. SBF immersion study (static and quasi-dynamic)

Kinetic SBF study depends on two main factors, dissolution and
deposition of ions. These mechanisms in turn depend on the differences
of ionic concentration between the sample and the solution in which
the former is immersed [38]. Both dissolution and deposition processes

take place simultaneously at different rates. XRD patterns of coated
samples after 7 days of static bioactivity study (Fig. 4a-i) indicated the
formation of calcium phosphate hydroxide [Ca10(PO4)6(OH)2] (mat-
ched with JCPDS PDF #00-054-0022) and calcium carbonate (matched
with JCPDS PDF #00-029-0305) with relative percentage of phases
being 32.7% and 67.3%, respectively. High percentage of calcium
carbonate is due to a higher rate of calcium deposition than its dis-
solution. The higher deposition of calcium carbonate can be explained
by solubility products of calcium carbonate and calcium phosphate
hydroxide. This phenomenon is possible only if the solubility product of
calcium carbonate is higher than the solubility product of calcium
phosphate hydroxide. After 14 days of immersion (Fig. 4a-ii), due to
high rate of phosphate deposition, more hydroxyapatite formed (ap-
prox. 69.1%) (matched with JCPDS PDF #04-014-8416) with about
30.1% calcium carbonate. Calcium carbonate may accelerate

Fig. 2. FESEM microstructure of (a) top coated surface and (b) cross-sectional image showing the interface.

Fig. 3. Cross-sectional TEM images of coated e-glass taken at different regions showing the micro/nano-structural features of the coating's depth and the interface
(a–c), EDX line scan (d and e) and SAED pattern (f).
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interaction between implant and body fluid as blood plasma also con-
tains Ca2+ and CO3

2− ions, hence creating a resemblance between the
host and foreign body.

In quasi-dynamic study, deposition or dissolution process cannot be
completed when the reacting SBF was replaced with fresh volume of
SBF, which increased the difference in the ionic concentrations of the
solution and the sample. Therefore, the characteristic peaks of hydro-
xyapatite (matched with JCPDS PDF #01-086-0740) were seen after
7 days (Fig. 4b-i), however, with time due to the increased difference in
the ionic concentrations, the deposition rate increased. After 14 days of
quasi-dynamic study (Fig. 4b-ii), the x-ray diffraction peaks of carbo-
nated hydroxyapatite phase (matched with JCPDS PDF #00-019-0272)
was seen. This phase might form due to A-type substitution (i.e., car-
bonate replacing a hydroxyl group) or B-type substitution (i.e., carbo-
nate replacing phosphate group) or both [39].

FTIR spectrum supports the above findings, where the coated e-glass
substrates after 7 and 14 days of static SBF study (Fig. 5a-i and ii)
showed a decrease in PO4

3− peaks at 958 cm−1and CO3
2− peaks at

873 cm−1 (related to hydroxyapatite). The presence of carbonate group
could be confirmed by the peak at 2347 cm−1 [35]. In addition, the
decrease in peak intensity hints at a reduction in the amount of calcium
carbonate phase from day 7 to 14, which corroborates with the XRD
findings. The sharp peak of structural –OH group at 3572 cm−1 could
not be found after SBF study, which implies that the A-type substitution

by carbonate group (replacing hydroxyl group) was more prevalent
[39]. The peaks representing PeO vibrations at ν2 bending
(~472 cm−1), ν4 bending (~603 cm−1), ν3 (asymmetric stretching
around ~1033–1067 cm−1) indicated the presence of calcium phos-
phate hydroxide formation on day 7. A similar trend was noticed on day
14 as well. When subjected to quasi-dynamic SBF study (shown in
Fig. 5b-i and ii), a similar reaction behaviour as that of static SBF study
(with similar peaks as just mentioned) was observed. The characteristic
apatite PO4

3−peakswere noticed at 560, 603 and 635 cm−1, while the
peak at575 cm−1appeared for crystallites of small size [40]. The in-
creasing intensity of CO3

2− peak around 1428 cm−1 after 14 days of
the quasi-dynamic SBF study, indicates A-type substitution of carbonate
group (i.e., carbonate replacing a hydroxyl group) [39].

Microstructures of top surface of the samples after static SBF study
are shown in Fig. 6a and b after 7 and 14 days, respectively. After
7 days (Fig. 6a), dissolution phenomena were dominant so that the
needle-like structure of coated sample was missing, with concomitant
deposition of calcium carbonate crystals at microcrack regions. As the
solubility product of calcium carbonate is higher, it will capture nu-
cleation sites faster than others and the cracks/edges are most favour-
able sites for crystal growth. Such transformed crystal structures on the
top surface signifies prominence of calcium carbonate phase over cal-
cium phosphate hydroxide phase, and was also confirmed from XRD
(Fig. 4a-i) and FTIR (Fig. 5a-i). The calculated molar ratio of Ca/P from

Fig. 4. XRD patterns acquired from the top surface after 7 and 14 days of (a) static and (b) quasi-dynamic SBF study [after (i) 7 and (ii) 14 days]
[H = hydroxyapaptite, H1 = calcium phosphate hydroxide and C = calcium carbonate].

Fig. 5. FTIR spectra of the top surface after 7 and 14 days of (a) static and (b) quasi-dynamic SBF study [after (i) 7 and (ii) 14 days].
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EDX data of corresponding sample was 1.4, which is the indication of
non-stoichiometry [37,41]. After 14 days (Fig. 6b), fresh deposition of
HAp crystals could be seen on top surface. The deposits appeared as
densely populated with pores of variable dimensions, spread
throughout the surface and contained cracks as well. The Ca/P molar
ratio after 14 days was found to be 1.67 as calculated from EDX data. In
case of quasi-dynamic SBF study, FESEM microstructure depicted a
layer of apatite on the top surface of the samples after 7 days (Fig. 6c)
and 14 days (Fig. 6d). For day 14, the thickness of the layer increased.
Ca/P molar ratio after 7 days was 1.667 which signified the formation
of hydroxyapatite phase whereas, after day 14, the ratio became ~1.87,
which was the indication of carbonated-hydroxyapatite phase forma-
tion, as was also observed in XRD (Fig. 4b-ii).

TEM (Fig. 7a–e) studies revealed the formation of dense calcium
phosphate hydroxide nanocrystals after 7 days of static SBF study

(Fig. 7a-inset). Apatite formation on top of the coating was found not to
be in a colonised manner; rather it covered the coating surface. The
absence of any interfacial gap indicates high biocompatibility and good
availability of nucleation sites of the sample. Crystals could also be seen
inside surface pores which act as anchor point, and can contribute in
favour of increasing the adherence of the apatite layer. In lower mag-
nification (Fig. 7b) imaging, bigger calcium carbonate nanocrystals can
be seen, but with less density. EDX (Fig. 7c–d) data supported the ex-
istence of the calcium carbonate nanocrystals, by showing different
calcium and oxygen ion concentrations at different regions of the
coating section. These calcium carbonate nanocrystals are indicated by
arrow-heads in the dark-field TEM image (Fig. 7b). The regions with
higher concentration of carbon and oxygen represent the calcium car-
bonate crystal filled region and the rest is covered with calcium phos-
phate hydroxide. SAED pattern (Fig. 7e-inset) showed clear diffraction

Fig. 6. Microstructure of top surface after static (a – 7 days and b – 14 days) and quasi-dynamic (c – 7 days and d – 14 days) SBF studies.

Fig. 7. TEM images of different regions after 7 days of static SBF studies; microstructure (a and the inset, b), EDX (c and d) and HRTEM showing crystalline fringes
along with SAED pattern in the inset (e).
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rings of crystalline calcium phosphate hydroxide of d = 2.72 Å corre-
sponding to the (300) crystallographic plane.

After 14 days of static bioactivity study (Fig. 8a–b), extensive apa-
tite deposition almost completely covering the pores of the coating was
found on the outer surface. Nucleation of elongated HAP nanocrystals
were seen along the periphery of the pores, and this is also the primary
stage of crystal growth. Crystal growth is a thermodynamically con-
trolled process, in which the guest crystals use host crystal surface as
nucleation sites, or template, for deposition of their own phase [42]. In
this case, crystals were found to be more orderly arranged than the 7-
day sample which indicates settling and maturation of the crystals with
time. EDX (Fig. 8c–d) showed homogeneity in concentrations of Ca and
P ions in different regions proving the formation of HAp in higher
percentage to be the major phase, which is also in agreement with the
XRD analysis. The SAED pattern (Fig. 8e) depicted highly crystalline
nature of the coating as strong diffraction rings could be observed
clearly. The most prominent diffraction ring corresponds to a “d-spa-
cing” of 2.794 Å representing the (211) crystallographic plane of pure
HAp.

In quasi-dynamic SBF study, the TEM images (Fig. 9 a,b and c,d)
showed moderate crystallinity near the surface of coating after 7 and
14 days which could be corroborated by the SAED patterns of the re-
spective samples. After 7 days, a crystalline layer composed of hydro-
xyapatite crystals covered the surface of HAp coated sample. However,
initially after day 7, the arrangement of crystals was found to be ran-
domly oriented, indicating the effect of daily replacement of fresh SBF.
After 14 days, the population of the crystals were increased which is
due to the daily layer by layer deposition of apatite. Also, the crystals
were found to be smaller than those of static SBF study as they get less
time to complete their crystallization process.

Ca and P ions of the supernatant liquid were analysed by ICP-AES
after static and quasi-dynamic SBF study collected at day 7 and 14 and
are given in Fig. 10a and b respectively. Static SBF study (Fig. 10a)
showed a decrease in concentration of both calcium and phosphate ions
after 7 days. This was due to the deposition of ions on the surface of
coated samples, leading to the formation of calcium carbonate crystals
as well. After 14 days, a slight increase in calcium and phosphate ions
helped in decreasing calcium carbonate concentration and changing of
phase from calcium phosphate hydroxide to HAp. The supernatant fluid
after quasi-dynamic SBF study (Fig. 10b) showed a series of small
changes in calcium and phosphate ion concentrations leading to var-
iation in Ca/P molar ratio and ultimately resulting in different CaP
phase/s in XRD.

From load-displacement curves, Young's modulus (E) and hardness
(H) were calculated based on Oliver and Pharr method [43]. When
indenter is pressed against sample, elastic and plastic deformation oc-
curs simultaneously, resulting impression conforming indenter shape.

