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Abstract

Bone fractures are common traumas usually compensated by the natural repair process called osteogenesis. In the case of complex and critical size defects, due to a traumatic or pathophysiological context, the repair must be assisted by substitutes that can serve as a support and mechanical replacement and/or as bone filling.

The interest of bioactive glass (BAG) lies in their bioactivity. They have the particularity of releasing their calcium and phosphate ions which precipitate and form a reactive hydroxyapatite layer. However, BAG are hard to shape. So, inspired by bone composition, combining them with organic matrices would provide innovative materials for bone bioengineering. It is in this context that this project is focused, on the development of composite and hybrid materials based on bioactive glass for bone bioengineering. In this project, two paths were explored, i) a composite material based on Poly (Lactic Acid) (PLA) and bioactive glass and ii) a hybrid material based on gelatin and bioactive glass. The first system is more dedicated to assist the functions of mechanical support, whereas the second will be more pertinent to address the need of filling bone defects. In this study, the BAG 13-93 was used directly and compared to the 13-93B20, its boron-doped form known to influence its dissolution properties.

The first part of this work, focused on the composites based on PLA and 13-93 or 13-93B20, allowed us to characterize the two composites and to compare the different BAG reactivity. The boron allowed us to modulate the dissolution rate of the BAG in the composites, leading to a faster dissolution. The bioactivity in vitro of these composites was more important with the 13-93B20. Preliminary cell experimentations using C2C12 myoblastic cells showed that the materials exhibit osteo-stimulating properties.

The second part of this thesis is focused on the elaboration of hybrids based on gelatin and 13-93 or 13-93B20 using a bifunctional coupling agent, the 3-glycidoxypropyltrimethoxysilane (GPTMS). The GPTMS appeared to form covalent links between the organic and inorganic phases as the gels stay self-supported at biological temperature. The 13-93B20 allowed to accelerate the dissolution and to increase the hybrids bioactivity. The biocompatibility of the hybrids has been demonstrated using MC3T3-E1 pre-osteoblastic cells.

The results of this thesis showed that the composition of the BAG is a key property with respect to its behavior and the cellular response. These tailor-made materials have a real potential for physical support, resorbability properties, and bone regeneration capacities via the induction of suitable cellular behaviors favored by bioactive glasses, bringing an osteo-competent and osteostimulating dimension to the implant. Keywords: Composite, Hybrid, Bioactive Glass, Osteo-competence, Bone tissue engineering XXXII XXXIII

Résumé

Les fractures des os sont des traumatismes courants généralement compensés par un processus naturel de réparation appelé ostéogénèse. Lorsqu'il s'agit de défauts complexes et de taille critique, dus à un contexte traumatique ou physiopathologique, la réparation doit être assistée par le biais de matériaux qui puissent servir de support et suppléance mécanique et/ou de comblement osseux.

L'intérêt du verre bioactif (BAG) réside dans sa bioactivité. Ils ont la particularité de libérer leurs ions calcium et phosphate capables de former une couche réactive d'hydroxyapatite. Cependant, les BAG sont difficiles à mettre en forme. Ainsi, inspiré par la composition de l'os, les combiner avec des matrices organiques fournirait des matériaux innovants pour la bioingénierie osseuse. C'est dans ce contexte que s'inscrit ce projet, sur le développement de matériaux composites et hybrides à base de verre bioactif pour la bio-ingénierie de l'os. Dans ce projet, deux voies ont été explorées, i) une association composite à base de Poly (Acide Lactique) (PLA) et de verre bioactif pour répondre aux besoins mécaniques et ii) des matériaux hybrides à base de gélatine et de verre bioactif pouvant servir de matériaux de comblement. Dans cette étude, le BAG 13-93 a été utilisé tel quel et dans sa forme dopée au bore 13-93B20; le bore étant connu pour avoir une influence sur ses propriétés de dissolution.

La première partie de cette thèse, centrée sur les composites à base de PLA et 13-93 ou 13-93B20, a permis de caractériser les deux composites et de comparer les différentes réactivités des BAG. Le bore a permis de moduler la vitesse de dissolution du BAG dans les composites, conduisant à une dissolution plus rapide. Leur bioactivité in vitro a été trouvée plus importante avec le 13-93B20. A l'aide de cellules myoblastiques C2C12, il a été montré que les matériaux présentaient des propriétés ostéo-stimulantes.

La seconde partie de cette thèse est centrée sur l'élaboration d'hybrides à base de gélatine et 13-93 ou 13-93B20 utilisant un agent de couplage bifonctionnel, le 3glycidoxypropyltriméthoxysilane (GPTMS). Le GPTMS semble former des liaisons covalentes entre les phases organique et inorganique car les gels restent autosupportés à température biologique. Le 13-93B20 a permis d'accélérer la dissolution et d'augmenter la bioactivité des hybrides. La biocompatibilité des hybrides a été démontrée à l'aide de cellules préostéoblastiques MC3T3-E1.

Les résultats de ce projet ont montré que la composition du BAG est une propriété clé vis-à-vis de son comportement et de la réponse cellulaire. Ces matériaux sur-mesure présentent un réel potentiel de maintien physique, de résorbabilité et de régénération osseuse via l'induction de comportements cellulaires idoines favorisés par des verres bioactifs, apportant une dimension ostéo-compétente et ostéo-stimulante à l'implant.

Mots clés : Composite, Hybride, Verre bioactif, Ostéo-compétence, Ingénierie tissulaire osseuse

Context

The human musculoskeletal system includes the muscular system and the bone skeleton.

The adult human skeleton has 206 bones [1]. Bone tissue is a material containing an organic matrix mainly composed of collagen and an inorganic matrix made of hydroxyapatite [2]. It constitutes the framework of the body, on which the muscles and other structures can attach themselves. Its main functions are to support and protect the vital organs and the nervous system, to produce blood cells and to store lipids and minerals. Metabolically active, bone undergoes continuous remodeling throughout life. For adults, the skeleton is remodeled at a rate of 10% per year [3]. Bone is often submitted to stresses, but the remodeling process allows it to keep its properties and gives it the capability to heal small fractures naturally [4].

For complex and/or critical size defects, the bone is no longer able to repair naturally, bone remodeling is compromised, and the repair needs to be guided. Indeed, more than 2 million bone grafts are performed worldwide annually. Bone is the second most transplanted tissue worldwide after blood [5]. The major causes of these defects are traumatisms and tissue resection due to cancer [6][7][8]. For the reconstruction, the gold standard is the autologous graft from the iliac crest, because it allows to keep the fundamental properties of bone for an optimal repair [9,10]. However, it presents some drawbacks such as the limited availability. Allografts and xenografts are also used but the disease transmission, their expensive cost and the risk of rejection remain limitations [11]. All these drawbacks have thus lead to an interest in developing biomaterials for the repair of bone tissue.

Biomaterials are materials which interact with the human body, to ensure specific functions, which are: repairing, treating, replacing/substituting a given region of the body by the action of its constituents [12]. Nowadays, with the tissue engineering and regenerative medicine concepts, the challenge of bone bioengineering becomes greater, requiring materials that will not only be used to replace but also to regenerate the tissue [13,14]. These materials need to be biocompatible, biodegradable, and present osteo-properties i.e., osteointegration, osteo-conduction, osteo-induction. Osteointegration is defined as "the direct bond between the implant surface and bone tissue, without a fibrous layer in between". Osteo-conduction is "passive property of a material allowing the deposition of mineralized tissue on its surface".

Osteo-induction refers to "the ability of a material to stimulate differentiation of a cell toward an osteoblast lineage which will lay down mineral and is often demonstrated by implantation in soft tissue environments, such as muscle" [15,16]. These three characteristics are fundamental for an optimal bone repair. In addition, research is currently focusing on bioactive materials. Their bioactivity will optimize the biological response due to their reactivity and the formation of strong interactions with the surrounding tissue [17]. The bioactivity is a key property which will promote osteointegration.

Thus, according to these properties and inspired by bone composition, organic -inorganic materials are a promising alternative for bone repair [18]. The inorganic phase will bring the osteo-properties to the substitute in particular osteo-conduction and osteointegration. It can be dispersed in the organic phase yielding to a composite material, or covalently linked to the organic phase thanks to a coupling agent, resulting in a hybrid material [19,20]. These materials can be tailor-made, adapted to the type and size of the defect.

Depending on the clinical situation, the defects can require materials for mechanical support and substitution and/or filling materials.

Substitution and mechanical support materials consist in, temporarily or permanently, holding in place and stabilizing fractured bones using osteosynthesis implants. Their role, by relatively immobilising the bone fragments, is to allow the natural consolidation of the bone in good position, while often allowing early functional rehabilitation, or to replace totally the bone in question [21]. They require high strength and toughness.

Filling materials concern defects which can have a high volume, with a large bone loss, and cannot be repaired with osteosynthesis implants alone. This repair needs to be guided thanks to materials which will be used to fill critical skeletal defect, to maintain bone volume until complete repair, with an adapted resorption according the newly formed bone tissue [4,22].

Research objectives

It is in this context that the thesis is based, focused on the development of composite and hybrid materials based on bioactive glass for bone tissue engineering. Two materials were developed: a composite based on Poly (Lactic Acid) (PLA) and bioactive glass to provide a support and mechanical replacement function; a hybrid material based on gelatin and bioactive glass to ensure a filling function. Hench et al. in 1969 and represents a group of reactive materials that can bond to mineralized bone tissue [23]. It is widely used in the biomedical area. During its dissolution in an aqueous medium, it releases therapeutic ions, specifically, calcium and phosphate ions which precipitate in a hydroxyapatite reactive layer [24]. The Bioglass 45S5 and BonAlive S53P4 are the only BAGs commercialized [25].

Bioactive glass (BAG) was first developed by

However, if used in organic -inorganic materials, their fast dissolution rate can have an influence on the integrity of the organic matrix [26]. To avoid this effect, we decided to use the glass 13-93, which has a slower reactivity. Doping its composition with boron will allow to tailor its dissolution rate. Boron will increase the dissolution rate of the glass while keeping it lower than the commercialized ones [27,28]. Therefore, the second composition of 13-93 was adapted and 20% of silicate was replaced by borate, resulting in the 13-93B20 BAG.

This work is thereby concentrated on composite materials based on PLA and 13-93 or 13-93B20, and hybrids based on gelatin and 13-93 or 13-93B20. Two BAGs were compared in two different strategies.

The first chapter of this thesis presents a bibliographic introduction of the subject divided in two parts. The first part aims to understand bone tissue background, its structure, its composition, and its different biological processes. This part will allow us to apprehend the properties of the bone which are fundamental to respect for its repair. The second part will allow us to know the different types of bone defects, and the strategies used to repair them.

The second chapter of this thesis is focused on the composites based on PLA and 13-93 or 13-93B20 (Article 1) [29]. These composites have interesting mechanical properties and a slow dissolution rate, thus, should be more suitable to act as a mechanical support and substitution material. The objective was to characterize the two composites and to compare the different BAGs reactivity and bioactivity in vitro. Preliminary cell experimentations were done, using C2C12 myoblastic cells, in order to investigate the biocompatibility of the composites and the ability of the cells to commit to an osteoblastic lineage in presence of the BAG. The results showed that:

i)

The boron allows to tailor the dissolution rate of the BAGs, leading to its faster dissolution and higher reactivity.

ii)

The bioactivity in vitro of the composites was demonstrated and was more important with the 13-93B20.

iii) The C2C12 cells seem to be able to commit to an osteoblastic lineage in presence of the BAG.

The third chapter is focused on the hybrids based on gelatin and 13-93 or 13-93B20

(Article 2) [30]. These hybrids are materials which can maintain bone volume until repair and thus will be more adapted for a filling function. However, the covalent coupling between the gelatin and BAG is fundamental to have a self-supported material at biological temperatures and mechanical properties adapted to this function. The covalent links between the organic and inorganic phases were obtained thanks to the 3-glycidoxypropyltrimethoxysilane (GPTMS).

The objective of this study was to develop and characterize two different hybrids and compare the effect of the 13-93 and 13-93B20. The bioactivity in vitro of these hybrids was investigated.

The biocompatibility of the hybrids was studied using MC3T3-E1 pre-osteoblastic cells. The results showed that:

i)

The GPTMS appear to form covalent links between the organic and inorganic phases as the gelatin gels are still self-supported at 37 °C.

ii)

The dissolution of the glass can be tailored by modifying its composition.

iii)

The bioactivity in vitro of the hybrids was demonstrated and was more important with the 13-93B20.

iv)

The hybrids appear to be cytocompatible as the MC3T3-E1 cells can proliferate and spread on their surface.

The next aim was to study the osteo-stimulation of these hybrids on Bone Marrow Stromal Cells (BMSCs). The results showed that it was difficult for the cells to proliferate on the hybrids. Some investigations are required to explain these outcomes and to find a solution to this issue. Next experimentations will be done using adipose stem cells in order to evaluate their behavior and the osteo-stimulation of this new generation of materials on these stem cells.

These three chapters will be followed by a general conclusion about these results and the perspectives will be presented.

The composition of the BAGs is a key property with respect to its behavior and the cellular response. By adding the boron in the glass composition, its dissolution in aqueous medium is tailored and its bioactivity is more important. Also, it was observed that the effect of BAGs on the organic phase was limited and did not lead to a degradation of the materials. Cells behavior investigations showed that the BAGs can influence the differentiation of the cells. In the two systems studied, the bioactivity of the BAGs is preserved, and the formulation of the 13-93B20

BAG would be a better candidate for applications requiring materials with osteo-properties. 

BONE TISSUE

The human skeleton is composed of 206 bones. These bones are classified in four categories: long bones, flat bones, short bones and irregular bones. Bone tissue has three main functions [1,31,32]:

1. Mechanical: it supports and protects vital organs as well as the nervous system. Bones allow the transfer of forces from one part of the body to another. The mechanical properties of a bone are a compromise between i) stiffness, low elasticity to reduce stress and ii) ductility, to absorb shocks to reduce the risk of fracture.

2. Metabolic: bone tissue is a dynamic tissue in constant renewal under the effect of mechanical stresses. This remodeling leads to the storage or release of mineral salts. The bone thus participates in the phosphocalcic homeostasis of the body.

Hematopoietic:

The hematopoietic marrow, enclosed in the medullary space of the bone, is responsible for the production of all three types of blood cell lines.