During unloading, displacement recovered for elastic, eventually pro-
viding elastic solution for modeling contact process. H is defined as
indentation load divided by projected contact area (measured from
contact depth from load-displacement curve). Thus it's the mean pres-
sure which a material can support under load. E, on the other hand, can
be calculated from initial unloading contact stiffness or the initial slope
of unloading curve. We have calculated the parameters for both coated
e-glass substrates (CEG) and after 7 and 14 days immersion under static
(7d-s and 14d-s) and quasi-dynamic (7d-Q and 14d-Q) condition and
are shown in Table 1. It has been found that both H and E of HAp
coating on e-glass substrates were increased after static and QD studies.
The effect is more pronounced for static SBF immersion as there is no
fresh replenishment each day like QD process. Significant kinetic en-
hancement of H and E for static samples was due to more ordered
crystalline deposition of apatites after 14 days, thus corroborating the
findings of TEM. Significant increase of H and E after 7 days of QD
study was due to uniform apatite crystal formation on top which be-
came disordered after day 14 owing to daily change of fresh buffer and
hence decrement of E and close values of H.

3.3. In vitro biocompatibility studies

3.3.1. Cell viability, proliferation assay and alkaline phosphatase assay
(ALP)

Cell viability (by MTT), proliferation (by Alamar blue assay) and
ALP expression of MG-63 on bare and coated e-glass samples were
measured on days 5, 7, 14 and 21. Maximum cell viability was recorded
for coated e-glass after 21 days of cell culture (statistically significant
**p < 0.01, ***p < 0.001) (Fig. 11a). Leachates obtained after 7 and
14 days showed noticeable difference of cell viability between the
control and the sample (Fig. 11a). Maximum cell proliferation in Ala-
marBlue™ test was recorded for coated e-glass after day 21 (statistically
significant, *p < 0.05, ***p < 0.001) (Fig. 11b). Starting from initial
days, the HAp coated e-glass sample was found to be way more prone
towards cell proliferation than being under control. This can be justified
by the fact that the HAp coated surface exhibits a greater availability of
potentially colonisable space by the grown osteoblasts, which once at-
tached, can spread at a higher rate than the control. Another crucial
factor for the cell to adhere and increase cellular activity is the ad-
sorption of protein on the surfaces, which are abundant in case of HAp
coated samples due to its interconnected porous structure [44] MTT
and Alamar blue result supported each other's interpretation that both
samples do not have any associated cytotoxicity. ALP expression in-
dicates surface activity of the sample towards bone mineralization. ALP
occurs at very early stages of osteogenesis and hydrolyses of the organic
phosphates releasing phosphorus ions, which are important for the
process of extracellular matrix mineralization. High ALP expression of

Fig. 8. TEM images of different regions after 14 days of static SBF studies; microstructure (a and b), EDX (c and d) and SAED pattern (e).
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the coated sample shows higher activity, which is beneficial to the
collagen fiber synthesis, formation of calcium nodules, and the ma-
turation of bone mineralization. It also increases with the maturation of
osteoblasts [45,46]. Maximum ALP expression was recorded for coated
samples after 21 days of cell culture (statistically significant,
**p < 0.01, ***p < 0.001) (Fig. 11c) that clearly indicates the non-
cytotoxicity as well as the bioactivity of the coated samples.

ARS staining helps to measure the mineral content of the sample
which is important for apatite formation on the surface. Calcium (Ca2+)
deposition was measured on day 14 and 21 (Fig. 11d). Maximum Ca2+

deposition was recorded for coated e-glass substrates after 21 days of
cell culture (statistically significant, **p < 0.01, ***p < 0.001).

3.3.2. Cell morphology within the samples by laser confocal microscopy
Cell morphology on bare and coated e-glass samples are given in

Fig. 12a and b respectively. Maximum number of cells was present in

Fig. 9. TEM images of different regions after 7 and 14 days of quasi-dynamic SBF studies; (a, b and c) microstructure and SAED pattern after 7 days and (d, e and f)
microstructure and SAED pattern after 14 days.

Fig. 10. Concentration of different ions of supernatant in (a) static and (b) quasi-dynamic SBF study at day 7 and 14.

Table 1
Nano indentation values of H and E of different samples.

Sample H (GPa) E (GPa)

CEG 0.05 ± 0.01 2.46 ± 0.7
7d-s 0.16 ± 0.07 11.9 ± 2.2
14d-s 1.57 ± 0.14 32.9 ± 2.4
7d-Q 0.37 ± 0.07 33.1 ± 5.7
14d-Q 0.37 ± 0.07 24.3 ± 5.3
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Fig. 11. Response of osteoblast like cells (MG-63) seeded on e-glass substrate and coated surfaces, cultured for 21 days at 37 °C and 5% CO2 humidified atmosphere;
(a) viability (b) proliferation of cells and (c) alkaline phosphatase (ALP) activity, (d) quantification of mineral deposition using ARS staining. *** p < 0.001, **
p < 0.01 and * p < 0.05, n = 3 at each time point.

Fig. 12. Cytoskeletal actin organization and distribution of MG-63 cells grown on (a) e-glass substrate and (b) coated surface at day 7.
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coated e-glass compared to the bare substrate. For coated samples, actin
covers the entire surface, forming neo matrix and penetrated into the
sample, due to the porous nature of the coating. Since cell cytoskeleton
organization is important for cell attachment and morphology, the actin
filaments were stained using Alexa Fluor® 488 (green), nuclei were
stained with Hoechst 33342 (blue) and examined under confocal at
20× [47]. 3D constructs were Z-scanned during confocal microscopy to
examine cell growth upon different layers. Scans across multiple layers
were then merged into the final image. The images showed extensive
and uniform distribution of the actin filaments on coated e-glass.
However, for bare e-glass, actin distribution was sparse and isolated to
be present just around the cell nuclei.

3.3.3. Gene expression by real time RT-PCR
Gene expression involved in bone mineralization and maturation in

the osteoblastic cells was analysed when in contact with the materials.
Osteogenesis process evolves proteins such as osteopontin (OPN), os-
teocalcin (OCN), collagen type I (COLeI) and RUNX-2. In the early
stages of osteoblastic development and mineralization, OPN is secreted,

and acts by binding with the organic and inorganic phase to promote
tissue adhesion. OPN gene expression is also associated with increased
cell adhesion [48]. Variations in mRNA expression levels of bone spe-
cific (OCN, OPN, RUNX2 and COLI) markers were detected (Fig. 13a–d)
in each sample, when the samples (n = 3) were averaged and nor-
malized against the housekeeping gene (GAPDH). Coated e-glass
showed significantly higher level of gene expression of markers such as
OPN and OCN than control (bare e-glass), indicating an advanced dif-
ferentiation process, osteoblastic maturation and bone mineralization.

In vitro biocompatibility evaluation, a basic biological test for bio-
materials plays a significant role to assess cell/biomaterial interactions.
A prerequisite step in the process of cell-material surface interactions is
the attachment of dependent cells, which in turn can influence ensuing
cellular and tissue responses [49]. The E-glass is known to be bio-inert,
chemically durable, strong with high mechanical strength, and can be
used as an implant when composed with other bioactive materials. HAp
is classified as osteoconductive, because it supports new bone growth
on the implant along bone-implant interface. Hence, e-glass can hold
the mechanical integrity of the sample, while HAp provides the

Fig. 13. Levels of mRNA for osteogenic specific genes ((a) Runx2, (b) OPN, (c) OCN and (d) COLI) of MG-63 cultured on e-glass substrate and coated surface for
3 weeks. *** p < 0.001, ** p < 0.01 and * p < 0.05, data are presented as mean ± SD, n = 3.
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necessary ingredients for bone regeneration.
Since a categorical attribute of osteoblasts is mineralization as os-

teogenesis matures, ALP activity and ARS mineralization assay are used
to quantify such mineralization upon implants [50]. Substantial levels
of mineralization lead to cells having an orderly, sheet-like structure.
Increasing ALP activity over the culture duration, intensity of Alizarin
Red staining, and confocal images that show stressed actin arrangement
of cells upon the implants. Encouraging results were found for samples
particularly with HAp coated e-glass compared to bare e-glass. Simi-
larly, the images from confocal laser microscopy show random actin-
stress fibers along with dense cell colony deposits across the coated
implant and to a slightly less extent on the bare implant. Effective ad-
herence of cells onto implants leads to formation of ordered ECM [50]
and the presence of ECM is a requirement for successful tissue re-
construction. Nano-scaled structure of HAp conceivably contributes to
the favourable cyto-compatibility of the implants. Progression of cell
proliferation from Day 7 to Day 14 is a little slow for all the implants
[Fig. 11(b)]. This slightly restricted progress may be ascribed to the
cells requiring some time to adjust and adapt to the 3D matrix upon
being transferred from the 2D cultures [50].

Overall, the in vitro analyses show that the HAp coated e-glass leads
to significant improvement of implant properties in terms of bio-
compatibility, cell viability and proliferation, osteoinductivity and os-
teoconductivity. HAp coating of e-glass can potentially be utilized in
fabrication of durable bioactive non-metallic implants and tissue en-
gineering scaffolds.

4. Conclusion

In the present study, the feasibility and advantages of using HAp
coated e-glass as component of bone implants were assessed. The syn-
thesized coatings were found to be purely hydroxyapatite from XRD
with graded and interconnected pores all over the surface observable in
TEM. The interconnected porous nature of ceramics are found to in-
crease bioactivity by acting to up-regulate the process of osseointe-
gration through enhanced nutrient transfer and induction of angio-
genesis. From TEM studies, the pores were found to be bigger around
periphery whereas tinier adjacent to substrate, which is also considered
to be appropriate for nutrient supply without compromising the
strength of sample while in contact with physiological fluid. After SBF
immersion test, the porous surface was found to be useful for nucleation
of the apatite crystals, hence increasing the feasibility and bioactivity of
the sample. However, our quasi-dynamic study showed less crystal-
lization but had significant formation of apatite layer. Overall, the in
vitro analyses show that HAp coated e-glass leads to significant im-
provement of implant properties in terms of biocompatibility, cell
viability and proliferation, osteoinductivity and osteoconductivity. HAp
coating of e-glass can potentially be utilized in fabricating durable
bioactive non-metallic implants and tissue engineering scaffolds. These
results indicate the successful development of a new generation of
glass/ceramic bone implant with both bioactivity (improved bone-im-
plant interaction) and strong mechanical strength, and can be applied
in loading bearing application areas.