Bone: structure and composition

Bone structure

Bone is a connective tissue that can be considered as a composite material [2,33]. The inner part is made of cancellous bone, while the outer part is formed by compact bone. The relative mass ratio between these two types of bone varies from 20% to 80% throughout the skeletal system, depending on the bones. The main difference between cancellous and cortical bone lies in their porosity which varies greatly (i.e. highly porous for the cancellous bone and dense for the cortical one) [34]. Cortical bone has a function of support and protection against mechanical stress while cancellous bone allows metabolic functions.

Cortical bone

Compact bone represents up to 80% of the skeleton weight. It is 95% mineralized and presents between 5 and 30% of porosity [34]. This part of the bone consists of bone lamellae and is organized into a basic circular unitary structure called Haversian system or osteons (Figure 2). An osteon is a cylindrical structure with a diameter between 100 and 400 μm, containing bone lamellae disposed around Haversian canal. This canal is necessary for the cell survival and contains small vessels, connective tissue cells, and nervous fibers isolated. In the osteon are found the osteocytes. These osteocytes are linked together by the canaliculi, to maintain the nutritional intakes between them. Some transverse canals, the Volkmann canals, cross the osteons perpendicularly to their major axis leading to a porosity of the bone, providing vascularity and nutrition for Haversian systems.

Cortical bone is found at the periphery of the bones and around the medullary cavities containing the bone marrow and trabecular bone. It forms the thick wall of the diaphysis of long bones and the much thinner outer covering of short bones and flat bones, such as in particular the maxillary and mandibular bones [2,34].

Cancellous bone

Trabecular or spongious bone presents between 30 and 95 % of porosity [34]. It has a low density, and it is found in the center of the bone delimited by cortical bone. It is a threedimensional network of bone spans, branched and anastomosed with a thickness from 100 to 500 μm and a space between trabeculae of 500 -1000 μm [35]. The trabeculae have a lamellar organization. In this porous structure, there is the bone marrow, constituted of various cell types like for example adipocytes or mesenchymal stem cells, blood vessels, nerves as well as trabeculae osteocytes receiving nutrients through canaliculi network. The bone marrow, involved in hematopoiesis, is the site where blood and immune cells are formed. With age, it becomes the yellow bone marrow, a lipid storage area [31]. Trabecular bone is always surrounded by cortical bone. It is found in small quantities at the center of the diaphysis of long bones, and forms the major part of the metaphysis and epiphyses of these bones where it serves to absorb mechanical stresses (Table 1) [36]. Young modulus (GPa) 7 -30 0.05 -0.9 

The periosteum

The periosteum is the connective tissue found on the external surface on almost all bones of the body. It is the transition phase between the cortical bone and soft tissue [31].

It is divided histologically into two distinct layers:

o the outermost layer, called "fibro-elastic", is resistant and composed of collagen, elastic fibers, and many fibroblasts.

o the "cambial" inner layer, in direct contact with the bone, contains numerous blood vessels, fibroblasts and a dense network of collagen fibers, or "Sharpey fibers", which anchor in the bone to bind the periosteum to bone tissue. Finally, it contains mesenchymal stem cells, osteoprogenitor cells and pre-osteoblasts which can activate during bone repair or appositional growth [31].

The endosteum

It is the internal counterpart of the periosteum. It is in the form of a thin membrane that lines the entire inner side of the oscillatory and the walls of the cavities of the cancellous bone.

It consists of a single layer of osteoprogenitor cells, giving birth to osteoblasts, and osteoclasts [31].

Bone composition

Bone is a composite material consisting of mineral and organic phases. It is also composed of many cell types organized and disseminated in an extracellular organic matrix, reinforced by calcium deposits.

Bone matrix

The main function of bone matrix is to bring the biomechanical and biochemical properties to bone tissue. This matrix is based on an organic and an inorganic phase, representing 25% and 65% of the bone tissue (weight%) respectively and the 10% left represents the water [2].

Inorganic matrix

Bone tissue has two main roles:

o Endure mechanical stresses exerted on itself, thanks to its hardness and rigidity.

o Also constitute an ions reservoir necessary to the homeostasis.

This matrix represents 65% of dry bone weight. This inorganic phase is mostly constituted of calcium phosphate, forming hydroxyapatite [Ca10(PO4)6(OH)2] (HA) crystals. Mineral matrix organization allows the bone to have high stiffness (Table 2) [39]. Indeed, the crystals are deposited and incorporated to collagen fibers. They are parallelly arranged to each other and to the collagen fibers. This organization allows a good mechanical resistance for bone tissue [2,31].

In addition to calcium and phosphate, the mineral phase is also constituted of sodium and magnesium ions (Table 3). They are released when needed by the organism, to maintain the plasma concentration necessary for functions like nerve conduction or muscle contraction [40]. [43].

Density

Collagen is a fibrous protein, insoluble, found in the extracellular matrix of numerous connective tissues. In bone tissue, the organic extracellular matrix proteins are mainly type I collagen (95%) (Table 4) [2,44]. Collagen fibers regulate the nucleation and spatial orientation of HA crystals. Indeed, the triple helix of collagen are aligned in collagen fibrils with a shift between the ends of the two consecutive subunits. The shifts are the nucleation site of HA crystals whose size and orientation are controlled by the structure and organization of collagen fibrils (Figure 3) [31,45].

The organic extracellular matrix is also constituted of type III and type V collagen in a small quantity which have a role in the fibrillogenic regulation and the diameter fibril modulation [46]. 

Type of collagens Function

(d) collagen fiber assemblies of collagen fibrils; (e) bone mineral crystals, collagen molecules, and non-collagenous proteins. [45]

In addition to collagens, the organic matrix is constituted of non-collagenous proteins.

These proteins are involved in the organization of the matrix, act as nucleators of the deposition of HA crystals in the matrix during the bone mineralization and modify the behavior of bone cells. Different types of proteins are found in this matrix like proteoglycans, glycoproteins, serum proteins, Gla proteins (γ-Carboxy Glutamic Acid-Containing Proteins) and the most abundant are presented in Table 5 [44]. 

Proteins type Molecules Functions

Proteoglycans

Bone Sialoprotein

Initiates HA crystals formation and act as bone mineralization nucleator.

Gla Proteins Osteocalcin

Represents 15% to 20% of non-collagenous proteins.

Fixes calcium ions and adheres to HA crystals, regulating the nucleation and growth of crystals, and stopping mineralization process.

Involved in the resorption phenomenon and bone remodeling by promoting osteoclasts recruitment and differentiation.

Table 5:

Most abundant non-collagenic protein families in the organic matrix and their functions [44] This organic matrix has a role in the shape of the bone. It acts as a reservoir of growth factor and cytokines which has a role in bone remodeling. It has also an implication in the overall tissue mechanical resistance.

Bone cells

Four types of cells are responsible for bone remodeling: osteoblasts, osteoclasts, osteocytes and bone-lining cells [32]. The corresponding progenitor cells are Mesenchymal Stem Cells (MSCs) and Hematopoietic Stem Cells (HSCs).

Osteoclasts

The osteoclasts are responsible for bone resorption during the bone remodeling process.

They come from HSCs. The HSCs, under the influence of a transcription factor, proliferate and differentiate into mononuclear progenitor cells. These cells proliferate also and lead to the monocytic, macrophagic and pre-osteoclastic cell lines which go to bone tissue. This happens in the bone marrow under the control of osteoblasts. The pre-osteoclasts have on their membrane surface a receptor activator of the nuclear factor κB (RANK). This receptor binds to a specific cytokine from the Tumor Necrosis Factor (TNF) superfamily, the ligand of RANK (RANK-L), found on osteoblasts cell membrane. After that, many pre-osteoclasts merge to form one immature osteoclast multinucleated (Figure 4) [47,48].

Osteoclasts are responsible for bone resorption by forming resorption lacunae, named Howship lacunae, on the trabecular bone and the periosteum or a resorption tunnel on the cortical bone.

On one hand, bone resorption happens when the mineral phase of the extracellular matrix is degraded thanks to the acidification of the medium. The osteoclasts release H + protons and Cl - ions forming HCl, to obtain a pH of 3 -4, which will dissolve HA crystals. On the other hand, the organic phase is degraded by enzymes like acidic hydrolases, proteases (cathepsin K), collagenases responsible for type I collagen lysis [48]. 

Osteoblasts

The osteoblasts are responsible for the synthesis and the mineralization of bone matrix.

They come from MSCs and are involved in the synthesis of new bone matrix and thus new bone formation. They are also called osteoforming cells. Their differentiation from pre-osteoblasts to osteoblasts is activated by the Transforming Growth Factor β (TGF-β) and Bone

Morphogenetic Proteins (BMP) like the BMP2, BMP4 and BMP7 which activate the synthesis of type I collagen and non-collagenous proteins. Then, thanks to transcription factors, the preosteoblasts become osteoblasts. After that, the osteoblasts have the capacity to synthesize an important amount of type I collagen called osteoid. It is deposited on the pre-existing bone matrix or surrounds osteoblasts transforming them to osteocytes [31,32,48]. The mineralization is done via the secretion of non-collagenous proteins like the osteopontin, sialoprotein, osteocalcin (Figure 5). This induces the formation of HA crystals between type I collagen fibrils by combination of phosphate and calcium, brought by active and passive transfers of constituents from the osteoblasts. This mineralization is progressive, and the extracellular matrix obtained becomes impermeable to exchanges. The osteoblasts are linked with gap junctions which allow their survival in the mineralized tissue. After the secretion of bone matrix and the mineralization, the osteoblast has three pathways (Figure 6) [32,48]: Thus, the osteocytes have a decisive role in the bone tissue remodeling process [32,48].

o

Bone-lining cells

Bone-lining cells are quiescent osteoblasts. They cover bone surface and have no bone formation or resorption activity. Their role is to prevent the osteoclast activity outside the remodeling period. Their metabolic activity is reduced compared to the osteoblasts'. However, it is possible for them to have the capacity to multiply and to differentiate into active osteoblasts, under the influence of stimuli [32].

Bone remodeling and healing

Bone remodeling

Bone remodeling consists in the renewal of bone tissue to maintain its structure, its mechanical properties and its mineral homeostasis [4]. The adult skeleton is renewed by remodeling every 10 years [3]. It allows:

o An adaptation to mechanical stresses, o A repair of micro-traumatisms or fractures, o A control of the mineral homeostasis (fast mobilization of calcium and phosphorus) [49] Bone remodeling starts with the resorption phase initiated by the osteoclasts (Figure 7).

They dig the lacunae in which the new Volkmann canals and osteons will be placed. After the action of osteoclasts, the osteoblasts migrate in the new placement for the osteons and line it.

At this point, the osteoblasts, as described before, secrete the osteoid which is mineralized by the osteocytes. This phenomenon allows to create the new osteons. During bone remodeling process, the bone resorption and apposition need to be balanced. If not, this can result in pathologies such as, for example, the osteoporosis [32].

In the case of a material implanted, this process should be the same. The different bone cells must interact in the same way with the material implanted, that is to be degraded chemically by the osteoclasts and recognized by the osteoblasts for them to migrate and start the remodeling. 

Bone healing

Bone healing is a naturally occurring, complex, process which will take place for small bone defects, for example, fractures which are less than twice the diameter of the injured bone [4]. This process is composed of three different steps (Figure 8): the inflammatory phase, the bone repair phase and the bone remodeling phase [4,50,51].

Inflammatory phase

When bone tissue undergoes a small traumatism like a fracture, a hematoma is formed immediately at the lesion site due to the rupture of blood vessels supplying the bone and the periosteum. It is composed of bone marrow cells and peripheral and intramedullary blood cells (Figure 8).

The inflammatory reaction starts at the lesion site allowing the degradation of the devitalized tissue to have a favorable area for the tissue repair. The inflammatory reaction causes the coagulation of the hematoma in between and around the fracture ends and, in the medulla, forming a template for the callus.

The proinflammatory response starts with the secretion of the tumor necrosis factor-α (TNFα), bone morphogenetic proteins (BMPs), interleukin-1 (IL-1) and IL-6. These cytokines allow the recruitment of macrophages, monocytes, and lymphocytes. These cells remove the damaged and necrotic tissue and secrete cytokines like the vascular endothelial growth factor (VEGF).

Bone repair phase

The VEGF allows the angiogenesis at the site while in the hematoma, a fibrin-rich granulation tissue is formed. MSCs are recruited and differentiate to fibroblasts, chondroblasts and osteoblasts for the chondrogenesis. A collagen-rich fibrocartilaginous callus is formed covering the fracture ends. The cartilaginous callus gives a stable structure to the fracture.

After that, the fibrocartilaginous callus starts to undergo an endochondral ossification. The expression of RANK-L stimulates the differentiation of chondroblasts, chondroclasts, osteoblasts, and osteoclasts. These cells are then responsible of the resorption and calcification of the callus. The new blood vessels formed proliferate, allowing the migration of MSCs.

Finally, a hard and calcified callus of immature bone is formed.

Bone remodeling phase

Thanks to the osteoblasts and osteoclasts, the hard callus is remodeled repeatedly. This remodeling consists of an equilibrium between the bone resorption by the osteoclasts and the new bone formed by the osteoblasts. The center of the callus is replaced by compact bone while the callus ends are replaced by lamellar bone. The new vascular system appears in parallel during the remodeling (Figure 8). This process takes many months, until the regeneration of the normal bone structure. 

B. BONE SITUATIONS NEEDING REPAIR

Bone tissue has the capacity to heal naturally when the injury has a small volume thanks to the bone remodeling process. However, due to traumatisms or pathologies, bone loss can be important, thus, the natural healing is compromised. From a specific size, the bone tissue is no longer able to regenerate on its own and it is then necessary to proceed to a surgical intervention, this is called the critical bone defect or critical size defect (CSD). According to the Orthopedic Trauma Association, the CSD could be defined by a size around 1 to 2 cm or by a loss in volume of more than 50% of the circumference of the bone. However, this definition depends on the location of the bone defect, its tissue environment, the patient's age and the presence of chronic diseases or comorbidities [52]. Philippe Beaudet, orthopedic surgeon, thinks otherwise.