5. Statement of significance

To reconstruct the defects caused by craniectomies autologous, bone
grafting was usually used, but they failed most commonly due to bone
resorption, infections and donor-site morbidity. In the present in-
vestigation, an effort has been made for the first time to develop nano-
porous hydroxyapatite (HAp) coating on bio-inert e-glass substrate
which obviates leaching of the base glass network former/ modifier and
also reduce the lack of mechanical strength with time. Sol-gel synthesis
method was adopted for HAp and freeze-drying method to develop a
coating on e-glass substrates/ coupons. After thorough characterization
samples were evaluated for static and quasi-dynamic SBF immersion up

to 14 days. In vitro biocompatibility studies [including cell culture,
viability, proliferation by Alamar blue assay, Alkaline Phosphatase
assay (ALP), morphology, gene expression by real-time RT-PCR and
mineralization assay by ARS staining] was carried out thereafter using
MG-63 cell line. Interconnected porous nature of ceramics is found to
increase bioactivity by acting to up-regulate the process of osseointe-
gration through enhanced nutrient transfer and induction of angio-
genesis. According to the TEM observation, pores were found to be
bigger around periphery whereas tinier adjacent to the substrate, which
is also considered to be appropriate for nutrient supply without com-
promising the strength of sample while in contact with the physiolo-
gical fluid. The SBF immersion test indicated that porous surface was
useful for nucleation of apatite crystals (a primary requirement of bone
reconstruction in vivo), hence increasing the feasibility and bioactivity
of the samples. However, the quasi-dynamic study showed less crys-
tallization but a significant formation of apatite layer. Overall, in vitro
analyses show that HAp coated e-glass leads to significant improvement
of implant properties in terms of biocompatibility, cell viability, and
proliferation, osteoinductivity, and osteoconductivity.
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ABSTRACT
Throughout the world, research has been carried out in development of new methods
and materials involving multidisciplinary approach for effective bone tissue repair
and regeneration. Amid various biomaterials, bioactive glass material has drawn
considerable attention due to their superior biocompatibility, degradability, ion leaching
phenomena and propagation of osteogenic cells. In this concise review, effort has
been made to summarize different material combinations available as composition
to elaborate their biological properties both in vitro and in vivo, reaction kinetics in
simulated body fluid, effect of different constituents of bioactive glass and glass-
ceramic compositions, porosity, etc and finally these materials’ applications as bone
graft substitutes and various clinical applications have been detailed. In this review
an attempt has been made to sum up the recent advancement of different bioactive
glass and composite materials for osteoconductivity and osteoinductivity in
orthopaedic surgical challenges.
[Keywords: Bioactive glass, Bioglass®, Osteoconductivity, Osteoinductivity,
Hydroxycarbonate apatite, 45S5, S53P4, Bone graft]

Introduction
For effective bone tissue repair and regeneration

research has been carried out in designing of new
materials involving multidisciplinary approach. Numerous
scaffold systems for bone tissue engineering have been
introduced with novelty in scaffolds’ design, drug and
protein growth factors impregnation, mechanical strength
and neo bone forming ability, etc. Nonetheless, autograft
has still no alternative way for bone tissue repair. Autografts
fail to meet in general medical requirement for orthopaedic
implants. Alternative sources of allograft and xenograft are
detrimental as may cause disease transmission and
immune rejection. Accordingly, synthetic material plays a
crucial role to meet the vast demand, apart from its
limitations of strength, properties of osteoconduction,
osteoinduction, osseointegration and biodegradation. To
overcome such drawbacks, current research has been
paying attention on improvement of newer biomaterials,
enhanced alteration of structural and mechanical
properties, performance enhancement of biocompatibility,

osteoinductivity and addition of osteogenic cells onto
scaffolds to trigger bone renewal.

During bone healing, extracellular matrix (ECM)
containing collagen f ibre and mineralized calcium
phosphate is released from osteoblasts.1, 2 A biomaterial
scaffold having three-dimensional (3D) fibrous structure
mimicking the ECM is prerequisite for successful bone
regeneration in non load bearing defects.3–5 Moreover, the
scaffolds should not show any inf lammatory or
immunogenic reaction, be bioactive (ability to bond with
bone) and bioresorbable, permit new bone formation, be
cost effective, easily sterilizable, have optimal mechanical
properties6–9 and controllable interconnected porosity with
pore diameter of no less than 100 m (allow cells to grow
within pores and angiogenesis).10–12

In bone tissue engineering, a number of biomaterials
are presently being used as bone graft alternatives that
include bioceramics, magnesium phosphate, sulfate,
carbonate, calcium silicate and collagen. Some other
materials, like metal alloys (titanium, cobalt-chrome),
ceramics (zirconia, alumina), are also being used for the
same purpose, but having the drawbacks of resorbability
and impaired osseointegration at the bone-implant
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interface. However, synthetic biodegradable polymers, like
polycaprolactone (PCL), polyethylene glycol (PEG) and
polylactic-co-glycolic acid (PLGA), show positive
interaction with cells without any deleterious effects in body
system.13, 14

Amid various biomaterials, bioactive glass material has
drawn considerable attention due to their superior
biocompatibility, degradability, ion leaching phenomena,
enhancing the adhesion and production of osteogenic
cells.15, 16 Mechanism of ion leaching includes exchange
of monovalent cations (Na+ or K+, with H3O+) from glass,
increase in pH of solution as a consequence which enables
osteoblast synthesis subsequently.17, 18 The macroporous
structure with large surface areas of bioactive glass favours
bone bonding.

Pores of bioactive glass are also advantageous for
resorption and bioactivity19 with nearly ten times more
strength than the contact osteogenesis.20 High modulus
and brittle nature limits its potential widespread application
and thus used widely as coating of metal implants which
forms calcium-deficient carbonated calcium phosphates
with time.

The aim of this review is to summarize the current
advancement of different bioactive glass and glass-
ceramic materials for osteoconductivity and
osteoinductivity in orthopaedic surgical challenges.

Bioactive Glass Materials
Prof. L. L. Hench discovered (in the year 1969) that

various compositions of glasses, when implanted to living
tissues, could bond chemically with bone.21–43 These
‘bioactive glasses’, since discovery, have mostly been used
as bone substitutes for repair of damaged tissues;31, 44

certain compositions of the same formed bond with soft
tissues and bone as well.40, 41, 45 Kinetic modification of
surfaces when implanted in vivo,26, 29 and formation of
hydroxycarbonate apatite (HCA) on top leading to bonding
at interface with tissues are some of very interesting
characteristics of these bioactive glasses. An interface is
developed between materials and tissues that oppose
considerable mechanical forces. Faster surface reaction
leads to faster bonding with living tissues, however, with
low mechanical properties.

To make the glass surface with enhanced surface
reactivity in contact with physiological fluids, high amounts
of CaO and Na2O are added (with relatively high
CaO/P2O5 ratio).46 Bioactive glasses with no Na or with
novel dopants have also been developed over last few
years which include f luorine,47 magnesium,48, 49

strontium,50–52 iron,53 silver,54–57 boron,58–61 potassium62 or
zinc.63, 64 Ag2O impregnated bioactive glass compositions
reduce microbials due to antimicrobial efficacy of Ag+

ions.56, 65 Texture of the matrix could be tailored by using
sol-gel method to obtain controlled Ag+ delivery. B2O3 in
CaO-SiO2 system enhances bioactivity due to presence
of more soluble boric compounds, leading to
supersaturation of Ca2+ ions of SBF (simulated body fluid)

and thus Si-OH groups of borosilicate glass helped apatite
formations as it acted as nucleation sites.66 Moreover, zinc
addition helps in better cell attachment by maintaining the
pH of SBF solution as well as causes osteoblast
proliferation. Figure 1 shows Na2O-CaO-P2O5-SiO2 glass
composition (constant 6 wt% of P2O5) dependence for hard
and soft-tissue bonding. Region A is the bioactive-bone
bonding boundary, composition of which forms bond with
bone. Region B (e.g. composition of those silica glasses
have applications including window, bottle or slides of
microscope) behaves almost inert and forms fibrous
morphology at implant-tissue interface. Region C
compositions are resorbable, which, within a day
disappears when implanted. Region D is not practical
technically and not tested in vivo. Collagen part of soft-
tissues usually adheres strongly in case of glass
compositions shown in region E (Fig. 1).

Fig. 1 – Na2O-CaO-P2O5-SiO2 based bioactive glass and glass-
ceramics compositions and their influence on hard and soft
tissue bonding; Region A has constant 6 wt% P2O5 composition,
soft tissue bonding at region E is inside dashed line with
bioactivity index (level of bioactivity of a material related to the
time with >50% of interface bonded) IB>8 [*: 45S5 Bioglass®,
: Ceravital®, : 55S4.3 Bioglass®, (....): soft-tissue bonding;
IB=100/t0.5bb, where t0.5bb is the time with more than 50% of implant
surface bonded to surrounding bone29,46]
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Melt-quench is still the most popular method to develop
bioactive glasses67–73 followed by sol-gel method.74, 75 In
the sol-gel method, metal-organic and metal-salt
precursors are used for sol preparation first, followed by
gel formation with time which includes completion of
reaction and/or aggregation and finally heat treatment with
stepwise drying, removal of organics and crystallization.76

It is a low temperature phenomenon for development of
porous glasses with high specific surface area.77 Recently,
both micron and nano-scale particles have been developed
as a part of this application57, 78, 79 including, combining
biodegradable polymers and bioactive glass.80–85 Bioactive
glass-ceramics having both osteoconduction and
osteoinduction properties are classified as Class A
bioactive materials44, 71, 86, 87 and only osteoconductivity
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as Class B materials. Bioactive glass, if heated above its
crystallization temperature (610o-630oC), produces
bioactive glass-ceramics71, 78, 88, 89 and during the heating
process, parent glass shrinks, porosity reduces and
mechanical strength increases.87 However, bioactive
glasses are not being used presently as an alternative to
load-bearing implants owing to their limited strength and
low fracture toughness,44, 87, 88, 90 and thus, it still remains
an orthopaedic challenge.91, 92

Reaction Kinetics
Bioactive glass, when comes in contact with simulated

body fluid (SBF) or tris buffer saline (TBS), following
simultaneous reactions occur20, 46, 86, 93–95 (Fig. 2):
1) Exchange of H+ or H3O+ with alkali or alkaline earths

of glass network with interfacial pH typically more than
7.4.

2) Local release of silicic acid [Si(OH)4] by actions of
hydroxyl ions with -Si-O-Si-O-Si-. For glasses with
>60% silica content, dissolution rate decreases with
increase of bridging oxygens of such glasses.
Subsequently, there is structural rearrangements of
Si-OH by polycondensation and silica rich gel.

3) Formation and precipitation of amorphous calcium-
phosphate rich layer came from glass and solution and
further crystallization to carbonated hydroxyapatite
(HCA).
Hydrated silica actually helps for growth of HCA and it

is almost established that above reaction mechanisms are
neither dependent on presence of living tissues nor in vivo
conditions and can occur in contact with water as well.
However, subsequent bond with surrounding tissues
depends on the following:
1) Attachments of biological substance on HCA-SiO2 layer
2) Activity of macrophages or phagocytes
3) Stem cell attachment

Fig. 2 – Typical reaction kinetics for forming bond between bone and bioactive glass86, 95

4) Differentiation
5) Cell matrix formation and
6) Mineralization

To study the silicate glasses, which is considered to
be an inorganic silicon ‘polymer’ cross-linked by oxygen,
elucidation of network connectivity or cross-link density is
vital.96 Network connectivity refers average number of
additional cross-linking bonds (essentially more than two)
other than oxygen, which forms network anchor. This is
based on comparative number of network-forming oxides
(bridging oxygens) and network-modifiers (non-bridging
oxygens).97 The network connectivity of a glass can dictate
various physical properties including its solubility.98 Silicate
network formers with low network connectivity (low
molecular mass as well) are potentially bioactive owing to
their ease to go into solution and increased solubility.97

Glass properties have also been determined by
substitution of sodium oxide for calcium oxide.99  The basis
of bioactive glass systems should be mole per cent
substitutions than weight per cent when considered on a
structural level. Weight per cent basis may hide the
composition-property relationships of bioactive glass owing
to non-calculation of the degree of disruption of the glass
network.99, 100 In order to maintain same numbers of non-
bridging oxygen, one mole of NaO should be added if one
mole of CaO is removed from a highly disrupted glass
network to maintain same network connectivity value.
Wallace et al.97 used this concept for designing bioactive
glass compositions having controllable physico-chemical
and biological properties.

Fabrication
Different methods of fabrication and post heat-treatment

have important role on properties of bioactive glass and
glass-ceramics subsequently. Many researchers described
different fabrication methods including sugar or salt
leaching, microsphere emulsification sintering, foam
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replication, temperature dependent phase separation, electro-
spinning, rapid prototyping, etc after optimizing structure,
properties and mechanical integrity of scaffolds,101, 102

textile and foam coating methods103–105 and biomimetic
approach.106, 107 Another area of research which is of
significance in bone-tissue engineering is mimicking the
nanostructure of natural bone by designing and incorporating
nano-topographic features on surface.72, 108–110 Many
researchers have also raised the scaffold manufacturing
procedure to a height.68, 70, 85, 105, 111, 112

Polymeric materials and foaming agents are added to
form the pores of bioactive glass and glass-ceramics.113

Rainer et al.114 used bioactive glass-loaded polyurethane
foam (in situ) for preparation of scaffolds of bone tissue
engineering. This method was found to be very suitable
for 3D processing and tailor-made applications in
reconstructive surgery. Lin et al.115 reported porous
bioactive glass-ceramics up to preclinical trial and used
polyethylene glycol (HO(C2H4O)-nH) with particle sizes
ranging between 5 and 500 m as foaming agent prior to
obtaining porous scaffolds. Due to uniform distribution of

porous channels (as seen from microstructures), better
bony in-growth and bioresorption of implants could be
seen. Similar type of porosity can be generated by addition
of organic polymers, e.g. dry/wet woods, crops (from food
processing and wood finishing)116 to completely degrade
at temperatures above 600oC and make the scaffold
porous. Apatite layers formed when bioactive glasses are
used in vitro / in vivo, also closely depend on variations of
texture properties (pore size, volume, structure) of
biomaterials. For example, owing to higher surface area
and pore volume, apatite formation and thus bioactive
behaviour were greatly enhanced.117

In the SiO2-Na2O-CaO-P2O5 glass system (like ordinary
soda-lime-silica glasses), certain percentages with
specific proportions of the compositions show bonding to
bone26, 31, 33, 37, 47, 61, 118–127 (Table I).

Bioactive Glass as Bone Graft Substitute
Bioactive glasses in the form of porous implants, fibers

and microspheres and being bioactive (interact with the
body) show both osteoconductive and osteoinductive

Sl. Name of the
No. bioactive glass SiO2 P2O5 CaO Ca(PO3)2 CaF2 MgO MgF2 Na2O K2O Al2O3 B2O3 Ta2O5/TiO2 ZnO

1. 45S5 Bioglass®31 45 6 24.5 – – – – 24.5 – – – – –

2. 45S5.4F Bioglass®31, 118 45 6 14.7 – 9.8 – – 24.5 – – – – –

3. 45B15S5 Bioglass®119, 120 30 6 24.5 – – – – 24.5 – – 15 – –

4. 52S4.6 Bioglass®121 52 6 21 – – – – 21 – – – – –

5. 55S4.3 Bioglass®121 55 6 19.5 – – – – 19.5 – – – – –

6. KGC Ceravital®26 46.2 – 20.2 25.5 – 2.9 – 4.8 0.4 – – – –

7. KGS Ceravital®26 46 – 33 16 – – – 5 – – – – –

8. KGy213 Ceravital®26 38 – 31 13.5 – – – 4 – 7 – 6.5 –

9. A/W glass-ceramics37 34.2 16.3 44.9 – 0.5 4.6 – – – – – – –

10. MB glass-ceramics33 19-52 4-24 9-3 – – 5-15 – 3-5 3-5 12-33 – – –

11. S45P7122 45 7 22 – – – – 24 – – 2 – –

12. S53P4123 53 4 20 – – – – 23 – – – – –

13. 13-93124 53 4 20 – – 5 – 6 12 – – – –

14. 4-Mar125 50.5 1 22.5 – – 6 – 5 15 – – – –

15. 18-04125 54.5 4 20 – – 4.5 – 15 – – 2 – –

16. 23-04125 56.25 1 20 – – 4.5 – 5 11.25 – 2 – –

17. H2-0261 53 2 22 – – 4.5 – 6 11 0.5 1 – –

18. CEL-247 45 3 26 – – 7 – 15 4 – – – –

19. 55S126 55 4 41 – – – – – – – – – –

20. H127 46.2 2.6 26.9 – – – – 24.3 – – – – –

21. HZ5127 44.4 2.5 25.9 – – – – 23.4 – – – – 3.8

22. HZ10127 42.5 2.4 4.8 – – – – 22.5 – – – – 7.8

23. HZ20127 38.8 2.2 22.6 – – – – 20.5 – – – – 15.9

Composition (%)

Table I : Different bioactive glasses



VOL. 76 (3) JULY – SEPTEMBER 2017 153

properties.128 Bioactivity is mostly due to the SiO2 content;
presence of 45-52% SiO2 lift up the bonding of bioglass
with bone.129 The bioactivity and biocompatibility of
bioactive glass increase when it is combined with
hydroxyapatite130 and ultimately leads to increased
mechanical strength in comparison with calcium phosphate
when used alone. The mechanism behind that is a silicate-
rich layer is formed in contact with body fluids leading to
strong mechanical graft-bone bonding. That triggers
formation of hydroxyapatite layer. As a result new bone
formation accompanied by protein absorption occurs,
which, in turn, attracts mesenchymal stem cells,
macrophages and osteoprogenitor cells. Consequently,
osteoblasts are produced by dissemination of
osteoprogenitor cells into matrix.129, 131 Owing to sub-
optimal mechanical properties of bioactive glass, other
ceramic components are occasionally reinforced with the
bioactive glass. Alternate way to increase mechanical
strength and biological absorbability of SiO2-CaO bioactive
glass is incorporation of Na2O into bioactive glass by
sol-gel process, leading to formation of a hard yet
biodegradable crystalline phase when sintered.132 When
calcium concentration (GC5) is increased or P2O5 (GP2)
is decreased, mechanical properties of potassium
fluorrichterite (KNaCaMg5Si8O22F2) glass-ceramics are
improved. This can be used in development of medical
devices anticipated for bone tissue repair.133, 134 Foaming
with rice husks produces a new porous bioactive glass
(45S5) with sufficient mechanical support when sintered
at 1050oC for 1 h and can maintain bioactivity and
biodegrade at later stages.135

Greater filler effects of bioactive glass is observed in
comparison with autogenous bone in rat cancellous bone
defect models.136 Bioactive glass in conjunction with
allogenic demineralized bone matrix triggered bone
formation without any adverse cellular reaction.137–139 The
composite scaffolds comprising bioactive glass-collagen
alone and in combination with phosphatidylserine showed
greater biocompatibility and osteogenesis effects. The said
composites fulfilled the criteria to be used in bone tissue
engineering and proved itself to have tremendous
possibility in bone regeneration.140, 141 Incorporation of
mesenchymal stem cell with hyaluronic acid enhances
healing of the bone defect during scaffold preparation.142

Bone-bonding response is greatly enhanced by micro-
roughening of bioactive glass surface.143 Being
biocompatible it shows no inflammatory response in
tissues and resorption of glass fiber scaffolds are observed
within 6 months.144 Porous bioactive glass when used
experimentally in goat bone defect model, promoted new
bone formation that suggests its potential for orthopaedic
reconstructive procedures.145 Apart from its role in bone
tissue engineering, it has also beneficial role to enhance
neovascularization during soft tissue engineering of larger
size.146 Neovascularization is extremely essential
irrespective of hard and soft tissue healing which can be
accomplished by delivery of lower amount of bioactive
glass in site.147

Silica-based bioactive glasses are usually used for
dental restoration and bone implants and it also has the
ability to deliver drugs to site in conditions like bone
infections, defects, fractures (due to osteoporosis) and
tumours. Mesoporous silica micro-/nano-particles have
potentiality to be used as vehicle which can release anti-
cancer drugs within specif ic malignant cells.148, 149

Clinically, GTR (guided tissue regeneration) with collagen
membrane (CM) merged with autogenous bone, either as
graft or combined with bioactive glass, are compared and
concluded that autogenous bone can be mixed with
bioactive glass where there is less amount of harvested
bone. Jebahi et al.150 evaluated the performance of freeze
dried bioactive glass containing 17 wt%-chitosan
composite (BG-CH) in bone defects of ovariectomized rat
and found incorporation of 17 wt% CH with BG matrix to
significantly enhance the bioactivity and osteoinductive
property. Moreover, it increased Ca and P ion
concentrations in the implanted microenvironment.150, 151

Strontium ranelate has immense importance in the
treatment of osteoporosis, hence, incorporation of
bioactive strontium into mesoporous bioactive glass
scaffold enhances fracture repair process.152

Bioactive glass has inherent properties to be used as
scaffold materials; borate or borosilicate composition
induces new bone formation and doping with Cu, Zn or Sr
enhances healthy bone growth. Bioactive glass has
important role to enhance neovascularization and
neocartilage formation.153 Osteoconductive and
osteointegration properties of borate bioactive glass were
evaluated in rabbit model by synchrotron micro-CT, with
precise resolution, and resulted in detailed visualization
of biomaterial-bone assimilation and detailed
microarchitecture of both glass graft and newly formed
trabecular bone. Moreover, teicoplanin-loaded borate glass
showed osteoconduction.154

Bioactive glass in particulate form enhances bone
mineralization but may result in inflammation and particle
migration. Thus incorporation of chondroitin sulfate-(CS)
based bioadhesive improves amalgamation of the
bioactive glass as well as prevents particle migration,
promotes bone regeneration and provides mechanical
stability by encapsulating bone marrow.155 Modified (as
explained earlier) potassium f luorrichterite
(KNaCaMg5Si8O22F2) glass-ceramics gave direct bone
tissue contact in vivo through new bone formation and
cell proliferation along implant surface into medullary
space. But, inclusion of P2O5 improves osteoconductivity
and mechanical stability to a larger extent.156 6 mol% P2O5
containing bioactive glasses (SiO2-P2O5-CaO-Na2O-CaF2)
upon heat treatment, are crystallized to mixed sodium
calcium fluoride orthophosphates and fluorapatite which
have excellent properties of osteoconduction as well as
bone regeneration.157