According to him, a bone defect smaller than 6 mm in size does not require surgery. The question arises when the bone defect is between 8 and 12 mm. From 12 mm, the bone defect is considered critical [53]. CSD can be caused by important trauma, pathologies, developmental deformities, tumor resection [4,[54][55][56]. The bone loss in this defect can affect revascularization and tissue differentiation, and possibly leads to spontaneous bone fracture, which cannot be repaired without interventions [57,58].

Bone defect

Traumatic situations

Bone tissue has a stiffness giving itself the ability to resist to external mechanical stress.

When this stress is greater than its resistance capacity, it can cause fractures [8].

A fracture is a breach in the structural continuity of bone cortex, with a degree of injury to the surrounding soft tissues [59]. Different types of fractures exist (Figure 9). These fractures can be due to a violent traumatism and the treatment of the injury depends on its severity.

Usually, the limb is immobilized by a cast, but for CSD, it is repaired by a surgery.

Another cause of fractures can be the overuse [51]. This results from a repeated stress which can cause microfractures within the bone. If this stress increases, more microfractures will appear until a complete fracture. For that, rest, immobilization, and physical therapy are required. Surgical treatment in this case remain exceptional [60]. It is difficult to fixe an age at which the stabilization and decrease steps starts because this last step depends on many factors, such as the menopause for women. A woman, at the end of her life, has lost between 35% and 50% of bone mass compared to man for whom it is estimated at 30% [62].

With age, the bone cell activity decreases which becomes a major concern with the aging of the populations. Bone remodeling is dysregulated, which induces pathologies such as, but not limited to, osteoporosis [63]. This pathology represents a public health problem. At 65 years old, almost 39% of women suffer of osteoporosis, and 70% at > 80 years. Osteoporosis corresponds to the decrease in bone density and resistance and disturbances of bone microarchitecture causing its fragility and thus the increase of the risk of fractures. These fractures compromise the patients' quality of life due to the persistent pain they can cause. In the case of severe fractures (humerus, vertebrae, pelvis, femur), complications can be life-threatening for old or fragile patients [64].

Cancer

In bone tissue, benign or malignant tumors exist [6,7]. There are two possibilities: To treat these tumors, a surgery with different therapeutic treatments such as chemotherapy or radiotherapy are needed. The surgery is used for a bone resection, to remove the tumor.

o

Infections

Bone defects can be due to infections named osteitis [65]. These can be bacterial, mycotic, or parasitic. These contaminations can be due to an opened fracture, a bone surgery, an implanted osteosynthesis material. It can also be hematogenous. They are usually treated thanks to antibiotics but sometimes, it is not enough after a surgery. Thus, it is necessary to extract the infected tissue followed by the antibiotics treatment to eradicate the pathogens.

Therapeutic solutions and repair strategies

Bone tissue has the capacity to heal naturally when the injury has a small volume as explained in the previous parts. However, due to traumatisms or pathologies, bone loss can be important, thus, the natural healing is compromised. The healing needs to be supported. For that, natural and synthetic bone substitutes can be used. They are named biomaterials [66][67][68].

Biomaterials are materials which interact with the human body, to ensure specific functions, which are repairing, treating, replacing, or regenerating a given region of the body by the action of its constituents or for diagnosis. They can be natural or synthetic, alive or lifeless and made of components which interact with biological systems [12].

First, the different repair approaches will be presented. Then, the manufacturing techniques employed for bone substitutes obtention will be introduced. Finally, the materials used for bone applications will be reported also.

Natural and engineered approaches

For bone repair, different approaches are used, depending on the defect. The materials must have properties adapted to the defect but also to the tissue, so that the result of the repair is as close as possible to the shape and initial properties of the bone.

Bone grafts

Autograft

The autograft is the case where the donor and the recipient of the graft are the same patient.

This involves removing patient's own bone tissue from a donor site and then placing it on the recipient site. Usually, the graft is taken from the iliac crest and more rarely from the tibia [69].

The graft is composed of a living organic and cellular tissue with intact cells, and a mineral portion. Autologous bone is osteoconductive, osteoinductive, biocompatible and nonimmunogenic. This is the gold standard for a bone tissue repair [9,10].

However, autografts present limitations (Table 6). Indeed, bone tissue is available in a limited quantity, and the graft may show high morbidity at the site of implantation.

Allograft

The allograft is the case where the transplantation is done from one individual to another from the same species [70]. This is used when the human patient has a significant bone loss or is an elderly person. In this case, the autograft is not possible. Thus, with the allograft, the graft will come from another human donor. It will be a human tissue.

Using allograft is convenient because it avoids the complications of donor site morbidity, it has a better availability than the autograft, it can be used in different forms (powder, strips, bone chips …), in a large quantity and in different types (cancellous, cortical, cortico-cancellous).

The allograft can be freeze-dried, freeze-dried demineralized, fresh or frozen [22,71,[START_REF] Pelker | Biomechanical Properties of Bone Allografts[END_REF]. For the fresh ones, they have a low osteogenicity and can be immunogenic. For the frozen and freeze-dried ones, some processes exist to sterilize them like the gamma-irradiation. Even if the osteoblasts and precursors are lost during the process, that allows to decrease the risk of disease transmission and the grafts still provide osteoconductive properties for new bone formation.

However, allografts have drawbacks (Table 6) also as the disease transmission, the immune reaction even if the transplant is irradiated, the random osteo-conduction within the graft [68]. The main advantages of these materials are their structure, close to that of the human bone (which gives them, after treatment, good osteo-conduction and sometimes osteo-induction properties), their availability in large quantities and a low risk of infectious and bacterial/viral transmission (Table 6). Compared to other types of transplants, they eliminate the need for human donors and provide total absence of morbidity for the patient. These qualities have enabled this class of biomaterials to become the most widely used today.

Table 6:

Advantages and drawbacks of Auto-, Allo-, Xeno-grafts [11] These three different bone grafts have advantages but also and above all disadvantages. To remedy this, it is necessary to develop new methods of repairing bone tissue.

Repair approaches

Depending on the type of defect, its size and the injured bone, different approaches are possible for repair. The substitutes used must be adapted to the different functions needed. Some materials should be suitable for maintaining and substituting the mechanical properties of bone, or, for filling large defects.

Materials for maintaining and substituting mechanical properties

This function consists in, temporarily or permanently, holding in place and stabilizing fractured bones. For this, osteosynthesis implants are used as for example plates, screws, nails, pin or metal wires (Figure 10) [21,[START_REF] Ilizarov | Basic principles of transosseous compression and distraction osteosynthesis[END_REF]: These implants must be biocompatible, non-corrosive and must have high toughness.

Grafts

Nowadays, metals and alloys are the most used, because they present toughness properties adapted for this function. Polymers can be used also, but this is rarer and depends on the bones and mode of repair targeted [START_REF] Chocholata | Fabrication of Scaffolds for Bone-Tissue Regeneration[END_REF]. Their role, by the relative immobility of the bone fragments obtained, is to allow the natural consolidation of the bone in good position while often allowing early functional rehabilitation [START_REF] Flores | Bone Immobilization Devices and Consolidation Mechanisms: Impact on Healing Time[END_REF].

Filling materials

Some defects can have a high volume, with a large bone loss, and cannot be repaired with osteosynthesis implants alone. This repair needs to be helped by materials which will be used to fill critical skeletal defect as for example Demineralized Bone Matrix (DBM), bone cement or calcium-phosphates (Ca-P) [4,[START_REF] Chocholata | Fabrication of Scaffolds for Bone-Tissue Regeneration[END_REF][START_REF] Finkemeier | Bone-Grafting and Bone-Graft Substitutes[END_REF]. They should be osteoconductive, osteoinductive, have the mechanical properties adapted and be bioresorbable (Table 7) [70]. If they do not present these properties, they will need to be suited to allow a bone repair. or improve tissue function" [13,53].

In response to the urgent need of new treatments to repair bone defects, bone tissue engineering is a promising approach to efficiently regenerate bone and circumvent the limitations associated with conventional treatments [14]. The main applications requiring its use include filling bone loss, filling gaps in spinal fusion, and stabilizing vertebral fractures by compression.

Three parameters can be considered in bone tissue engineering strategies:

o A scaffold biocompatible which mimic the extracellular matrix of natural bones o Cells which have an osteogenic potential and that will synthesize and deposit bone matrix o Bioactive components inducing signals which will participate in cell recruitment and differentiation towards the osteogenic phenotype.

Different strategies are possible by combining two or these three parameters (Figure 11) [49]:

o Strategy scaffold/cells (A): The goal is to bring pluripotent or pre-differentiated cells into an osteogenic lineage to a defined anatomical area. These cells are seeded within a scaffold which can be implanted immediately after its formation or after culturing [5]. The materials selected in order to design the scaffolds must, by their properties, allow cell adhesion, survival and differentiation. When this scaffold-cell complex is implanted, the cells will participate in bone regeneration processes, including synthesizing new bone matrix as material degrades to make space for the newly formed bone tissue [START_REF] Ma | Concise Review: Cell-Based Strategies in Bone Tissue Engineering and Regenerative Medicine[END_REF].

o Strategy scaffold/bioactive components (B): The goal is to supply the injured area with bioactive elements which will induce signals stimulating the processes of bone regeneration, recruiting the cells of the host present in the vicinity of the lesion. The release of these molecules (growth factor, or therapeutics ions for example) within the injured site must be perfectly controlled and optimized in order to promote the formation of healthy bone tissue and to avoid complications such as ectopic bone formation [START_REF] Lee | Growth Factor Delivery-Based Tissue Engineering: General Approaches and a Review of Recent Developments[END_REF][START_REF] Niemelä | Bioactive glass and biodegradable polymer composites[END_REF].

o Strategy scaffold/bioactive components/cells (C): The scaffold will present the exogenous cells and the bioactive components. The exogenous cells seeded within the scaffold and the cells of the host will be stimulated by the bioactive agents in order to coordinate the process of bone regeneration. o Biocompatibility:

• Good integration into the host without toxicity, ability to interact with the environment.

• Support cellular activity.

o Osteogenic properties:

• The substitute must be osteoconductive, osteoinductive and osteogenic.

• The substitute must have a good osteo-integration.

o Biodegradability/Resorbability:

• The structure must exhibit an adequate rate of degradation so that the formation of new bone tissue with its initial mechanical properties operates at the same time as the degradation of the 3D structure.

• All residues of the 3D structure must be non-toxic and be able to be excreted by the body without action.

• The 3D structure must have the same mechanical properties of the bone to resist the mechanical stresses imposed on this tissue.

o Porosity:

• An adequate porosity of the structure will allow the re-vascularization of the new tissue formed in order to optimize the diffusion of nutrients and oxygen from the environment to the 3D structure for cell survival and proliferation.

• The optimal size for bone tissue growth is between 200 and 350 μm, and a multilayered structure combining pores of different diameter and interconnected pores is ideal for cell attachment and proliferation.

Fabrication methods

Many methods have been developed to fabricate scaffold for bone tissue engineering.

Depending on the materials used, the techniques should be appropriate to their initial properties and to the scaffold aimed. A distinction is made between conventional and advanced techniques and gelled system synthesis methods [START_REF] Zhu | Biofabrication of Tissue Scaffolds[END_REF].

Conventional techniques

o Solvent-casting and particulate-leaching: these techniques involve using a polymer solution uniformly mixed with salt particles of a specific diameter which will leave a porous structure after solvent evaporation and immersion in water [START_REF] Mikos | Preparation and Characterization of Poly(l-Lactic Acid) Foams[END_REF].

o Gas foaming: Molded biodegradable polymers are pressurized at high pressures with gasfoaming agents, such as CO2 and nitrogen, water, or fluoroform, until the polymers are saturated resulting in nucleation and growth of gas bubbles with sizes ranging between 100 and 500μm in the polymer [START_REF] Di Maio | Structure Optimization of Polycaprolactone Foams by Using Mixtures of CO2 and N2 as Blowing Agents[END_REF][START_REF] Haugen | Water as Foaming Agent for Open Cell Polyurethane Structures[END_REF][START_REF] Parks | Generation of Microcellular Polyurethane Foams via Polymerization in Carbon Dioxide. II: Foam Formation and Characterization[END_REF].

o Phase separation: A polymer solution is quenched and undergoes a liquid-liquid phase separation to form two phases; a polymer-rich phase and a polymer-poor phase. The polymer-rich phase solidifies and the polymer poor phase is removed, leaving a highly porous polymer network [START_REF] Lee | Morphology Development and Characterization of the Phase-Separated Structure Resulting from the Thermal-Induced Phase Separation Phenomenon in Polymer Solutions under a Temperature Gradient[END_REF].

o Melt molding: Melt molding involves filling a mold with polymer powder and a porogen component and then heating to above the glass-transition temperature of the polymer while applying pressure to the mixture. During the fabrication process, the raw materials will bind together to form a scaffold with designed specified external shape. Once the mold is removed, the porogen is leached out and the porous scaffold is then dried [START_REF] Thomson | Biodegradable Polymer Scaffolds to Regenerate Organs[END_REF].

o Freeze drying: Polymeric porous scaffolds can be prepared by freeze drying. In the freezing stage, the polymer solution is cooled down to a certain temperature at which point all materials are in a frozen state and the solvent forms ice crystals, forcing the polymer molecules to aggregate into the interstitial spaces. In the second phase, the solvent is removed by applying a pressure lower than the equilibrium vapor pressure of the frozen solvent. When the solvent is completely sublimated, a dry polymer scaffold with an interconnected porous microstructure remains. The porosity of the scaffolds depends on the concentration of the polymer solution; pore size distribution is affected by the freezing temperatures. Apart from fabricating porous scaffolds, this technique is also used to dry biological samples to protect their bioactivities [START_REF] Liapis | A Theory for the Primary and Secondary Drying Stages of the Freeze-Drying of Pharmaceutical Crystalline and Amorphous Solutes: Comparison between Experimental Data and Theory[END_REF][START_REF] Pikal | The Secondary Drying Stage of Freeze Drying: Drying Kinetics as a Function of Temperature and Chamber Pressure☆[END_REF].

Advanced techniques

o Electrospinning: this is a fabrication technique using electrical charges to draw fine fibers up to the nanometer scale. It has been widely employed to fabricate porous scaffolds with nanofibrous architectures that can mimic the structure and biological functions of the natural extracellular matrix [26]. This technique is able to generate fibers with diameters ranging from 2 nm to several micrometers using solutions of both natural and synthetic polymers, with small pore sizes and high surface area to volume ratios [START_REF] Zhu | Biofabrication of Tissue Scaffolds[END_REF]89].

o 3D printing technologies: 3D printing, through the CAD/CAM technology (Computer-Aided-Design / Computer-Aided-Manufacturing), is a group of methods used to produce scaffolds. It is also an alternative to overcome the limitations of conventional techniques as the use of cytotoxic solvents and the limited control of porosity. This technology allows the production of scaffold with specific shape for patients by images made by Computed Tomography (CT). There are several 3D printing technologies, which are different in the methods of construct creation and materials used for production. Some of them will be described below:

• Powder-based 3D printing: additive manufacturing method that uses raw material in powder form. The structure is built layer by layer and a liquid binder is sprayed on the surface of each powder layer bonding together the powder granules. The structure is supported throughout the process by the surrounding unprocessed powder [START_REF] Brunello | Powder-Based 3D Printing for Bone Tissue Engineering[END_REF].

• Extrusion technology: 3D printers create a model from molten thermoplastic using layer-by-layer method. The main criteria of the materials for this type of printing are the melting temperature and rheology of the molten plastic [89].

• Stereolithography: based on the photo-polymerization of a resin using a UV laser. The model is emerged in the resin chamber and the process is repeated layer-by-layer until the entire construct is produced [89,[START_REF] Guduric | 3D Printing and Characterization of PLA Scaffolds for Layer-by-Layer BioAssembly in Tissue Engineering[END_REF].

• 3D plotting: based on the injection of a solution from a syringe into the liquid collector, the density of which coincides with the density of the solution in the syringe. The collector can also contain polymerizing substances. The process can be performed both at room and elevated temperatures. This method is particularly suitable for obtaining soft matrices from hydrogels [89].

• Selective Laser sintering: based on the sintering of a polymer powder by a CO2 laser beam, while heating it above the transition temperature. The process is repeated layer-by-layer until the entire 3D model is finished. The model should be heated at the end to obtain the final density [START_REF] Guduric | 3D Printing and Characterization of PLA Scaffolds for Layer-by-Layer BioAssembly in Tissue Engineering[END_REF].

Hydrogels synthesis methods

By playing with the method of preparation and with the parameters of the crosslinking reaction it is possible to tailor the final properties of hydrogels. For the preparation of hydrogels, hydrophilic polymers are crosslinked either through covalent bonds or via physical intra-and intermolecular interactions [49].

Physical crosslinking

In physically crosslinked hydrogels, the interactions between polymeric chains are noncovalent, as ionic interactions, hydrogen bonds and hydrophobic effects [START_REF] Ahmed | Hydrogel: Preparation, Characterization, and Applications: A Review[END_REF]. These processes allow to avoid the addition of cytotoxic initiators and chemical crosslinkers and to employ mild conditions of preparation (e.g., pH and temperature) thus improving the cytocompatibility of the hydrogels and possibly permitting the incorporation of cells prior to gelation [START_REF] Rajan | Preparation of Ready-to-Use, Storable and Reconstituted Type I Collagen from Rat Tail Tendon for Tissue Engineering Applications[END_REF].

The main drawbacks of physical hydrogels are generally the low stiffness, deriving from the weakness of the secondary forces involved in crosslinking, that limit their application to non-load-bearing sites. In addition, the stability in physiological environments could be an issue given that premature disassembly of the hydrogels can prevent effective cell engraftment.

Covalent crosslinking

Covalently crosslinked hydrogels overcome the limitations of physical hydrogels related to stability, dwell time after implantation and, partially, mechanical properties. Generally, these systems are composed of polymeric chains bearing reaction sites for 3D network expansion under specific physical and chemical conditions. There are also composites with covalent grafting particles.

These approaches are suitable for tissue engineering only if the employed possibly toxic reagents (precursors, initiators, crosslinkers) can be completely removed before cell addition or implantation [20,[START_REF] Connell | Functionalizing Natural Polymers with Alkoxysilane Coupling Agents: Reacting 3-Glycidoxypropyl Trimethoxysilane with Poly(γ-Glutamic Acid) and Gelatin[END_REF]. In addition, most of covalently crosslinked hydrogels do not allow direct incorporation of cells inside the hydrogel, making it necessary to seed the cells on the surface and, if there is a suitable open macro porosity, let them migrate inside the scaffold. Moreover, chemical functionalization and crosslinking of the starting polymer chains can thoroughly affect their chemistry and then their biological properties, especially for naturally derived materials.

Materials used for bone repair

Different type of materials can be used for bone repair. Natural or synthetic, they should be adapted to the targeted application and to the bone properties [67,[START_REF] Niwa | Biomechanics in Orthopedics[END_REF].

Natural

Organic matrices

Natural polymers are studied to act as organic matrix due to their advantage to constitute a 3D scaffold which will support cells proliferation and differentiation. These polymers are used for bone tissue engineering applications because they have a minimal immunologic response and they present a good biocompatibility, which will promote cell behavior [START_REF] Song | Current Development of Biodegradable Polymeric Materials for Biomedical Applications[END_REF][START_REF] Zarif | A Review of Chitosan-, Alginate-, and Gelatin-Based Biocomposites for Bone Tissue Engineering[END_REF].

o Polysaccharides

• Chitosan

Chitosan has received great attention because it is biocompatible, biodegradable and osteoconductive. This is a natural polymer, a linear polysaccharide, obtained through the deacetylation process of chitin, which is abundant in nature (found in bacteria and fungi cell walls but also extracted from crustacean exoskeleton Stainless steels contain among others (% by mass):

-17 to 22% chromium to improve corrosion resistance.

-9 to 16% nickel which strengthens corrosion resistance.

-2 to 4.2% of molybdenum.

-0.03% to 0.08% carbon.

The carbon content, the presence or absence of added elements and the thermal or physicochemical treatments have an influence on the structure and properties of steels.

Depending on what is expected of an implant, different types of stainless steel can be used (iron-based alloys, low nickel stainless steel …). 316L steel is currently the most common orthopedic steel.

• Cobalt-based alloys (Co-Cr-Mo alloys)

Cobalt-based alloys are also non-magnetic, resistant to wear, corrosion, heat. They are difficult to produce and machine, but significant progress has been made in recent years. Due to their excellent long-term behavior, these alloys are commonly used for prosthetic surgery. In osteosynthesis, the qualities of these materials are less attractive, when compared to other metals in use, but also have their application (especially for nails).

• Titanium alloys

Titanium-based alloys contain 90% of titanium, 6% of aluminum and 4% of vanadium.

They are labeled as Ti6Al4V. Their mechanical properties are lower than the alloys presented before, however superior compared to bone [45]. [38] Despite their mechanical properties (Table 8), metals and alloys present some drawbacks. For example, it happens that, after bone repair, the implant needs to be removed, requiring a second surgery. Also, due to their high mechanical properties, the bone will be less solicited than the implant leading to the implant unsealing.

Metals and alloys

o The most used polymers for bone tissue engineering are (Figure 12):

• Poly (glycolic acid) (PGA)

PGA is an aliphatic polyester produced by chain polymerization. PGA has a degradation time of 6 -12 months in vivo which is why it is used in bone tissue engineering and medical applications [117,120].

• Poly (lactic) acid (PLA)

PLA is synthesized by the cyclic dimer of lactic acid which exists as two optical isomers:

D & L-lactide is the naturally occurring isomer, and DL-lactide is the synthetic blend of Dlactide and L-lactide. The molar mass of the polymer as well as the degree of crystallinity has a significant influence on the mechanical properties. This polymer is commonly used in biomedical devices because of its excellent biocompatibility with the human body, its biodegradability, thermal plasticity, and suitable mechanical properties. However, the PLA has some drawbacks. For instance, it has an insufficient degradation rate and an inability to fully integrate with the bone [114,117,121-123].

• Poly (lactic-co-glycolic) acid (PLGA)

PLGA is a copolymer synthesized from the two homopolymers PLA and PGA.

Synthesizing a copolymer allows to combine the properties of the homopolymer used. For example, the faster biodegradation of the PGA allows to optimize the degradation of the PLA.

Their biodegradation is optimized by controlling the amounts of both polymers [114,124]. • Poly (caprolactone) (PCL)

PCL is synthesized by the ring-opening polymerization of cyclic monomer Ɛ-caprolactone in the presence of stannous octoate, serving as a catalyst. Its degradation can take between 2 and 3 years in vivo (Figure 13) [START_REF] Song | Current Development of Biodegradable Polymeric Materials for Biomedical Applications[END_REF]125].

Figure 13: Structure of poly(e-caprolactone) (PCL) [START_REF] Song | Current Development of Biodegradable Polymeric Materials for Biomedical Applications[END_REF] o Ceramics About 60% of bone substitutes contain ceramics, whether they are pure or combined with other materials. They are inorganic and non-metallic solids. For the most part, they are made, like glasses, of mineral raw materials, oxides, or silicates, compacted and treated to varying degrees at more or less high temperatures. This is the sintering process. properties [70,129].

Biphasic calcium phosphate (BCP) represents the mixing between HA and TCP (generally 60% and 40% respectively). This allows to combine the properties of both ceramics, HA more stable with a low resorption rate and TCP more soluble and a high resorption rate in vivo. This, in order to control the rapidity of the material degradation [130].

• Bioactive glass

Today, there is an increasing interest for an important group of inorganic and bioactive materials: i.e., bioactive glass (BAG). In 1969, L.L. Hench developed glass compositions which had an excellent biocompatibility and showed the ability to bond bone [23]. Bioactivity describes the characteristic of an implant material to interact with or initiate a specific reaction of living tissue upon exposure. This is a key property that promotes osteointegration for bonding and better stability of bone implants. The glass 45S5, Bioglass®, was the first material found to efficiently bond to hard tissue. BAG forms a carbonated HA layer when exposed to biological fluid, favoring the bonding with hard tissues [24,126,131]. It is osteoconductive, osteoinductive and also able to bond to hard and soft tissue [24,126]. Indeed, it was observed that ionic dissolution products from the BAG like Silicon, Calcium, Phosphorus, stimulate expression of several genes of osteoblastic cells.

The main advantage of BAG is the ability to control the composition in order to tailor the dissolution rate and/or control the biological response. For instance, some ions are known to promote osteogenesis (Si), antimicrobial activity (Ag), bone density (Sr), angiogenesis (Li) etc 

Figure 14: Overview of biological responses to ionic dissolution products of bioactive glasses [139]

Silicate BAG is a material containing mostly Silicon in its composition. Silicon plays a significant role in bone mineralization. Intracellular and extracellular response of BAG depends on the Si, Ca, P, and Na release from the glass surface. Silicate BAG like the 45S5, the S53P4 (BonAlive®) or the 13-93 (Table 9) are well-known to support the proliferation and differentiation of osteoblastic cells such as murine MC3T3-E1 cells, during conventional in vitro cell culture [141].

Table 9: Nominal glass composition (weight %)

There are five stages governing the reaction of silicate BAG when immersed in a physiological medium [131]:

1. Rapid ion exchange reactions between the glass network modifiers (Na + and Ca 2+ ) with H + ions from the solution, leads to hydrolysis of the silica groups and the creation of silanol (Si-OH) groups on the glass surface. The pH of the solution increases due to the consumption of H + ions.

2. The soluble silica, in the form of silicic acid, Si(OH)4, is then released into the solution, and Si-OH groups form at the glass surface. 5. The glass continues to dissolve, as the ACP layer incorporates (OH) and (CO)2 from the solution and crystallizes as a Hydroxyl Carbonated Apatite (HCA) layer.

Condensation and polymerization of an amorphous

The first five reaction stages that occur on the glass side of the interface can happen in aqueous solutions like TRIS or Simulated Body Fluid (SBF).

TRIS is an aqueous solution which does not contain any mineral ion, so it allows to quantify the dissolution of the glass exclusively. SBF, by Kokubo et Al [142], is a solution allowing to study the bioactivity of the glass and thus the precipitation of calcium-phosphate, resulting from the dissolution of the glass.

Following the glass reaction, the tissue/material interaction takes place as shown in Figure 15 and Using borosilicate can help to tailor the dissolution properties of the glass. However, a problem remains. Indeed, the BAG is hard and brittle, thus, when using a glass scaffold, its reshaping is a difficulty. Moreover, as explained in the parts above, the organic natural or synthetic matrices which are biocompatible, biodegradable, do not have osteo-properties.

Thereby, the idea is to mix both matrices, organic and inorganic (BAG), in order the obtain a material with their respective properties. The BAG can be used in organic systems that can contain it. This will allow to mix the fundamental properties of the BAG and the organic matrices to have a material which will allow bone repair.

Organic-inorganic composites and hybrids for bone bioengineering

Bone is a material consisting of mineral and organic phases. The minerals are deposited in an oriented fashion on a collagen network. For bone regeneration, BAG is pertinent due to its osteo-conduction and osteo-induction, as it would represent the mineral matrix of the tissue.

However, this material is brittle and hard to shape. It cannot be used alone as an osteosynthesis system. This is the reason why it is mostly used in composite and hybrid materials.

The use of a bioactive inorganic calcium phosphate filler in composite materials for bone biomaterials was pioneered by Bonfield et al in the early 1980s with the production of particulate HA/polyethylene composites [19].

For bone repair, the implant should have the same properties as the tissue. Polymer/ceramic composite scaffolds represent a convenient alternative due to the possibility to tailor their various properties (e.g., mechanical, and structural behavior, degradation kinetics and bioactivity). Much current research is focused on the fabrication of bioactive composite materials, with the bioactive phase incorporated as filler into the bioresorbable polymer matrix.

In particular, composites based on biodegradable polymers are being increasingly studied because this combination does not require a revision surgery for their removal, as newly formed bone gradually substitutes the implanted scaffold during degradation [29,[START_REF] Niemelä | Bioactive glass and biodegradable polymer composites[END_REF][150][151][152]. Effort is devoted to the development of porous, high-strength composite structures for the regeneration of human bone at load-bearing sites. Composites allow the tailoring of the mechanical properties for the specific application to closely match the stiffness of the natural tissue. At the same time, this alternative enables the BAG to be shaped and helps to mimic the bone thanks to its osteo-properties. The bioactivity, here, will allow the osteointegration of the implant in the defect, which will help bone growth and therefore, bone repair. The final properties of the implant depend on the characteristics of the organic phase (such as its chemical composition, molecular weight, and crystallinity) but also on the properties of ceramics (such as their volume fraction, their size, their dispersion, and their agglomeration). Finally, the synthesis conditions could influence the final properties of the implant. Indeed, it is possible for them to influence the mechanical properties of the compounds which can affect the properties of the composite.