Osteoinductive properties of the glass, on the other
hand, results due to dissolution products of glass (mainly,
soluble silica and calcium ions) which stimulates
osteogenic cells leading to bone matrix.69 In vitro human
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osteoblastic cells cultured on bioactive glasses, produce
collagenous extracellular matrix (ECM), which eventually
forms bone nodules without any supplementation and
absence of phosphate in the composition,158 whereas other
bioceramics need osteogenic supplements like
dexamethasone and b-glycerophosphate to be
incorporated.159–161 It also increases intracellular calcium
levels162, 163 and upregulate various gene. Calcium ions
and soluble silica from bioactive glass also help to
stimulate osteoblastic cell division, growth factors
production and ECM proteins.164

In vitro study shows that MSCs are differentiated into
osteoblasts and osteoclasts irrespective of presence or
absence of BMP-2 when cultured on bioactive sol-gel
coatings with low silica content (40 mol% SiO2, 54 mol%
CaO, 6 mol% P2O5),165 that accelerates osteogenesis and
remodelling. Whereas, MSCs differentiate only into
osteoblasts when cultured on glass coatings of high silica
content (80 mol% SiO2, 54 mol% CaO, 6 mol% P2O5). In
vitro culture of human adipose stem cells on bioactive
glasses show differentiation into osteogenic cells in
presence of osteogenic supplements.166

Studies with sol-gel derived elestrospun composite
fibrous membranes (using 45SiO2-24.5CaO-24.5Na2O6-
P2O5 and 43SiO2-24.5CaO-24.5Na2O6-P2O5-2Fe2O3
system pre-mixed with polyvinyl alcohol) revealed that the
magnetic particles embedded in the scaffolds have a
synergistic effect on osteoinductivity with and without
external magnetic field167 where magnetic particles play a
key role in providing osteoinductive properties to the
composite scaffolds.168

Clinical Applications
Bioactive glass coated screw was evaluated clinically

for Weber type B ankle fractures in 37 patients without
screw loosening within 2 years.169 Other clinical claim of
bioactive glass included vertebroplasty,170, 171 treatment
of unstable distal radius fracture,172 tympanoplastic
reconstruction,173 as filler in benign tumour surgery,136

facial bones reconstruction,174 management of periodontal
bone defects,175, 176 obliteration of frontal sinuses,177–179

repairing of orbital floor fractures,180, 181 lumbar fusion,182

reconstruction of maxillary sinus,183 cement-less
acetabular cups (with metal back-up)184 and restoration
of iliac crest defect post bone graft harvesting.185 The
allergenic mesenchymal stem cells can be delivered from
a thermoplastic, viscous carrier with a granular bioactive
glass scaffold in a clinically convenient form that was
proved to be efficient osteogenic substance during early
stages of canine alveolar repair.186

Bioactive glasses have also been used for spinal
fusion, coatings for orthopaedic metal implants,
replacement of bone, in dentistry (like periodontology and
endodontology), bone tissue engineered scaffolds,
composites and regenerative medicine.164, 187, 188 In clinical
dentistry, bioactive glasses (particles, porous or dense
scaffolds) have been used extensively.164

The composite product of bioactive glass-ceramics
A-W (apatite-wollastonite) and bioactive surface-modified
Ti-metal is used clinically as bone substitute (e.g. artificial
vertebrae and iliac crest) due to its better bone-bonding
ability and superior mechanical strength in contrast to
human cortical bone.189 Good osteoinduction, ectopic bone
formation occur in muscle when this porous Ti metal (after
strong acid treatment and post heat-treatment) was
used.190, 191 Likewise, heat treated porous Ti metal after
subsequent exposure to HCl treatment and NaOH
treatment also showed remarkable osteoinducion192  and
osteoconduction.193–195

Conclusions
During the past decades, biomedical materials have

shown a new vista for effective hard tissue and dental
repair as well as in local drug delivery systems. This has
enhanced life expectancy as well as meets the social
commitments for quality life. A considerable stride towards
the exploitation of synthetic biomaterials in bone and dental
tissue engineering has been pain. Amid various
biomaterials, bioactive glass has shown paramount
interest in clinical regenerative medicine due to its inducing
capacity as active biomineralization in vivo. Initially, it has
been thought for its efficacy in bone repair and restoration.
Of late, it has eventually become a very striking biomaterial
of  choice in various clinical settings like in dental,
maxillofacial and ear implants, soft tissue regeneration,
coating of metallic implants, drug delivery system, septic
wound dressing, growth factors carriers, bioactive
peptides, etc. In coming days, bioactive glass may be
utilized in a more befitting way by the scientists/
researchers/ clinicians for well being of human kind.
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a b s t r a c t

Local drug delivery systems to bone have attracted appreciable attention due to their efficacy to

improve drug delivery, healing and regeneration. In this paper, development and characteriza-

tion of new formulations of bioactive glass into a porous scaffold has been reported for its

suitability to act as a drug delivery system in the management of bone infections, in vitro. Two

new glass compositions based on SiO2–Na2O–ZnO–CaO–MgO–P2O5 system (BGZ and MBG) have

been developed which after thorough chemical and phase evaluation, studied for acellular static

in vitro bioactivity in SBF. Porous scaffolds made of these glasses have been fabricated and

characterized thoroughly for bioactivity study, SEM, XRD, in vitro cytotoxicity, MTT assay and

wound healing assay using human osteocarcoma cells. Finally, gatifloxacin was loaded into the

porous scaffold by vacuum infiltration method and in vitro drug release kinetics have been

studied with varying parameters including dissolution medium (PBS and SBF) and with/without

impregnation chitosan. Suitable model has also been proposed for the kinetics. 63–66% porous

and 5–50 μm almost unimodal porous MBG and BGZ bioactive glass scaffolds were capable of

releasing drugs successfully for 43 days at concentrations to treat orthopedic infections. In

addition, it was also observed that the release of drug followed Peppas–Korsmeyer release

pattern based on Fickian diffusion, while 0.5–1% chitosan coating on the scaffolds decreased the

burst release and overall release of drug. The results also indicated that MBG based scaffolds

were bioactive, biocompatible, noncytotoxic and exhibited excellent wound healing potential

while BGZ was mildly cytotoxic with moderate wound healing potential. These results strongly

suggest that MBG scaffolds appear to be a suitable bone drug delivery system in orthopedic

infections treatment and as bone void fillers, but BGZ should be handled with caution or studied

elaborately in detail further to ascertain and confirm the cytotoxic nature and wound healing

potential of this glass.
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1. Introduction

From the beginning of this decade, local drug delivery systems
to bone have attracted appreciable attention due to their
efficacy in improving drug delivery, healing and regeneration
(Cartmell, 2009). Considerable effort has been exerted to develop
biologically acceptable materials and carrier systems to locally
deliver drug in bone (Luo and Prestwich, 2001). Bioceramic
materials are a class of biomaterials that can both chemically
bond with bone and act as a drug carrier in prolonged-release
drug delivery systems (Soundrapandian et al., 2009). Bioactive
glasses and related silicate glass-ceramics constitute a much-
preferred subgroup of bioceramics due to their high bioactivity
and their ability to activate genes in osteoblast cells that
stimulate new bone formation (Yunos et al., 2008). Considerable
success has also been reported in the fabrication of bioactive
glass scaffolds and their application (Gadre and Gouma, 2006).

Irrespective of the success in the development of drugs,
devices and surgeries, orthopedic surgeries fail at an embarras-
sing rate due to infection. The prevention of post-surgical
infection remains a major challenge due to difficulties in
making conventionally administered antibiotics effectively
available at the site. Physiological barriers that limit the supply,
pathological conditions that escalate the demand, i.e., the
concentration of the drug [10 times the minimum inhibitory
concentration (MIC) for antibiotics], and the period of treatment
(4–6 weeks) constitute the prime reasons for failure
(Soundrapandian et al., 2007). Local drug delivery systems
provide higher concentrations of drugs at the required site than
those achieved with parenteral application (Kundu et al., 2010b;
Nandi et al., 2009a) and are hence considered an area of
potential future in orthopedic infection eradication.

The potential use of bioactive glass material as a drug
delivery system has not been studied in great detail. Previous
studies have mainly focused on biopolymers (Yagmurlu et al.,
1999; Zhang et al., 1994a, 1994b), which were found to not be
ideal for bone repair (because they do not chemically bond with
bone) beyond drug delivery. In some of the studies, mesoporous
bioactive glass materials have been studied for use as a drug
delivery system (Domingues et al., 2004), but the effect of
different cations and anions available in the composition has
not been studied in detail. Moreover, their effect on long-term
drug elution kinetics, particularly for the treatment of osteo-
myelitis, has also not been examined. Inorganic–organic com-
posites have also been tested for this purpose, but with limited
success (Arcos et al., 2001). In this paper, we present the
development and characterization of new formulations of
bioactive glass into a porous scaffold and their suitability to
act as a drug delivery system in the management of bone
infections in vitro.

2. Materials and methods

2.1. Preparation and characterization of different glass
compositions

Two new glass compositions based on a SiO2–Na2O–ZnO–CaO–
MgO–P2O5 system (hereafter referred to as BGZ and MBG) were

prepared from reagent grade quartz (SiO2), calcium carbonate
(CaCO3), light magnesium carbonate (MgCO3), dry soda ash
(Na2CO3), di-ammonium hydrogen ortho-phosphate [(NH4)2
HPO4] and zinc oxide (ZnO) using a conventional glass melting
procedure. All raw materials were of analytical grade and
sourced from S.D. Fine-Chem, India. Briefly, the raw materials
were melted in air in a platinum crucible at 1400 1C for 30 min.,
and the molten glass was quenched (Kundu et al., 2011). The
glass frits resulting from the quenching operation were pow-
dered in a planetary ball mill, sieved and stored in an airtight
container until further use. Table 1 presents the compositions
of both glasses (assessed via thorough conventional chemical
analysis). A differential thermal analysis (DTA) and a derivative
differential thermal analysis (DDTA) were conducted using a
DTA (STA 449C, Netzsch, Germany) to determine the thermal
profiles of the glass powders. Scans were conducted between 40
and 850 1C heated at a rate of 5 1C/min. Profiles were collected
over three repeats with a sample mass of 570.5 mg. Fourier
transformed infrared (FTIR) transmittance spectra were
recorded at wave numbers ranging from 4000 to 400 cm�1

using a Spectrum 100 instrument (Spectrum 100, PerkinElmer,
USA) with a resolution of 2 cm�1 to confirm the functional
groups present. Potassium bromide (KBr) pelleted discs that
consisted of approximately 2 mg of sample and 200mg of KBr
were employed. The X ray diffraction (XRD) patterns of pow-
dered glass was recorded at a diffraction angle of 20–601 (2θ)
using a X’Pert Pro (Phillips Analytical, Netherlands) X ray
diffractometer with Cu Kα1 radiation (λ¼1.5406 Å) at a scan
speed of 21min�1.