Moreover, a drawback with many composites is that the inorganic phase is dispersed in the organic phase and they interact on a micrometer scale, which can result in a gradient of resorption rates during dissolution. This inevitably leads to material instability in vivo [20].

Plus, it can be difficult to control properties such as the degradation of the material and surface chemistry characteristics due to different resorption rate of the components and masking of the bioactive component.

The alternative proposed is working with hybrid material [20,153]. Hybrid inorganicorganic materials are made, as composites, of an organic and an inorganic phases, which are mixed homogeneously or heterogeneously.

Different class of hybrids exist depending on the links between the organic and inorganic phases. Class I hybrids present no covalent links between organic and inorganic components, but rather the bonding occurs through van der Waals or hydrogen bonding or by electrostatic forces. Class II hybrids is the category in which the organic and inorganic phases of the material are linked by strong covalent links [153,154]. The Class II hybrids are the most studied for bone repair, as their covalent links cannot be broken by the biological temperature. This is the case of the gelatin, which cannot be dissolved at biological temperatures when cross-linked.

Hybrid materials are increasingly developed as they require soft chemistry processes which allow to preserve the organic phase and to keep its mechanical properties adapted to bone repair [155]. They are commonly formed by sol-gel method which provides low processing temperatures. During this process the constituent phases interact at a molecular level. That allows a better control of material parameters such as degradation rates or mechanical properties [156]. Hybrids obtained can have different forms as gels, thin films, fibres.

The covalent links between the organic and inorganic phases are obtained thanks to bifunctional and hybrid molecules, able to bond inorganic and organic elements such as 3glycidoxypropyltrimethoxysilane (GPTMS) [157,158], 3-aminopropyltriethoxysilane (APTES) [159], or 3-isocyanatopropyltriethoxysilane (ICPTES) (Figure 17) [160]. GPTMS is a coupling agent which has been shown to be successful for the crosslinking of the gelatin with inorganic phases [20,161].

Figure 17: Structure of different sol-gel precursors used in hybrid materials [162]

Hybrids scaffold for bone tissue engineering were first studied by Julian R Jones who investigated gelatin/bioactive glass hybrids. The bioactive glass was obtained thanks to a silica precursor, the tetraethyl orthosilicate (TEOS) after its hydrolysis under acidic conditions [20,153,161]. The processed hybrid was composed of a single phase comprising the silica network from TEOS hydrolysis and the gelatin.

In this thesis, a new type of hybrids was developed, comprising two heterogeneous phases but covalently linked, made of bioactive glass particles, and gelatin. It is the hybrid nanocomposites [30,154]. The difference between composites and class II hybrid nanocomposites is schematized on Figure 18.

Figure 18: Schematic representation of a composite material (left) and a class II hybrid nanocomposite material (right).

The challenge for bone tissue engineering is to provide a relevant alternative to current clinical solutions whose limitations we have described above. A material for bone tissue engineering must comply with specific and very precise specifications. Ideally, the final material should:

▪ be biocompatible and bioresorbable with controlled degradation and resorption rates, adapted to that of tissue and cell growth, ▪ be osteoconductive, osteoinductive, osteogenic and have a good osteointegration,

▪ have mechanical properties approaching those of the tissues at the implantation site, ▪ be three-dimensional and porous with a structure of interconnected pores for vascular and cellular growth and the transport of nutrients and metabolic wastes,

▪ have the appropriate chemistry surface for the attachment, proliferation, and differentiation of host cells.

As presented above, bone repair requires materials resembling bone in its structure but also its composition, for different applications, specifically, the maintenance and substitution of mechanical properties or for filling a critical bone defect. To respond to these challenges, two systems were studied in this thesis: composites and hybrid materials for bone tissue engineering. These systems are part of the strategy B presented in 2.1.2.3 in Chapter 1 i.e., to provide a material containing an organic matrix in which bioactive mineral particles are dispersed, covalently or otherwise.

These systems are made of a mixture of an organic and an inorganic matrix allowing to them mimic bone composition. The mineral phase used is the 13-93 BAG or the 13-93B20, the same BAG where 20% of silicate is replaced by borate in order to tailor its dissolution rate, to control its bioactivity and guide the cellular response and differentiation. These compositions of BAGs are of interest because they present a slower dissolution compared to the 45S5 or S53P4 BAGs. Indeed, these last are highly reactive and this reactivity can have an influence on the organic matrix integrity but also on cell behavior.

The composites will be based on PLA with a (L/DL) ratio of 70/30 and the BAG presented above with a ratio PLA/BAG of 70/30 wgt% corresponding to approximately 83/17 vol%. PLA has interesting resistance properties but an insufficient degradation rate, and an inability to fully integrate with the bone. BAGs have the osteogenic properties and will influence the degradation properties of the polymer. Therefore, adding the BAG will allow to overcome these drawbacks.

Combining these properties will allow the composites to be more adapted for a support and mechanical substitution function. The composites PLA/13-93 and PLA/13-93B20 will be characterized. Their dissolution rate in vitro and their osteogenic properties using myoblastic cells will be compared.

The hybrids will be made of gelatin and the same BAG with a ratio Gelatin/BAG of 70/30 wgt% corresponding to a ratio of 90/10 vol% when dry. As explained, the difference between a composite and a hybrid lies in the fact that in the hybrid, the organic and inorganic matrices are covalently linked thanks to a bridging agent which here will be the GPTMS. These covalent links will allow to tailor hybrids properties as their stability, their toughness properties and to withstand biological temperatures. Gelatin allows to mimic the organic matrix of the bone.

When gelatin is covalently linked to the BAG it has a better stability at high temperatures but also ductility properties which could correspond to those necessary for filling bone defects.

Therefore, this material is more adapted for this function. The hybrids Gelatin/13-93 and Gelatin/13-93B20 will be characterized and their biocompatibility in vitro investigated with pre-osteoblastic cells. properties bringing together the advantages of the composites' constituents such as the biodegradability, bioactivity and osteoinduction. The materials studied are PLA/13-93 and PLA/13-93B20 (20% of SiO2 is replaced with B2O3 in the 13-93 composition). To characterize them, they were dissolved in TRIS buffer and Simulated Body Fluid (SBF) in vitro. Over the 10 weeks of immersion in TRIS, the ion release from the composites was constant. Following immersion in SBF for 2 weeks, the hydroxyapatite (HA) layer was found to precipitate at the composites surface. By adding Boron, both these reactions were accelerated, as the borosilicate glass dissolves faster than pure silicate glass alone. Polymer degradation was studied and showed that during immersion, the pure PLA rods maintained their molecular weight whereby the composites decreased with time, but despite this the mechanical properties remained stable for at least 10 weeks. Their ability to induce osteogenic differentiation of myoblastic cells was also demonstrated with cell experiments showing that C2C12 cells were able to proliferate and spread on the composites. The Myosin Heavy Chain and Osteopontin were tracked by immunostaining the cells and showed a suppression of the myosin signal and the presence of osteopontin, when seeded onto the composites. This proves osteoinduction occurred. In studying the mineralization of the cells, it was found that BAG presence conditions the synthesizing of mineral matter in the cells. The results show that these composites have a potential for bone tissue engineering.

Keywords: Bioactive Glass, Composite material, Osteogenic differentiation

Introduction

Bioresorbable polymers have been used widely in the past decades as pins, plates and screws in orthopaedic, cranial and oral surgery [1][2][3][4]. The bioresorption of the implants enables leaving the fixation in place until it degrades in the body, releasing non-toxic dissolution byproducts which are then metabolised [5]. However, the bioresorbable polymers developed thus far clinically, are found to degrade at slow rate and lack osteoconductive properties [1,6].

Bioceramics are a class of materials grouping all traditional nearly inert ceramics such as, Al2O3

and ZrO2, and include calcium phosphate ceramics and silicate bioactive glass (BAG). These demonstrate properties extending from bioresorbable to bioactive class A. Clinically, β-TCP (bioresorbable) and synthetic hydroxyapatite (HA) (bioactive) are the more widely used traditionally [1,7,8], but their slow dissolution rate is a limiting factor [9,10]. Indeed, concerns have been addressed pertaining to the limited resorption of those ceramics, in-vivo, when used in cements [11]. BAG is a sub-category of ceramics showing not only osteoconduction, as in synthetic HA, but also osteoinduction [12]. These glasses are commercialized mainly for hard tissue reconstruction, but they also show significant ability to bond to soft tissue [13]. However, shaping the glass into its final shape is, as for all ceramics, challenging.

The quest for bioresorbable implants which are osteoconductive for use in the treatment of traumas in the skeletal system is still ongoing and presents significant challenges still. To overcome some of the drawbacks of single materials, composites have been developed. Here, the focus will be on polymer/BAG composites, as previous studies have demonstrated that fast release of ions from BAG compensated for the decrease in pH due to the rapid degradation of Poly (Lactic acid-co Glycolic Acid) (PLGA) [14]. By adding BAG to (Poly (D,L-Lactic Acid) (P(D,L)LA) or Poly (Lactide-co-Caprolactone) (PLCL) the mechanical properties increases as well as precipitation of an HA layer at the composite scaffold surface [15,16]. These studies used the solvent-casting method. Vergnol et al. developed composites based on P(L,DL)A/45S5

BAG. In this study, glass particles (3.5µm average diameter) were mixed with polymer dissolved in acetone. The pellets obtained were then injected into molds at 145°C and 150 bars of pressure. The presence of the BAG not only increased the rate of degradation of the polymer, but also significantly promoted new bone formation in this animal study [17]. However, there was a large loss in polymer molecular weight reported over the course of the sample processing.

The decrease in molecular weight could not only be assigned to the processing temperature but also to the presence of the BAG particles [18]. The mechanical properties of the scaffold were also found to decrease drastically over the short immersion time in vitro. The loss in mechanical properties seemed to be correlated with the loss in the mineral phase, which is assumed to be fast given the rapid dissolution rate of the small BAG particles. Another study by Niemelä et al. presents self-reinforced composites based on P(L,DL)A/13-93 BAG, made by twin-screw extrusion at temperatures varying between 190 and 195°C. In this study, the particle size was between 50 and 125µm. It is noteworthy, that not only 13-93 is slower dissolving than 45S5 (at similar particle size), but also the larger particle size will further slowdown the dissolution rate of the inorganic phase [19,20]. Degradation of the self-reinforced composites was evaluated in PBS and the results supported the effect of glass dissolution on the polymer degradation rate [19]. The 13-93 particles contained in the self-reinforced composite create a porosity which induces a degradation of the polymer due to acidic dissolution products coming from the environment. The use of 13-93 in the composites appeared to retain higher polymer molecular weights than when using faster dissolving glasses such as 45S5 or S53P4. To overcome the slow dissolution rate of 13-93, boron can replace the silica in the structure, yielding a borosilicate glass. The resulting borosilicate and borate glasses, based on the 13-93 composition, show faster in-vitro dissolution and also faster conversion into HA [21,22]. While high boron content was associated with a decrease in the cell proliferation rate, it was also found to stimulate osteogenic commitment and upregulate endothelial markers [22]. In-vivo and in-vitro studies have shown the promising nature of borosilicate glasses [19,23]. which were placed on a fibrin scaffold prior to polymerization. The materials obtained were able to support directed axon growth [24].

However, the effect of boron substitution for silica, in the glass composition, on the composite physico-chemical properties and cell / material interaction has not yet been studied.

Added to this, based on previously reported results, the use of glass 13-93 and its boroncontaining counterpart might be suitable in maintaining polymer integrity and composite mechanical properties in-vitro while supporting osteogenesis. Therefore, we have developed PLA/BAG composites using 13-93 as control and 13-93B20 with 20% SiO2 replaced by B2O3.

To investigate the in vitro dissolution behavior of our composites, they were immersed in TRIS buffer solution. Ion release from the glass and change in the polymer molecular weight were quantified. The mechanical properties of the composites were studied during the immersion.

The bioactivity, assumed to be related to the precipitation of a HA layer at the surface of the material when immersed in aqueous solution, was assessed in Simulated Body Fluid (SBF), the procedure usually used for testing BAG [25]. Preliminary cell experiments were done to assess cell activity and ability of these two BAG to promote osteogenesis by culturing C2C12 myoblastic cells at the surface of composite discs. Cell proliferation and morphology were studied as well as presence of myosin and/or osteopontin which were tracked by immunostaining. C2C12 cells capacity to synthesize their mineral matrix was analyzed with

Alizarin Red S staining. The aim of this study was to assess if these cells were able to commit to an osteoblastic lineage in presence of the BAG. The molten glasses were cast, annealed, crushed and finally sieved into 125-250µm particles.

The glasses were dried at 125°C for 2 hours before use. The nominal oxide compositions of the glasses are given in Table 1. atmosphere (Figure 1). The feed rates for the PLA and the BAG were fixed to 140g.h -1 and 60g.h -1 respectively to obtain approximately 70wt. % of polymer and 30wt. % of glass in the composite. The processing temperatures and pressures are presented in Table 2. The polymer took about 5 minutes to produce in the extruder including melting and producing the final product. The production time is less when the extruder is filled in advance. Measurements were made on four separate samples at each set time for each composite and the results presented as mean ± standard deviation (SD). The rods were then rinsed with acetone and dried.

Glass

Rod cross section analysis

After immersion in TRIS, the samples were embedded in resin and then polished to observe their cross section using Scanning Electron Microscopy (SEM -GEMINISEM 300 from Zeiss).

Molecular weight of the polymer

Molecular weights of PLA after the samples processing and at various immersion times were determined by Gel Permeation Chromatography (GPC) (Merck Hitachi Lachrom 7000 series) consisting of a pump, a refractive index detector and two Waters Styragel columns (HR5E and HR1). Tetrahydrofuran (THF) was used as eluent at a flow rate of 1 mL/min at 35°C. For each material, an amount of ≃7,5mg of polymer (cross-section of the rod) was weighed and immersed in 5mL of THF until complete dissolution. The solution was then filtered and analyzed. Molecular weights were calibrated using polystyrene standards. The measurements were conducted in four separate samples at each time points for each composition and the results are presented as mean ± SD.

Mechanical properties of the composites

The mechanical properties of the composite rods post-processing and after immersion (wet)

were tested on the Instron 4411 (Instron Ltd., High Wycombe, UK) using a 3-point bending and shear test at room temperature. At least four parallel samples of each composite type were tested. For the bending test, the properties were studied with a crosshead speed of 5 mm.min -1 and a bending span of 42 mm. For the shear test [26], the crosshead speed was 3 mm.min -1 .

The measurements were conducted in the four samples at each set point for each composite and the results are presented as mean ± SD.

Composites bioactivity

Immersion in Simulated Body Fluid (SBF)

SBF was prepared following the methodology [27] from the standard ISO/FDIS 23317 as described by Kokubo et al. The samples were cut to obtain rods of 7cm (≃650 mg) which were immersed in 12mL SBF solution for up to 2 weeks at 37°C in a shaking incubator (HT Infors

Multitron) with at a speed of 100rpm. During the experiment, the solution was not refreshed so that calcium phosphate could be measured. The ion concentration in the solution according to immersion time was measured as previously described. Measurements were made on four separate samples at each set time for each composite and the results presented as mean ± SD.

Rod surface analysis

The reactive layer at the rod surface after immersion in SBF was observed by SEM (GEMINISEM 300 from Zeiss) and its composition was analyzed by Energy-Dispersive X-ray spectroscopy (EDX Quantax from BRUKER). The Infrared (IR) absorption spectra of the composites immersed in SBF were also recorded using a Bruker Alpha FTIR in Attenuated Total Reflectance (ATR) mode to see the effect of the dissolution on their structural properties.

The measurements were performed on dry samples. All IR spectra were recorded within the range 399-4000 cm -1 with a resolution of 2 cm -1 and 32 accumulation scans.

Cell analysis

Disk preparation

PLA, PLA/13-93 and PLA/13-93B20 disks were obtained by compression molding (Nike Hydraulics ZB110, Eskilstuna, Sweden) of a piece of the rods for the cellular tests. The rods were compressed under 10-20 MPa pressure at 140 °C for 1 min, then the mold was cooled down with compressed air and 14mm disks were cut from the plates obtained. These disks were then sterilized by gamma irradiation (25 kGy) at BBF sterilisations service GmbH (Germany).

All experiments were performed in 24-well plates and the disks were washed with PBS prior to use.

Cell culture

Myoblastic C2C12 cells were cultured in DMEM Glutamax supplemented with 10 % Fetal Bovine Serum (FBS) and 1 % penicillin/streptomycin, in an humidified atmosphere of 5 % CO2 at 37 °C.

Cell proliferation and morphology

To compare the behavior of C2C12 cells on the different samples, cell proliferation was studied using CyQUANT Cell Proliferation Assay kit (Invitrogen, Life Technologies). Around 7700 cells/disk were seeded on the 14mm disks in 24-well plate and the medium was changed every 2 days. Cleaned and sterilized microscope glass slides were used as controls. After 1, 2, 4 and 7 days of culture, the cells were lysed with 400 µL 0.1 % Triton-X100 (Sigma-Aldrich)

buffer and conserved at -80 °C. After one freeze-thaw-cycle, three 20 μl aliquots of each lysate were pipetted on to a black 96-well plate (Corning) and mixed with 180 μl working solution (CyQUANT GR dye and cell lysis buffer). The fluorescence was then measured at 520nm with a Spectrofluorimeter Xenius XM (SAFAS).

The morphology of the cells on the different samples was observed after 48 h of culture.

The same number of cells was seeded on the disks and after 48 h, the cells were fixed with 3 % (w/v) para-formaldehyde solution dissolved in PBS (Sigma Aldrich) for 15 min, then permeabilized with 0.1 % (v/v) Triton X-100 (Sigma Aldrich) for 10 min. Non-specific binding sites were blocked by incubating the disks in PBS containing 1 % Bovine Serum Albumin (BSA) for 1 h. The cytoskeleton and nuclei of the cells were stained respectively with 1:500 FITC-labelled phalloidin (Sigma Aldrich P5282) and 1:1000 4',6-Diamidino-2-phenylindole dihydrochloride (DAPI, Sigma Aldrich D9542) in PBS-BSA 0.5 % for 1 h. Each incubation with antibodies was performed in the dark in a humid atmosphere. Samples were then washed in PBS-BSA 0.5 %, mounted in Prolongold (Invitrogen), and observed under a LSM710 confocal microscope (Carl Zeiss).

Cell differentiation

The expression of a late myoblastic marker (myosin heavy chain) and an early osteoblastic marker (osteopontin) were studied using specific antibodies. Around 600 C2C12 cells were seeded on the disks and cultured for 14 days. Cleaned and sterilized microscope glass slides were used as controls. Cells were then labelled with mouse anti-myosin heavy chain (MHC, 1:1000, Millipore 05716), and rabbit anti-osteopontin (1:500, Millipore AB10910) diluted in PBS containing 0.5 % BSA. Primary antibodies are revealed using Alexa Fluor 488 or Alexa Fluor 568-conjugated goat anti-mouse or anti-rabbit antibodies both 1:400 in PBS-BSA 0.5 % (Invitrogen) as secondary antibodies. Samples were observed using a LSM710 confocal microscope (Carl Zeiss).

Mineralization was also assessed at 10 days and 14 days using Alizarin Red S stain (the calcium minerals stain red). The staining from a previously described protocol was adjusted [28] in that cells were fixed with paraformaldehyde for 15min at room temperature and stained with 2 % Alizarin red S (pH 4.1-4.3; Sigma-Aldrich) for 20 min at room temperature. The excess color was washed away with three consecutive water washes after which the samples were observed under an optical microscope.

Statistical analysis

Data were analyzed using GraphPad Prism Software. Statistical significance between groups is assessed by one-way analysis of variance (ANOVA). Experimental results are expressed as means ± standard deviation. Statistical significance is taken for values of p < 0.05.

Results and discussion

The aim of this study was to develop a polymer-BAG composite able to release ions beneficial for bone regeneration while maintaining, post-processing, the mechanical properties and the molecular weight of the polymer. As it has been reported that it is difficult to produce a polymer-bioglass ® (i.e., 45S5) composite, we decided to incorporate BAG 13-93 into a PLA matrix. As reported by Brink et al. the dissolution rate of the glass 13-93 is much slower than the typical BAG used clinically (i.e. 45S5 (Bioglass®) and S53P4 (BonAlive®) [20]). To control glass dissolution, a second glass composite was tested [23], whereby 20% of the SiO2 in the 13-93 composition was replaced with B2O3. The targeted glass loading was 30 wt%. Thermogravimetric analysis was conducted (Figure S1) to assess the true glass loading in the polymer matrix post-processing as well as the homogeneity of the processed rods. Glass loading was 38±2 wt% and 35±4 wt% for the PLA/13-93 and PLA/13-93B20, respectively, demonstrating good control over the process used to produce the composites.

Characterization of the composites after processing

Before extrusion, the molecular weight of the PLA granules was measured to be ~530 kDa.

As expected, after extrusion, the molecular weight of the pure PLA decreased about 40 %, while the PLA loaded with BAG decreased by ~50% regardless of the glass composition. The decrease of the molecular weight recorded is not as high as that reported in the literature. For example, Vergnol et al. show a decrease in molecular weight of ~90% when producing PLA-BAG composite processed by injection molding [17]. Moreover, the PLA/S53P4 composites The mechanical properties of the PLA and its composites were measured in 3-point bending and shear. Both composites have an almost stable flexural modulus in wet and dry conditions but show a decrease in shear stress in both conditions, when compared to the polymer alone. The changes in the mechanical properties are only a function of the glass loading but not due to the nature of the glass. The decrease in the shear strength was not unexpected, since polymer glass composites are known to become weaker, and tend to become more brittle, as can be seen by an increase in their elastic modulus. Here, the decrease in the flexural modulus indicates an increase in the ductility. Such behavior, was already reported in self-reinforced polymer/BAG filaments [26]. The loss in mechanical properties is probably due to the absence of chemical bonds between the glass and the polymer, leading to a loss of cohesivity.

Behavior of the composites in solution 2.1 Dissolution in TRIS

The co-degradation in TRIS of the polymer and glass was assessed by GPC and ICP-OES measurements and compared to that of the dissolution of the pure PLA rods. especially at longer immersion times, the standard deviation was higher in the case of the polymer containing the glass 13-93B20 than 13-93.

It is a known fact that upon immersion of a silicate glass in aqueous solution, initially ion exchange occurs followed by condensation and re-polymerization of a silica-rich layer [12]. If this layer is not uniformly formed at the surface of all glass particles, variations in ion release can be expected. All ion concentrations were normalized to the element contained in the starting rod to clearly show the extent of ion release. all ions are found to leach out into the solution. However, the difference in the dissolution profile of ions from the composites containing the glass 13-93B20 compared to ion release from composites containing the glass 13-93, is of interest.

1. While in Figure 3A) the Ca, K, Mg and Na dissolve, from the glass 13-93, at similar rate, a slower release of Ca was measured during dissolution of composites containing the glass 13-93B20 (Figure 3B). Furthermore, Ca release follows a similar dissolution profile to B as shown in Figure 3B).

2. The initial release rate for all ions is faster for composites containing the glass 13-93B20.

However, at extended immersion time (>15 days) a decrease in the release rate of all ions can be seen; whereas when immersing composites containing the glass 13-93 (Figure 3A)

only Si and P release rate slows down at extended immersion time, while all other ions show a linear release.

3. The final ion release content in the solution (at 70 days) is slightly lower in the case of the composite containing the glass 13-93B20 than in that containing the glass 13-93.

From the literature many interactions between the B2O3 and SiO2 in the glass were reported to happen. Some are reported below [29][30][31][32]: 

2Si-O -+B-O-B→Si-O-Si+2B-O - (1) Si-O -+B-O-B→Si-O-B+B-O - (2) 

B

However, those reactions were not sufficient to explain the physical, thermal, and structural changes associated with the substitution of the SiO2 with B2O3. In depth structural analysis showed preferential interaction between CaO and B2O3 as follow [33]:

BO3 + CaO ↔ BO4 (3) 
More recently, Yu et al. reported the medium-range structural organization of phosphorus bearing borosilicate glasses and the consequence of B/Si substitution [34]. Their findings support the increase in the polymerization of the silica network with increasing substitution ratio. Furthermore, they demonstrated a higher affinity of the phosphorus to bond with B rather than with Si. Therefore, while in typical silicate glass the majority of the phosphorus is present as Q 0 (zero bridging oxygen atom per PO4 unit), an increase in Q 1 units, bridging one oxygen atom per PO4 unit, was evidenced. Overall, the structural modification occurring in the glass network when substituting Si for B is in agreement with the dissolution behavior observed in Figure 3A) and B), i.e., boron and calcium are released at the same rate (Figure 3B) as typically seen in a congruent dissolution. Thus, it appears that the calcium preferentially interacts with the boron sub-network (congruent dissolution) rather than with the silicate sub-network (noncongruent dissolution). The lower, overall release of the ions (at long immersion time) is most likely related to the increase in the degree of polymerization of the silica network as shown in equations 1 and 2, where the number of non-bridging oxygen is expected to decrease with increasing the boron content. However, such structural analysis does not fit the dissolution behavior reported in the literature, which tend to demonstrate that the addition of B2O3 at the expense of SiO2 should increase the glass dissolution rate [35][36][37][38]. It is therefore possible to assume that either the increase in Si-O-Si bridges is associated with a disproportionation of the silicate structure, whereby, 2Q 2 ↔ Q 1 + Q 3 , and/or Si-O-B bridges form between the borate and silicate units. Both assumptions would be consistent with the increase in the initial dissolution rate of the glass in the composite containing the glass 13-93B20 and a progressive decrease in the ion release rate due to remnants of a more stable silicate. As seen in Figure 3A) and B), this leads to a higher ion concentration in the solution containing the borosilicate glass at a short immersion time, and saturation occurring at an earlier time than in the case of traditional silicate BAG such as 13-93. Finally, the increased linkages between the phosphorus structural unit and the more stable BO4 units proposed by Yu et al. [34] is confirmed by the lower phosphorus release profile in the case of the glass 13-93B20 than in 13-93.

Figure 4 shows the cross sections of the composites before and after 10 weeks of immersion in TRIS. Before immersion, the BAG granules are fixed and appear to be maintained by the PLA matrix. After 10 weeks in TRIS, they are seen to be detached from the polymer, regardless of the glass composition, as expected post surface dissolution of the glass particles.

At the same time, the change in the polymer molecular weight was assessed according to time and is presented in Figure 5. Although the extrusion process affected the PLA molecular weight (Mw), it does not seem to be impacted by the interaction with the medium after immersion for up to 10 weeks. However, slow but linear molecular weight decrease is apparent during immersion of the composite. The composite containing the BAG 13-93, showed the fastest PLA degradation with a loss of ~45% of its molecular weight post-extrusion at 10 weeks at a rate of 1710 ± 96 Da / day (R 2 =0.99). The composite containing the BAG 13-93B20 showed a slower decrease, of ~29 % of its original molecular weight after 10 weeks of immersion at a rate of 1133 ± 82 Da / day (R 2 =0.98). In both cases, the degradation of the polymer is due to the interaction between glass dissolution by-products and PLA, most likely by alkaline hydrolysis of ester bonds at the glass/PLA interface [39]. Such behavior was, however, not reported by Maquet et al. with the dissolution of bioglass®-filled polylactic foams but occurred during dissolution of PLA/BAG composite in vivo [16,17]. Added to this, the difference in PLA degradation can be related to the more sustained ion release in the case of the composite containing the glass 13-93 as seen in Figure 3. 

B

The mechanical properties (Young modulus and Shear stress) were measured on wet samples as a function of immersion time (Figure 6). While no significant changes in shear stress, within the accuracy of the measurement, were recorded, a net fall in the Young modulus can be seen after immersion for up to three days. As all the measurements were corrected to the swelling of the sample, such a drop can be attributed to the diffusion of water within the composite structure, most likely due to pores being formed during the processing. After the initial drop, the Young modulus does not seem to be, drastically, impacted by either the glass or the polymer dissolution/degradation.