2.2. Preparation of porous bioactive glass scaffolds and
their characterization

The respective glass powders were first mixed with an equal
quantity of porogen (naphthalene). The resultant mix was
compacted at 150 MPa in a cold-isostatic press (EPSI,
Belgium). Subsequently, specimens of required dimensions
(φ 8 mm) were sliced with a low speed saw (Isomet, Buehler,
USA). The naphthalene was evaporated from the samples via
very slow drying up to 80 1C, followed by sintering at approxi-
mately 725 1C on a Pt–Rh plate for 6 min. The samples were
finally stored in a vacuum desiccator until further use. The
porosity of the blocks was measured using water displace-
ment method (Archimedes’ principle), and the pore size
distribution was measured using a mercury porosimeter
(PM60, Quantachrome, USA) with an applied pressure ranging
from 0 to 3000 psi.

Table 1 – Compositions of the glasses.

Composition BGZ (mol%) MBG (mol%)

SiO2 55.9 58
Na2O 11.8 12
CaO 16.14 18
P2O5 2.5 7
ZnO 1.24 2.4
MgO 9.93 2.6
K2O 2.5 –
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2.3. Acellular static in vitro bioactivity test

The acellular static in vitro bioactivities of both glass powders
were evaluated in simulated body fluid (SBF) as detailed by
Kokubo and Takadama (2006). The ratio of the respective glass
powder’s weight to the SBF volume was 1.5mg/mL, and the
temperature was maintained at 37 1C in tightly closed polystyr-
ene bottles for 1, 3 and 7 days without refreshing the SBF
solution, which was finally analyzed by FTIR. While for glass
scaffolds, this was conducted for up to 7 days in the same way.
The scaffolds were studied after definite time intervals using a
scanning electronmicroscope (SEM) (Steroscan 430i, Leo, UK) and
XRD analysis. The weight changes of the scaffolds together with
change in the pH of the dissolution medium (SBF) were also
recorded for up to 28 days.

2.4. Cytotoxicity test

The cytotoxicity of the glass powders and scaffold samples was
tested in vitro. Both direct contact and test on extracts were
performed following the standard specifications of ISO10993-5
(2009). The in vitro cytotoxicity tests were performed using
sterilized specimens of test samples, negative controls and
positive controls. For the direct contact method, all of the
specimens, including the negative control (ultra-high-molecu-
lar-weight polyethylene) and positive control (poly-vinyl chlor-
ide), were tested in triplicate and placed on a sub-confluent
monolayer of osteoblast-like human osteosarcoma cells (MG-63)
cells in DMEM (Dulbecco’s modified eagle medium). After incu-
bating the cells with test samples at 3772 1C for 2471 h, the cell
culture was examined microscopically for a cellular response
around test samples. For the extract method, the extract was
prepared by incubating test materials with physiological saline at
3772 1C for 7272 h and medium to obtain an extraction ratio of
1.25 cm2/mL. The resultant extracts (100%) were diluted further
with media to also obtain concentrations of 50% and 25%.
Different dilutions of extracts of test samples, negative controls
(ultra-high-molecular-weight polyethylene) and positive controls
(dilute phenol) were placed in triplicate on a sub-confluent
monolayer of human osteosarcoma cells (MG-63) cells. After
incubating the cells with extracts of test samples and controls at
3772 1C for 2471 h, the cell cultures were microscopically
examined for a cellular response.

2.5. MTT assay

The MTT assay was developed to measure cell survival and
proliferation (Mosmann, 1983). Approximately 1600 cells were
seeded into each well of a 96-well plate. In addition, 100 mL of
the culture medium alone was added to the bottom row as a
negative control. When the cells reached confluence after 24 h,
the medium was removed by aspiration, and 100 mL of the
experimental medium was added to each well. Only 25% of the
leached product was used for this experiment. A control set
without any test sample was also prepared. The dimethyl
thiazolyl diphenyl tetrazolium (MTT) solution was prepared at
a concentration of 5 mg/mL in phosphate buffered saline (PBS)
just before use and filtered by passing through a 0.22-mm filter.
After 24 h, 48 h and 72 h of treatment, 10 mL of MTT solution
was added to each well, and the incubation was continued for

another 3 h. All of the medium was then removed by inverting
and tapping the plates, and 100 mL of dimethyl sulfoxide (DMSO)
was added to each well. The spectrophotometric absorbance at
540 nm was then measured via an enzyme linked immunosor-
bent assay (ELISA) reader. Non-cytotoxic, mildly cytotoxic,
moderately cytotoxic and severely cytotoxic cellular responses
were scored as 0, 1, 2 and 3, respectively.

2.6. Wound healing assay

A wound healing assay was also performed with human
osteocarcoma cells (MG-63). The cells were grown in complete
media. When the cells were 70–80% confluent, they were
trypsinized and placed in a 6-well plate in complete media.
Next day, a scratch wound was made across each well of the 6-
well plate using a pipette tip. In this experiment, 25% of the
leached glass was used because we needed to maintain the
cells for 72 h to take the image. The image was taken after 0 h,
24 h, 48 h and 72 h under a microscope with 100�
magnification.

2.7. Preparation of drug loaded porous glass scaffolds

Porous glass scaffolds were loaded with the drug gatifloxacin
via the vacuum infiltration method. Scaffolds of known
weight were immersed in a drug solution and subjected to a
vacuum of 9.67 t/square inch for 20 min. The vacuum was
released after the stated period, and the scaffolds were
allowed to dry at ambient conditions. The formulation vari-
ables, such as the concentration of the drug solution used for
the loading drug, the type of drug and the polymer coating,
were varied to study their influence on the in vitro drug
release. Table 2 presents the list of formulation codes and the
applied variables.

The amount of drug loaded in the scaffold was measured
by determining the concentration of drug solution before and
after the infiltration process (Zhu and Kaskel, 2009). The
concentration of drug solution was determined by suitably
diluting an aliquot with the respective medium and analyzing
it in an UV-spectrophotometer (Lambda 45, PerkinElmer,
USA) at 287 nm for gatifloxacin. The drug concentration was
determined from the calibration curves constructed using
known concentration of gatifloxacin. The drug loading in
scaffolds was determined according to the difference
between the initial and final weight of blocks.

2.8. In vitro drug release studies

The drug-loaded scaffolds were immersed in 5 mL of PBS (pH
7.4) and maintained at 37 1C. Aliquots were removed at
selected intervals from 24 h to 43 days and analyzed by UV
spectrophotometry. The study was terminated when the
samples failed to release more than 1.2 mg drug/mL/day or
at 43 days, whichever was earlier. The set limit value was
averaged per day by dividing the measured concentration by
the number of days between the sampling. In vitro drug
release studies were similarly conducted in SBF (pH 7.4).

To study the kinetics and mechanism of drug release from
the scaffolds, the in vitro drug release data of gatifloxacin
in different dissolution mediums were fitted to the Higuchi
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(Eq. (1)), Hixon–Crowell (Eq. (2)) and Korsmeyer–Peppas
(Eq. (3)) models as follows:

At ¼ kHt0:5 ð1Þ

ðARtÞ1=3 ¼ kHCt ð2Þ

At=A1¼ kKPtn ð3Þ
where At is the amount of drug released at time t; ARt is the
amount of unreleased drug at time t; A1 is the amount of
drug released at time 1; kH, kHC and kKP are the release
constants for the Higuchi, Hixon–Crowell and Korsmeyer–
Peppas models, respectively (Czarnobaj, 2008; Merchant et al.,
2006). In Eq. (3), ‘n’ is the exponent indicative of the release
mechanism.

3. Results and discussions

The addition of antimicrobials to bone substitutes is an
intelligent way to protect augmentation procedures from
infection. Both the release of antimicrobials and the resorp-
tion of bone substitutes occur simultaneously to control the
probability of infection and favor bone healing, especially
during the early stage of implantation (Van de Belt et al.,
2001). Local antimicrobial prophylaxes by loading popular
biomaterials, such as hydroxyapatite and bioactive glass,
with drugs demonstrated appreciable success (Kundu et al.,
2011, 2010b; Nandi et al., 2009a, 2009b). During the last few
decades, the interest in fabricating bioactive materials based
drug delivery systems has increased. Hydroxyapatite and
bioactive glasses are among the most preferred materials
for exploitation. Several comparative studies have proved the
efficacy of bioactive glass as a better biodegradable ceramic
that enhances the proportion of bone formation and bonding
in vivo compared to hydroxyapatite (Hong et al., 2009; Leng
et al., 2005; Mistry et al., 2010; Nair et al., 2006). Hence, we
opted to apply new composites of bioactive glasses as a
carrier for drug delivery to control post-surgical orthopedic
infections.

The glass composite was formulated from a M2O–RO–ZnO–
SiO2 glass system, where M¼Na and K and R¼Ca and Mg.
Silica-based glasses consisting of SiO2o60 mol%, high Na2O
and CaO contents, and a high CaO/P2O5 ratio are expected to
be highly bioactive (Agathopoulos et al., 2006; Bang et al.,
2008). Mg and Ca ions were employed as network modifiers to
increase the degradation of bioactive glass. From a biological
point of view, magnesium acts as a glue that binds calcium

and fluorine to build bone, without which calcium and
fluorine will be flushed out of the system (Rodale and Taub,
1971). From a material science point of view, the addition of
potassium to bioactive glass reduces the tendency for crystal-
lization, while the presence of potassium appears to increase
bone formation (Bushinsky et al., 1997). The presence of zinc
oxide in the composite was based on its ability to modify
bioactivity, enhance protein synthesis in the bone tissues
and promote bone formation (Aina et al., 2009; Ma and
Yamaguchi, 2001).

The DTA and DDTA results (Fig. 1) indicated a glass
softening temperature of o750 1C. Comparing the DTA pro-
files of BGZ and MBG subjected to various heating rates
indicated that thermal degradation did not induce adverse
changes in the sample. This finding assures that any change
in the heating rate during synthesis will not affect the
composition of the glass and the scaffold formed. Further-
more, the glass transition temperatures (Tg) were calculated
from Fig. 1a and b and found to be �700 1C and �715 1C for
BGZ and MBG glasses, respectively. This finding demon-
strates that the Tg of BGZ is slightly less due to the addition
of alkali metals (Mazurin, 2007). The firing temperature of the
green and dried scaffolds was selected based on their respec-
tive Tg. This firing temperature was 725 1C due to the
non-vitrification of scaffolds and subsequent pore closure at
that temperature.

Fig. 1 – DTA/DDTA thermogram of as-prepared (a) BGZ
powder and (b) MBG powder.

Table 2 – List of drug loaded glass formulations with the variables applied.