Upon immersion of composites in TRIS buffer solution, a decrease in the average molecular weight was measured. However, in this study and in agreement with data reported by Vergnol et al, the decrease of the PLA molecular weight alone could not be correlated to changes in the mechanical properties [17]. Yet, in Vergnol et al., a decrease in mechanical properties was recorded upon immersion of the BAG/PLA composite. The loss in mechanical strength is directly related to the composite mass loss with regards to the immersion time. Therefore, the dissolution of mineral phase dictated the change in mechanical properties. In our study, the larger particle size of BAG with slower dissolution rate than in Vergnol et al's work

were used [17]. The low dissolution rate of the BAG used in this study implies that the composite keeps its integrity for at least 10 weeks.

The immersion of the composites in TRIS helped to understand the dissolution of both composites in solution. The 13-93B20 dissolves faster initially than the 13-93 and saturates more quickly to the same level as the 13-93 in the end. This dissolution leads to the decrease of the polymer molecular weight, but the mechanical properties stay almost stable.

Dissolution in SBF

Samples were also immersed in Simulated Body Fluid (SBF). As postulated by L.L. Hench, the ability of a material to induce the precipitation of an hydroxyapatite layer at its surface is considered to be a sign of bioactivity [12].

Immersion in SBF was conducted over a two-week period and the solution was not refreshed.

ICP-OES was used to quantify the ion concentration in the solution. The difference between the ion concentration in SBF and ion concentration post composite immersion was calculated (Figure 7).

The elements Si, K, Mg and B (for the PLA/13-93B20) show similar trends when immersed in TRIS where the 13-93B20 glass leaches out its ions at a faster rate initially and then stabilizes.

However, it is important to point out that i) the dissolution rate starts to slow down at an earlier immersion time in SBF than in TRIS and ii) while limited saturation was noticed, in the case of immersion of the PLA/13-93 in TRIS buffer solution, in SBF, saturation can also be seen for this glass. The Ca concentration seems to increase initially and then decreases with increasing immersion time, whereas the P concentration decreases constantly over dissolution time.

Generally, the decrease in Ca and P in SBF is associated with the precipitation of a calcium-phosphate reactive layer. The decrease in Ca and P is faster and starts at earlier time when the composites containing BAG 13-93B20 are immersed, indicating a faster and more rapid precipitation of the reactive layer in the case of this material. This is most likely due to the faster initial dissolution. While no significant change in the surface topography can be seen after immersion of the PLA in SBF, some spheres could be seen at the surface of the composites after 14 days. The spheres were small and sparsely dispersed at the surface of the composites containing the glass 13-93

(Figure 8D), while higher density of larger spheres (with a wide size distribution) were covering the composites containing the glass 13-93B20 (Figure 8F). This is in agreement with the faster reactive layer formation hypothesized from the ICP analysis for the boron containing composites.

EDX was performed on the spheres showed on Figure 8G) and an EDX spectra is presented in Figure 9A). The composition of the sphere is mainly Ca and P with a Ca/P ratio of ~1.6. This is a good indication that the calcium phosphate layer precipitating is hydroxyapatite. This was further confirmed by FTIR spectroscopy shown in Figure 9B). While only peaks related to the PLA structure were seen in the pure PLA and PLA/13-93 composite, prior and after immersion in SBF, whereas two peaks in the 400-600 cm -1 appeared after PLA/13-93B20 immersion in SBF. These peaks are characteristic of the 𝜈4 (P -O bending) and 𝜈2 (O -P -O bending) PO4 3- vibration in apatite structure [40,41]. This effect is partially overcome when working with 13-93B20. The particles are mainly embedded in PLA which slows the release rate due to the PLA diffusion barrier. However, one should keep in mind that despite 13-93B20 promoting more effective HA precipitation than 13-93, a similar reactivity to 45S5 or S53P4 has not yet been reached.

We developed PLA/BAG composites using a process that enables limiting the polymer degradation while maintaining mechanical properties which are of interest in bone tissue engineering. Furthermore, the inorganic filler dissolved when immersed in aqueous solution with kinetics function of the glass composition. The PLA/13-93B20 composite was also found to precipitate a hydroxyapatite layer upon immersion in SBF. Therefore, we decided to do preliminary cell experiments to assess if these composites have potentially osteogenic properties which are of utmost important in bone reconstruction.

C2C12 proliferation and morphology

The C2C12 cell system was chosen owing to its known dependence by adhesion to the substrate rigidity, and to the experimental ease in measuring the cellular response to the Bone Morphogenetic Protein 2 (BMP-2). In addition, this cell line is important and relevant in the progenitor cell system for bone tissue engineering [42].

Firstly, the proliferation of C2C12 cells on PLA and both composites was studied for up to 7 days (Figure 10).

Glass slides were used as a control. The cells proliferated with the characteristic profile of this cell phenotype on all substrates. At 4 days, the proliferation of C2C12 cells on the composites is significantly higher than on the PLA alone. Fu et al. and Eqtesadi et al. [23,43] have already demonstrated that 13-93 glass alone promotes cell adhesion and proliferation. It is interesting to point out, that at day 4, the cell count is statistically higher at the surface of the PLA/13-93 than on the PLA/13-93B20. This is certainly due to the release of boron from the borosilicate glass, which is known to decrease cell proliferation while promoting osteogenesis [44]. It can also be seen that the morphology of murine C2C12 myoblasts after 48h of incubation (Figure 11), seem to spread more within the cytoskeleton of the cells with PLA/13-93 and PLA/13-93B20, than with PLA alone.

772 ± 212𝜇m 2 439 ± 77𝜇m 2 1097 ± 358𝜇m 2 892 ± 269𝜇m 2
This is confirmed by the measurements of the spreading surface of the cells on each material (Figure 11). The lower ability of the cells to spread on PLA can be correlated to slightly slower proliferation of cells at day 4 (Figure 10), when compared to proliferation on composites.

Thereby, both types of BAG do not present cytotoxic effects and when included in the PLA, they promote proliferation and adhesion of C2C12 cells compared to the PLA alone.

C2C12 differentiation

In order to study the capacity of C2C12 cells to commit to an osteoblastic lineage in presence of BAG, myosin heavy chain (late marker of myogenic differentiation) and osteopontin (early marker of osteoblastic differentiation) were stained after 14 days of incubation.

In Figure 12, it can be seen that the glass control (Figure 12B andC) and pure PLA (Figure 12F and G) have a high myosin expression but no osteopontin expression. The differentiation of C2C12 myoblasts into myotubes can be observed. With a BAG load into the PLA, myosin expression is decreased and osteopontin expression becomes visible (Figure 12J, K, N, O). This expression seems higher for the cells seeded on the composite containing 13-93B20 and myosin expression seems completely suppressed. Clearly, the osteopontin, marker of osteoblastic differentiation, is significantly expressed in cells cultured on the composites and this expression seems higher when using the borosilicate glass in PLA. However, the marker quantifying to confirm the effect of the boron included in the glass formulation compared to the silicate glass. C2C12 cells are often used to study osteodifferentiation in presence of BMPs [42,45]. Here, their capacity to differentiate into osteoblastic cells is exploited in the presence of BAG showing promising results for osteodifferentiation.

Mineralization was investigated using Alizarin Red Staining after 10 and 14 days of culture. This product stains the mineral calcium. As 10 days appeared to be too short a time to distinguish the mineralization, only images after 14 days of incubation are presented in Figure 13. Figure 13 shows the glass, the PLA, and both composites post staining with Alizarin Red.

On the glass control and the PLA without cells (Figure 13A andB), no red staining could be observed with the cells (Figure 13E and F), the staining seen is attributed to the high cell density, and therefore gives an indication of background noise. On both composites without cells, a slight red coloration is observed (Figure 13C andD). As shown in Figure 7, the dissolution of the composites leads to a small amount of HA precipitation. This may well occur within the culture medium and, therefore, the slight red coloration may be due to either, Alizarin being trapped at the glass/PLA interface of stained HA mineral. When the PLA/13-93 and the PLA/13-93B20 are seeded with the cells, strong red staining is evident, showing mineral formation (Figure 13G andH). These results, when compared to the results obtained without cells, suggest that the mineral stained by the Alizarin is not due to the precipitation of HA but is produced by the cells through their metabolism in presence of the 13-93 or 13-93B20.

Therefore, the cells are conditioned by the composites to synthesize their mineral matter. 

Conclusion

Composites made of PLA and bioactive glasses (silicate 13-93 and borosilicate 13-93B20)

were processed by twin-screw extrusion. This process led to composites with content in the organic phase consistent across the length of the filaments and in agreement with the expected loading. The choice of the glass composition, particle size, glass loading, extrusion temperature as well as pressure for extrusion notably reduced the thermal degradation of the PLA, when compared to previous studies performed with similar or other processing techniques. The presence of BAG particles within the PLA matrix leads to a more ductile, but more fragile material as seen in the case of self-reinforced polymer/BAG composites.

The dissolution of the glass is not impaired by the polymeric matrix. As hypothesized, the substitution of part of the SiO2 in the 13-93 glass composition with B2O3 leads to an increase in the initial dissolution rate. In turns, this leads to a higher level of hydroxyapatite precipitation.

However, the dissolution of the BAG leads to an increased degradation rate of the PLA, not affecting the mechanical properties which remained stable for at least 10 weeks. Finally, the dissolution of the composites in SBF support the hypothesis that the developed composites are bioactive, especially in the case of the composite containing the glass 13-93B20.

The osteogenic response of the C2C12 myoblastic cells to both composites -PLA/13-93 and PLA/13-93B20 -was studied. Cells were grown and spread on the composites and the expression of the myosin and the osteopontin measured after 14 days. When cells were cultured on pure PLA, myosin expression was clearly observed while on composites, only osteopontin was expressed. The mineralization experiment showed that the cells in presence of the 13-93

and the 13-93B20 were able to synthesize their mineral matrix.

These composites are promising for bone application. Nevertheless, we feel that more studies are needed to quantify and confirm the effect of the borosilicate at the cellular level. 

Supplementary data

From Composites to Hybrid materials

Composites made of PLA and silicate or borosilicate glass have been studied. Their dissolution, bioactivity, and osteogenic properties were tailored with the boron-doped BAG.

These composites made of an inorganic phase which is dispersed in the organic within micrometer scale interactions show interesting glass dissolution behavior and exhibit promising potential for bone application.

This strategy allows to combine the properties of each matrix in the final material. But some drawbacks remain. Indeed, if the organic and inorganic phases have different dissolution rates, this can result in different resorption rates in the material during dissolution. It would inevitably lead to material instability [20]. At the end, it may be difficult to perfectly i) control

properties such as the degradation of the material, the surface chemistry due to different resorption rate of the components, and ii) to maintain the bioactivity of the particles while the bioactive component is covered by the polymer. Thereby, a high percentage of the particles do not come into contact with the host bone cells [163]. Moreover, their manufacturing necessitates thermal processes requiring high temperatures which can lead to a partial degradation of the material but also prevent any enrichment of osteogenic biomolecules. In addition, depending on the organic matrix properties, composites usually have mechanical properties that are too high thus limiting the applications in which they could be used.

To remedy these disadvantages, working with materials made of organic and inorganic compounds linked covalently would be an alternative. Indeed, bone is composed of hydroxyapatite organized in the organic matrix. It has been shown that the organic and inorganic phases of the bone interact at the molecular level, and this can have an influence on the properties of the bone. For example, the interactions between anionic groups of the extracellular matrix proteins and the calcium ions from the inorganic matrix gives the bone its high toughness [164]. Thus, to improve the interaction between the organic and inorganic phases and to stay as close as possible to bone composition, working on hybrid materials appeared obvious to us.

Hybrids are materials where the organic and inorganic phases interact chemically on a nanoscale. That allows a better control of material parameters such as degradation rates or mechanical properties [156]. They are commonly formed by a sol-gel method, in which the constituent phases interact at a molecular level. Contrary to the composites, hybrid materials are made through soft chemistry, which is not offensive to the organic and inorganic components and allow to maintain their integrity. Working with hybrids will allow to obtain materials which can be adaptable and custom-made. Indeed, the inorganic and organic content can vary in order to design the scaffold with specific properties. Also, the amount of covalent coupling can be adapted to the properties needed by the hybrids. All these parameters will allow us to obtain hybrids tailored according to the requirements of the targeted applications. Another positive point of these scaffold is the mode of administration which could be by injectability, avoiding too invasive surgery.

By following this strategy and inspired from other studies, a new family of materials, hybrids based on gelatin and bioactive glass particles were proposed [20,156,160,161,163,165]. Biocompatible and biodegradable, the gelatin in this material allowed to mimic the organic matrix of the bone. However, gelatin is not self-supported at biological temperature. Thus, it was necessary to covalently link this organic phase to the BAG particles in order to control the properties of the materials such as, but not limited to, their dissolution. For that, the GPTMS was used as a bridging agent between the gelatin and the BAG [158,163,166,167]. This molecule contains a reactive epoxy-ring, which can undergo an acid catalyzed nucleophilic attack to link itself to the gelatin. Its three methoxy silane groups, which can hydrolyze to obtain Si-OH groups, can form a network through condensation reactions with the silica-rich layer of the BAG during its dissolution. Thereby, the final scaffold obtained will be made of gelatin covalently linked to the BAG particles.

Hybrid materials were designed, fabricated, and studied with the 13-93 BAG particles and the doped boron-formulation (the 13-93B20) in order to compare their dissolution rate and to verify that the BAG keep its properties in this innovative system.

Introduction

Bone fractures are a common trauma. For a large loss of bone substance (defect greater than 1 cm 3 ) following a traumatic situation as a pathology or accidental defect, the natural process of self-repair is compromised [1]. Tissue engineering is an innovative approach used for bone repair. Bone reconstruction is assisted with materials that participate in tissue regeneration [2,3]. These materials must have properties adapted to this function.

Bioactive ceramics are of interest in bone regeneration. The bioactivity of these materials results in the appearance of biological activity in the host organism and the existence of ion exchanges between the material and living tissue [4]. Synthetic hydroxyapatite (HA) and βtricalcium phosphate (β-TCP) are more widely used [5][6][7]. They often have osteoconductive and sometimes osteoinductive properties. However, their slow resorption limits their clinical relevance [8,9]. Indeed, the limited resorption of those ceramics was demonstrated in-vivo when used in cements [10].