Scaffold
code

Conc. of drug
in loading
(μg/mL)

Conc. of chitosan
in coating
(% w/v)

Dissolution
medium

Scaffold
code

Conc. of drug
in loading
(μg/mL)

Conc. of chitosan
in coating
(% w/v)

Dissolution
medium

BGZ-3 25 – PBS MBG-3 25 – PBS
BGZ-4 12.5 – PBS MBG-4 12.5 – PBS
BGZ-5 6.25 – PBS MBG-5 6.25 – PBS
BGZ-7 25 0.5 PBS MBG-7 25 0.5 PBS
BGZ-8 25 1.0 PBS MBG-8 25 1.0 PBS
BGZ-9 25 – SBF MBG-9 25 – SBF
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The XRD patterns of BGZ (Fig. 2a) and MBG (Fig. 2b)
indicated the amorphous nature of the respective powders,
which is desirable for in vivo applications. A very small, low-
intensity hump is also evident in Fig. 2a, which may be
indicative of negligible crystallization when formed (due to
presence of CaSiO3, wollastonite). Conversely, the FTIR
(Fig. 3a for BGZ and 3b for MBG) showed two broad strong
absorption bands at �1032 cm�1 and 467 cm�1, which can be
assigned to Si–O and P–O vibrations, respectively. The broad
small band at �780 cm�1 may be due to the bending vibra-
tions of Si–O–Si bridges. However, the presence of different
groups, such as Zn–O and phosphates, cannot be accurately
identified because of the superimposition of different peaks.
As the SiO2 content decreased and the alkali and alkali-earth
oxide contents increased, the maximum transmittance of the
Si–O (stretching) band shifted towards higher values until
1032 cm�1 and the intensity increased from MBG to BGZ. The
intensity of the band associated with the Si–O–NBO groups
(NBO: non-bridging oxygen) decreased and slightly diffused at
�952 cm�1. This finding actually corroborated the findings of
Serra et al. (2003).

Fig. 4a and b illustrate the FTIR spectra of BGZ and MBG
glass powders before and after soaking in SBF for different
time periods (1, 3 and 7 days). Before soaking in SBF, the BGZ
sample exhibited the bending and stretching vibrations of Si–
O bonds at 455, 762 and 1040 cm�1. After soaking in SBF, the
peaks representing P–O vibrations at 560, 960 and 1220 cm�1

indicated hydroxyapatite formation. The peak at near
1625 cm�1 was assigned to OH� entrapped in apatites (Conz
et al., 2005). However, MBG exhibited vibrations of Si–O–Si
bonds at 467 and �1020 cm�1 before soaking in SBF. After
soaking in SBF, a peak at 1490 cm�1 assigned to C–O vibra-
tional bands and peaks near 955, 1075 and 1205 cm�1

assigned to the P–O bonds could be observed, which indicated
the formation of hydroxyapatite with carbonate groups. The
peak near 1636 cm�1 is due to the OH� entrapped within
apatites and higher intensities at around 3500 cm�1 with
time also confirming this entrapment after 7 days (Conz et al.,
2005). BGZ showed a more open amorphous structure due to

the increased addition of alkali network modifiers prior to the
submersion in SBF. Additional cations in the structure reduce
the degree of connectivity by replacing bridging oxygen with
NBO in silicon–oxygen groups.

Fig. 5a and b present the pore size distribution data of the
BGZ and MBG scaffolds, respectively. For BGZ (Fig. 5a), pores
were mainly unimodal, and their sizes predominantly ranged
from 5 to 50 mm, indicating that they were suitable for drug
delivery applications (Soundrapandian et al., 2007) because
small pores are known to sustain the release better than large
pores (Chai et al., 2007). For BGZ scaffolds, the bulk density,
open and closed porosity were calculated to be �0.8 g/cm3,
�66% and �4%, respectively, while these values were �0.9
g/cm3, �63% and �2%, respectively, for the MBG scaffolds.
These values are in a range that generally is agreed upon for
rapid osteointegration (Hing, 2005). Over 90% of the total
porosity consists of open and interconnected pores. Open and

Fig. 2 – X ray diffraction pattern of (a) BGZ powder and
(b) MBG powder.

Fig. 3 – FTIR spectrum of (a) BGZ powder and (b) MBG
powder.

Fig. 4 – FTIR spectra of (a) BGZ and (b) MBG glass subjected to
acellular in vitro bioactivity study at various periods.
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interconnected pores are considered important, as they are
the path channels for the supply of nutrients and removal of
cell excretions required for tissue in-growth in porous scaf-
folds. Furthermore, the sizes of pores predominantly ranged
from 10 to 30 mm, indicating that they would facilitate the
high adsorption of drug and sustain the release better than
bone in-growth (Seeley et al., 2008; Soundrapandian et al.,
2007). However, these pores could favor cell function better,
as mammalian cells are typically 10–20 mm in size (Yannas,
1992).

Fig. 6A1, A2 and A3 shows the SEM images of BGZ porous
scaffold surface subjected to acellular in vitro bioactivity
studies for various periods (0D—day ‘0’, 1D—‘1’ day, 7D—‘7’
days). The formation of apatites on the surface of bioceramics
plays an essential role in the bonding of the biomaterial to

living bone and is considered an indication of in vivo bioac-
tivity (Saint-Jean et al., 2005). Deposits of apatites were visible
after one day. However, they were trace deposits and mostly
individual scattered structures. The SEM pictures taken after
three (not presented here) and seven days exhibited an
increase in the deposits with dense clusters of apatites after
seven days. This finding indicated that the time of exposure
influenced the deposition of apatites.

Bioactivity is the phenomenon of eliciting a biological
response at the material–biological site interface resulting
in the formation of bonds between them following a series of
biophysical and biochemical reactions at the interface. Bioac-
tivity can be tested in vitro via the ability of the material to
deposit apatites on its surface. The development of a layer
consisting hydroxyapatite (HAp) on the surface of BGZ indi-
cates its ability to bond with bone (Kontonasaki et al., 2002).
Unlike polymers, bioactive materials favor apatite deposition,
and hence, the weight change of scaffolds could be on
negative or positive.

Fig. 6B1, B2 and B3 shows the SEM images of a MBG porous
scaffold surface subjected to an acellular in vitro bioactivity
study for various periods (0D—day ‘0’, 1D—‘1’ day, 7D—‘7’
days). The structure remained intact for the entire study
period. However, the surface exhibited significant changes
after soaking in SBF for different times. After soaking in SBF
for 1 day, the surface was covered with apatites. After 3 days,
the number of deposits began to increase due to the
increased size of apatites. At the end of 7 days, the deposits
appeared as dense structures covering the entire surface. The
smooth and blunt edges on the surface before immersion
were totally absent, and rough and highly porous microstruc-
tural features were observed after 7 days, which indicates
both the degradation of glass samples and the deposition of
hydroxyapatite. Pores of variable dimensions that were
formed during deposition of apatites were also visible.

Fig. 5 – Pore size distribution of (a) BGZ and (b) MBG
scaffolds.

Fig. 6 – SEM images of BGZ (A1), (A2) and (A3) and MBG (B1), (B2) and (B3) scaffold surface subjected to acellular in vitro
bioactivity study at various periods (0D—day ‘0’, 1D—‘1’ day, 7D—‘7’ days).
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The % cumulative weight loss (Fig. 7) and XRD (Fig. 8)
reflected the deposition of apatites on the surface of BGZ and
MBG after different time intervals. Initial weight losses of up
to 10.3% and 0.82% were observed for MBG after 7 days and
BGZ after 14 days, respectively. Subsequently, both of the
scaffolds continuously gained mass, i.e., 4.2% and only
approximately 0.56% for MBG and BGZ, respectively. MBG
was found to be more bioactive than BGZ with respect to
apatite formations, as revealed after 28 days. The pH of the
SBF was found to be almost constant for BGZ at �8 and very
slightly varied around 8 for MBG up to day 28. Conversely,
XRD showed peaks for crystalline HAp (JCPDS PDF 09-0432)
after day 7 for BGZ (Fig. 8a), which remained amorphous for
MBG (Fig. 8b). The result can be correlated with the weight
loss at day 7 for MBG scaffolds, where dissolution was the
prime phenomenon for non-stoichiometric or amorphous
apatite phase deposited on the surface. Conversely, a much
smaller weight loss (�0.62%) after day 7 may be indirect
evidence of the formation of crystalline HAp on the BGZ
surface.

The direct contact and extract method (Fig. 9a) tests
indicate BGZ is mildly cytotoxic. The aim of the cytotoxicity
tests was to examine whether the presence or degradation/
dissolution of BGZ affected the growth of MG63 cells. This cell
line was preferred, as it has previously been used in biocom-
patibility studies and exhibits a number of features similar to
those of typical human osteoblasts (Clover and Gowen, 1994;
Ferraz et al., 2007). The cellular response as measured by the
scale was 1, indicating mildly cytotoxic effects. The negative
control showed a non-cytotoxic response, and the positive
control yielded a severely cytotoxic response, as expected.
The MTT assay for cell viability (Fig. 10a) also showed BGZ to
be mildly cytotoxic. The principle of the MTT method is that
the tetrazolium ring in MTT is cleaved by the dehydrogenase
present in active mitochondria, which results in the forma-
tion of an insoluble MTT formazan product (Slater et al.,
1963). Therefore, the amount of these crystals serves as an
estimate for the number of mitochondria, and hence, the

number of living cells in the samples. BGZ affected the
cellular proliferation, and the cellular viability decreased with
the time of exposure. A high percentage (72%) was observed

Fig. 7 – Cumulative change in scaffold weight when
subjected to acellular in vitro bioactivity study at various
periods.

Fig. 8 – XRD of (a) BGZ and (b) MBG glass subjected to
acellular in vitro bioactivity study at various periods.

Fig. 9 – Cytotoxicity test (test on extract method). Cell
survival plates treated with 25% concentration of (a) BGZ
extract and (b) MBG extract.
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in only the first 24 h sample, and the cell survival percentage
was only 28% at the end of 72 h. This finding implied that this
bioactive glass might exhibit cytotoxic effects in vivo. How-
ever, the test was carried out with a solution of the sample,
and this type of dissolution is very unlikely in vivo. Never-
theless, further studies are needed.

The direct contact and extract method (Fig. 9b) cytotoxicity
tests indicated MBG to be non-cytotoxic. The cellular
response as measured by the scale was 0, indicating non-
cytotoxic behavior. The negative control yielded a non-
cytotoxic response, and the positive control yielded a
severely cytotoxic response, similar to the results above.
The MTT assay for cell viability (Fig. 10b) also demonstrated
the non-cytotoxic nature of MBG. MBG did not affect the cell
proliferation, and the cellular viability was maintained at
levels higher than 87%. A low percentage was also observed
only for the first 24 h sample, after which the cell survival
percentage began to increase. This finding implied that this
bioactive glass is suitable for implantation, without any
significant cytotoxic effects. Although crystalline HAp formed
after day 7, BGZ scaffold showed mild cyto-toxicity after
day 3, most probably due to the faster dissolution of other

pro-osteoblast ions (e.g., Zn, Mg) as well as the lower
phosphate concentration in the original scaffold.

The wound healing assay showed moderate healing for
BGZ samples. Fig. 11A presents the pictures of streaked plates
from 0–72 h. The wound healing assay is a simple assay that
can be used to test the effect of BGZ on cell migration. The
basic steps involve creating a “wound” in a cell monolayer,
capturing the images at the beginning and at regular intervals
during cell migration to close the wound and comparing the
images to quantify the migration rate of the cells. A decrease
in the diameter of the streak could be observed from the first
24 h and 48 h pictures. However, the streak disappeared in
the 72 h picture due to the mild cytotoxic nature and
considerable cell death, indicating the moderate wound
healing potential of BGZ. Conversely, Fig. 11B presents the
pictures of the streak plate from 0–72 h, which were similar.
A decrease in the diameter of the streak could be observed in
the first 24 h and 48 h pictures. The complete disappearance
of the streak in the 72 h picture is an excellent indication of
the healing potential of MBG for MG63 cells.

3.1. Drug delivery system

The drug loading efficiency was calculated to be 2.2 and 2.1%
for the BGZ and MBG scaffolds, respectively. For the in vitro
drug release, the cut-off limit of the drug was fixed at
Z1.2 mg/mL/day, i.e., at least 10 times the minimum inhibi-
tory concentration (MIC) of Staphylococcus aureus based on the
MIC range for S. aureus (ATCC 29213) (NCCLS, 2002) in order to
deliver the drug above the biofilm eradication concentration
(BEC). Biofilms are one of the major causes for relapse of
infection and are generally considered to require more than
10-fold the MIC to kill planktonic cells (Soundrapandian et al.,
2007).

Fig. 12 presents the release profiles of gatifloxacin from
scaffolds prepared by immersion in drug solutions of varying
concentrations. Of the 3 studied formulations, BGZ-5 and
MBG-5, which were prepared by immersion in a drug solution
of the lowest concentration (6.25mg/mL), released 99.6% and
99.3% in just 2 days, respectively. Both the BGZ-4 and MBG-4
formulations could not sustain the release for the entire study
period and released more than 90% of the drug in 2 days and
98.8% in 15 days, respectively. However, formulations BGZ-3 and

Fig. 11 – Wound healing assay pictures at various time for BGZ (A) and MBG (B).

Fig. 10 – Cell survival percentage treated with (a) BGZ and
(b) MBG observed at various time intervals.
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MBG-3 were found to better sustain the drug release for
extended periods. A decrease in the concentration of the drug
in the loading solution lowered the drug entrapment in the
scaffold (data not presented here). When a scaffold is immersed
in a dilute drug solution, fewer drugmolecules will enter into the
pores, and hence, the pore channels of the scaffolds contain
fewer drug molecules. A low drug entrapment will also result in
the formation of thinner films at the scaffold-dissolution med-
ium interface according to basic mass transfer phenomena.
These conditions probably resulted in the reduced resistance to
the diffusion of drug molecules, which favored faster drug
release.

Bioceramic scaffolds act more like a reservoir, and drug
molecules exist in the scaffolds in four different states (Xia
and Chang, 2006). A considerable portion of the drug mole-
cules is attached to the exterior surface of the bioactive glass
scaffold, while the majority is trapped in the pore channels
where drug molecules exist in three different states. One
fraction of the drug molecules exists at the pore channel
openings, while the remainder exists in the pore channels
where molecules may or may not be bonded to the pore wall
surface. The scaffolds were loaded with gatifloxacin by
immersing them in drug solution and applying negative
pressure. This process attaches drug molecules to the pore
channels and the surface. In addition, the drug molecules
contain highly electronegative atoms/groups, such as F�, N3�

and OH�, which could form hydrogen bonds with the Si–OH
and P–OH groups in the scaffold or at pore wall surface.
Hence, the drug molecules adhered to the surface would
clearly be released faster, while those inside the pore chan-
nels would be released in a sustained fashion, as the drug
must diffuse through the channel (Kundu et al., 2011, 2010b).

Although the BGZ scaffolds could release gatifloxacin for
more than 6 weeks above the set limit, a considerable part of
the drugs was released in one day. Coating the scaffolds

could significantly reduce this burst release, and coating
bioceramic scaffolds with polymer also results in the forma-
tion of organic–inorganic composite scaffolds. Chitosan was
selected, as it is a natural polymer with excellent biocompat-
ibility, non-toxic, biodegradable and bioresorbable (Noble
et al., 1999; Rossi et al., 2008; Ubaidulla et al., 2009). These
properties and their various antibacterial, antifungal, hemo-
static and wound healing biological activities (Baldrick, 2010;
Kong et al., 2008; Park et al., 2008) make it an interesting
polymer. The effect of coating of BGZ scaffolds with chitosan
on drug release was compared with BGZ-3. Fig. 13 illustrates
the release of gatifloxacin from uncoated (BGZ-3) and coated
(BGZ-7 and BGZ-8) scaffolds. Although coating the scaffolds
could significantly reduce the burst release of the drug and
provide for extended release during the study period, the
BGZ-8 formulation, which was coated with highest concen-
tration of chitosan (1% w/v), failed to maintain the set limit
(1.2 mg/mL/day) in the final week. Conversely, BGZ-7, which
was coated with 0.5% chitosan, could reduce the release on
the initial day and maintain the drug release concentration
above the set limit for the entire study period (Kundu et al.,
2010a). Although coatings could be successfully applied to
control drug release, the presence of a polymer coat on
bioceramics may affect the bioactivity by delaying the release
process (Soundrapandian et al., 2009).

Similar observations were made for MBG scaffolds. Here,
MBG-8, which was also coated with the highest concentration
of chitosan (1% w/v), failed to maintain the set limit in the
final week. However, although MBG-8 failed to maintain the
set limit, which was fixed based on the higher end of MIC, the
formulation was very successful in releasing the drug above
0.3 mg/mL/day, a limit based on the lower end of MIC. How-
ever, MBG-7 could both reduce the burst release and maintain
the drug release concentration above the set limit for the
entire study period.

Drug release studies are generally conducted in a dissolu-
tion medium of PBS (Soundrapandian et al., 2007, 2009).
However, bioceramics may react with SBF and form apatites

Fig. 12 – Effect of concentration of drug in loading solution on
drug release for (a) BGZ and (b) MBG scaffolds.

Fig. 13 – Effect of coating and concentration of polymer
solution on drug release for (a) BGZ and (b) MBG scaffolds.
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on the surface, which could alter the drug release (Kundu
et al., 2010b). The effect of dissolution media on drug release
was studied using BGZ-3, and the results are shown in Fig. 14.
The difference in the release profiles became apparent in the
first 24 h. The drug release in SBF was lower than that in PBS,
and the difference became more prominent over time (Kundu
et al., 2010b). While BGZ-3 released approximately 34% (37.9%
for MBG-3) of the drug in the first 24 h, BGZ-9 released only
approximately 26% (29.5% for MBG-9), both of which were
lower than the release (78%) reported earlier for the same
drug from nonporous monolithic-polymer controlled systems
(El-Kamel and Baddour, 2007). At the end of the study period,
the amount of drug released (from BGZ) in SBF was approxi-
mately 16% less than that in PBS (while it was 21% less for
MBG), although the release of the drug exceeded the set
concentration limit. This finding indicates that the same
scaffold could successfully deliver drugs for a few weeks
more in SBF. The release profiles shows that the sustained
release of the drug from the scaffolds in SBF was also
influenced by the formation of apatites. The lowest concen-
trations of drug released per day from MBG-3 and MBG-9 were
2.0 and 7.6 mg/mL, respectively. The release of drug from MBG
scaffolds was lower in SBF than PBS due to the formation of
apatites. A similar influence of SBF on drug release was
reported earlier from polycaprolactone–tricalcium phosphate
composites for growth factors (Rai et al., 2005).

Comparing the results of various models studied (Table 3)
showed that the in vitro release of the drug from MBG and
BGZ scaffolds followed the Korsmeyer–Peppas model more
closely, with the values of “n” varying from 0.29–0.23 and
0.29–0.32, respectively, which was indicative of Fickian diffu-
sion. The theoretical analysis and models of drug release
employed to describe the release from polymers can also be
applied for bioceramics (Melville et al., 2008). The release of
drug from both the scaffolds was found to be diffusion-
dependent, as previously reported for bioceramic carriers
(Melville et al., 2008; Pham et al., 2002). However, previous
reports have only applied Higuchi’s and lacked comparisons
with other models. The release pattern of the drug from MBG
scaffolds fit the Korsmeyer–Peppas model better than Higu-
chi’s model. The advantage of the Korsmeyer–Peppas model
is that it could be applied for spherical or cylindrical shapes,
the mechanism of drug transport could be identified and the
swelling and dissolution processes could be simultaneously
identified in cases that consider diffusion. With “n” values
below 0.45 for cylindrically shaped systems, the model
indicates the drug to be released via Fickian diffusion. The
erosion of the delivery system irrespective of the dissolution
medium had a comparatively lesser effect on the drug
release, as exhibited by the low R2 values of the Hixon–
Crowell model.

4. Conclusion

The results of this study indicated that 63–66% porous and
5- to 50-μm nearly unimodal bioactive glass scaffolds (MBG
and BGZ) formed with a new composition of bioactive glass
could successfully release drugs for 43 days at concentrations
to treat bone infections. In addition, the release of drugs
followed the Peppas–Korsmeyer release pattern based on
Fickian diffusion, and increasing the implant size and drug
load of the scaffold prolonged the release, while a 0.5–1%
chitosan coating on the pore surface of the scaffolds
decreased the burst release and the overall release of the
drug. The results also indicated that MBG-based scaffolds
were bioactive, biocompatible, non-cytotoxic and exhibited
excellent wound healing potential, while BGZ was mildly
cytotoxic with moderate wound healing potential. These
results strongly suggest that MBG scaffolds appear to be a
suitable bone drug delivery system for the treatment of
orthopedic infections and as bone void fillers, but BGZ should
be handled with caution or studied elaborately in detail to
further ascertain and confirm the cytotoxic nature and
wound healing potential of this glass.

Table 3 – Modeled in vitro release kinetics.

Formulation Higuchi
R2

Hixon–Crowell
R2

Korsmeyer–
Peppas

Formulation Higuchi
R2

Hixon–Crowell
R2

Korsmeyer–
Peppas

R2 n R2 n

BGZ-3 0.9226 0.7894 0.972 0.32 MBG-3 0.9024 0.7579 0.9706 0.29
BGZ-9 0.9662 0.9082 0.987 0.29 MBG-9 0.9682 0.9113 0.9911 0.23

Fig. 14 – Effect of dissolution medium on drug release for
(a) BGZ and (b) MBG scaffolds.
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