Bioactive Glass (BAG) is a subcategory of ceramics and are not only osteoconductive but also osteoinductive [11]. These glasses are mainly used for hard tissue reconstruction, but they are also able to bond to soft tissue [12]. However, due to their brittleness, shaping the glass into its final shape remains a challenge. Organic/inorganic composite scaffolds represent a convenient alternative to traditional BAGs. They allow for the possibility to tailor the mechanical properties, degradation kinetics, and bioactivity. Current research is focused on the fabrication of bioactive composite materials, with the bioactive phase incorporated as a filler into the bioresorbable polymer matrix [13]. However, a drawback with many conventional composites is that the constituent phases interact on a micrometer scale, which can result in differential resorption rates during dissolution and masking of the bioactive component. This would inevitably lead to material instability in vivo [14].

Hybrid scaffolds are materials where the organic and inorganic phases interact chemically on a nanoscale, allowing us to control the properties of the final material, for instance, degradation rates and mechanical properties [14][15][16]. Moreover, the inorganic and organic contents in addition to the degree of covalent links can be adjusted for precise control of the hybrid properties as stiffness and dissolution rates, leading to material adapted for a specific application [14]. For hybrid formation, covalent links between organic and inorganic matrixes are fundamental. They can be obtained through reaction with organosilanes such as 3glycidoxypropyltrimethoxysilane (GPTMS) or 3-aminopropyltriethoxysilane (APTES) [17][18][19][20].

In our work, we present hybrid materials for bone tissue engineering based on gelatin and BAG (Figure 1), where two BAGs, with different compositions (13-93 and 13-93B20), are compared. 13-93 is a Food and Drug Administration (FDA)-approved BAG that exhibits a slower dissolution rate than commercialized BAGs 45S5 or S53P4 [21,22]. The rational for studying 13-93 BAG lies in preventing excessive dissolution of the glass particles during processing, degradation of the organic phase, a decrease in the mechanical properties, and a fast release of ions that could be toxic for the cells. 13-93B20, a similar composition to 13-93 but with 20% of the SiO2 substituted with B2O3, was also included in the study. It has been showed

that the borosilicate glasses based on the 13-93 composition have faster in vitro dissolution but also faster conversion to HA while maintaining a slower dissolution kinetics than 45S5 and S53P4 [13,23,24].

Here, two hybrid materials were studied, based on gelatin and 13-93 or 13-93B20. The content of the organic and inorganic matrixes was 70/30 (wt%), and a Cfactor (degree of covalent coupling, molar ratio of GPTMS/gelatin) of 500 was used. To investigate their in-vitro dissolution, the hybrids were immersed in Tris(hydroxymethyl)aminomethane (TRIS) buffer solution for one month. Ion release from the glass was quantified, and the mineral content was measured. The compressive properties of the hybrids were studied during the immersion. The bioactivity, assumed to be related to the precipitation of a HA layer at the materials' surface when immersed in aqueous solution, was assessed in Simulated Body Fluid (SBF) [25].

Preliminary cell experiments were performed to assess cell activity by culturing MC3T3-E1 pre-osteoblastic cells at the surface of the hybrids. Cell proliferation and morphology were studied. The aim of this study was to assess the stability of the hybrids, in vitro, in aqueous solutions and its biocompatibility. The measurements were conducted in four separate samples at each time points for each composition, and the results are presented as mean ± standard deviation (SD).

Materials and Methods

Materials preparation and characterization

• Mineral content in hybrids

Mineral mass after the samples' synthesis and at various immersion times was measured after freeze-drying and burning the samples 2h at 500°C, under air, to remove all the organic phase. The remaining mineral phase was weighed. The measurements were conducted on four separate samples at each time points for each composition and the results are presented as mean ± SD.

• Mechanical properties of the hybrids

The mechanical properties of the hybrids after synthesis and after immersion (wet) were tested by compression test at room temperature using a texturometer (LS1, Lloyd Instruments, Ametek, Berwyn, PA, USA). The measurements were conducted on four separate samples at each time point for each composition. A 20 N load cell was used for testing, with a compression extension speed of 1 mm.min -1 . The results are presented as mean ± SD.

Hybrids bioactivity

• Immersion in Simulated Body Fluid (SBF)

Developed by Kokubo et al., SBF was prepared following the methodology from the standard ISO/FDIS 23317 [27]. The samples were punched to obtain small cylinders of 11 mm diameter and 4 mm height (≃380 mg), which were immersed in 30 mL of SBF for up to 2 weeks at 37 °C on an agitator (Heidolph Instruments, Schwabach, Germany) with an orbital speed of 100 rpm. During the experiment, the solution was not refreshed to study the precipitation of calcium phosphate. The ion concentration in the solution according to immersion time was measured as previously described. The measurements were conducted in four separate samples at each time points for each composition, and the results are presented as mean ± SD.

• Mineral content in hybrids

Mineral mass after various immersion times was measured as explained above.

Measurements were conducted on four separate samples at each time points for each composition and the results are presented as mean ± SD.

• Hybrids surface analysis

The reactive layer on the hybrid surface after immersion in SBF was observed by SEM (GEMINISEM 300 from Zeiss, Iena, Germany), and its composition was analyzed by Energy-Dispersive X-ray spectroscopy (EDX Quantax from Bruker, Billerica, MA, USA). The Infrared (IR) absorption spectra of the hybrids immersed in SBF were also recorded using a Bruker Alpha FTIR in Attenuated Total Reflectance (ATR) mode. The measurements were performed on dry samples. All IR spectra were recorded within the range 399-4000 cm -1 with a resolution of 2 cm -1 and 32 accumulation scans.

Cell analysis

• Hybrids preparation G*/13-93 and G*/13-93B20 hybrids were synthesized in sterile conditions. The samples were cut to obtain small cylinders of 11mm of diameter and 4mm of height. Each material of each condition was immersed in sterile TRIS solution during 10 days at 37°C to remove excess components. After that, all cell experiments were performed in 48-well plates.

• Cell culture Pre-osteoblastic MC3T3-E1 cells subclone four (ATCC, Manassas, VA, USA) were cultured in α-Minimum Essential Media (α-MEM) (Gibco, Life Technologies, Carlsbad, CA, USA) containing glutamine supplemented with 10% Fetal Bovine Serum (FBS, Biosera, Marikina, Philippines) and 1% penicillin/streptomycin (Gibco, Life Technologies, Carlsbad, CA, USA). The cells were cultured with a humidified atmosphere of 5% CO2 at 37 °C.

• Cell proliferation

To compare the behavior of MC3T3-E1 cells on the different samples, cell proliferation was studied using a CyQUANT Cell Proliferation Assay kit (Invitrogen, Life Technologies, Carlsbad, CA, USA). The control used was the Tissue Culture Polystyrene (TCPS) 48 wellplate. The hybrids were placed in the wells, and 5000 cells/well were seeded. The medium was changed every 2 days. After 1, 3, 7, 10, and 14 days of culture, the cells were lysed with 700 µL 0.1% Triton-X100 (Fisher Scientific, Hampton, NH, USA) buffer and conserved at -80 °C.

After one freeze-thaw cycle, three 20 μl aliquots of each lysate were pipetted to a black 96well plate (Corning, Corning, NY, USA) and mixed with 180 μl working solution containing

CyQUANT GR dye and cell lysis buffer. The fluorescence at 520 nm was measured with a Spectrofluorometer Xenius XM (Safas, Monaco).

• Cell morphology

The morphology of the cells on the different samples was observed after 1, 7, and 14 days • Statistical analysis Data are analyzed using GraphPad Prism Software. Statistical significance between groups is assessed by one-way analysis of variance (ANOVA). Experimental results are expressed as means ± standard deviation. Statistical significance is taken for values of p < 0.01.

Results and discussion

The aim of this study is to develop hybrid materials based on gelatin and BAG able to release therapeutic ions for bone regeneration while controlling the dissolution properties of the organic and inorganic phases of the scaffold. The first step was to determine the optimal Cfactor for targeted applications. Indeed, the higher the Cfactor, the more covalent links will be formed in the structure. However, an excess of GPTMS can lead to excessive unreacted precursor, leading to cellular toxicity [14,26]. Thus, to avoid this negative effect, studies have led us to use a Cfactor of 500 for our hybrids (data not shown). Therefore, the BAGs 13-93 and 13-93B20

were covalently linked to gelatin with a Cfactor of 500. The materials dissolution in aqueous solutions and their bioactivity were compared.

Characterization of the hybrids after synthesis

Table 2 presents the glass loading in the hybrids and their young modulus after synthesis. The mineral mass in the hybrids was determined after freeze-drying and burning the inorganic phase at 500 °C under air for 2 h. Table 2 shows that the glass loading is 34 ± 2 wt% and 33 ± 1 wt% for G*/13-93 and G*/13-93B20, respectively, as expected from the targeted loading.

Table 2:

Measured glass loading and Young's modulus of the gelatin alone functionalized (G*) and the G*/13-93 and G*/13-93B20 hybrids (for wet samples, the mechanical properties were measured after 10 min of immersion in TRIS).

Young's modulus of G* alone and the hybrids were measured by a compression test. Both hybrids have Young's moduli stable in wet and dry conditions. Young's modulus of the hybrids is lower compared to that for G* alone. This shows that adding the glass in the organic phase influences the mechanical behavior of the scaffolds. This decrease occurs with both BAGs, showing that this is not due to the type of glass. It is interesting to note that, in the case of composite materials, the addition of mineral particles reinforces the mechanical properties [8,9]. However, for our hybrid materials, a decrease in Young's modulus is observed probably because the glass induces defects on the gel structure and adds some heterogeneity. This heterogeneity in turn leads to weak points in the material, which become more friable.

Behavior of the hybrids in solution

Resorbable materials needs to present controlled degradation and sufficient mechanical properties until the bone tissue regeneration [27]. Their bioactivity is a fundamental property that will help bone repair. To assess these properties the hybrids were immersed in aqueous solutions and their dissolution was studied. 

Materials

Dissolution in TRIS

The hybrids degradation in TRIS was studied by mass measurements, ICP-OES analysis, and compression tests. These tests could not be done on G* without BAG because it was dissolving at 37 °C, contrary to G*/13-93 or 13-93B20. This shows that the materials made of gelatin and BAG, covalently linked by the GPTMS, can be considered as hybrids. Moreover, Mahony et al. worked on hybrids based on gelatin and silica network coming from Tetraethyl orthosilicate (TEOS) hydrolysis and condensation and showed that GPTMS is efficient in creating covalent links between both matrices [14]. Figure 2 presents the mass loss of the hybrids as a function of the immersion time (Figure 2A), the hybrid mass after freeze-drying (Figure 2B), and the mineral mass remaining in the materials after immersion (Figure 2C). G*/13-93B20, showing that this mass loss is not dependent on the type of glass. In Figure 2B, a decrease in the hybrid dry mass is observable. At 24 h, the hybrid dry mass goes from 100% to 75% and 89% for G*/13-93 and G*/13-93B20, respectively, and does not reach 50% during the immersion. This result does not corroborate the mass loss at 24 h in Figure 2A. This means that, during the first 24 h, the hybrids lose mostly water. This can be seen from a macroscopic point of view on the hybrids that shrink and lose 2 mm of diameter and 1 mm of height after 24h of immersion, indicating a rearrangement of the hybrids structure, due to a syneresis phenomenon.

In Figure 2B, the hybrid dry mass decreases with immersion time, exhibiting a dissolution of the material. In Figure 2C, the mineral mass decreases with immersion time. This result shows that 13-93 and 13-93B20 dissolve in TRIS solution during immersion. This is further confirmed by the quantification of ion release in solution (Figure 3).

For both hybrids, all ions from the BAG are found to leach out into the solution, showing that the glasses dissolve through the gelatin. The Si release from G*/13-93B20 continuously increases and is slightly lower than that for G*/13-93. Moreover, the initial release of Mg, Na, K, and Ca elements is faster for G*/13-93B20 than for G*/13-93. This can be due to the fact that the borosilicate glass is more reactive with siloxane than G*/13-93, leading to a lower Si release from the hybrids with 13-93B20 than the one with 13-93. The release of the elements coming from G*/13-93B20 directly reaches the plateau from the beginning of the immersion, while it increases for G*/13-93 until it reaches the same plateau (Figure 3 and4). For G*/13-93 (Figure 4A), it appears that the glass dissolution is limited for Ca, K, and Mg, with a plateau reached at 14 days and approximately 20% of these elements released in solution. The Si and Na releases seem to be higher than the first ions cited, linear and continuous for 28 days. Figure 4B presents the release of ions from the hybrids containing 13-93B20 glass. For Ca, K, Mg, and B, the release of these elements is already at the plateau from the first time point contrary to the hybrid containing 13-93 (results also observed in Figure 3). This plateau, reached from the beginning of the immersion at 20% (as for G*/13-93), shows also that the initial dissolution of G*/13-93B20 is faster than for G*/13-93. For both hybrids, the Si and Na releases are more important than for the other elements, with a Na release already stable from the first time point for G*/13-93B20. The higher from the GPTMS and NaF, respectively. The important release of Si in solution is probably followed by condensation and polymerization, forming an amorphous silica-rich layer around the glass [28], slowing down the release of Ca, Mg, K, and B (for G*/13-93).

After analyzing the degradation of the hybrids, their mechanical properties were studied by doing a compression test on wet samples during the immersion (Figure 5). Young's modulus was measured on wet samples as a function of incubation time (Figure 5). The evolution of the mechanical properties takes place in two stages. First, an increase in Young modulus for both hybrids can be seen. A maximum is then reached at 3 days for G*/13-93B20 and at 14 days for G*/13-93. At longer immersion times, a decrease in Young's modulus is noticed. The increase in modulus could be due to the syneresis phenomenon, as explained for Figure 2. The water loss leads to a reinforcement of the mechanical properties. After that, the decrease in Young's modulus would be due to hybrids erosion, inducing a loss of its mechanical properties. This corroborates the phenomenon showed in Figure 3 and4, showing that this decrease happens when the stabilization of ion release is reached for G*/13-93.

Hybrids immersion in TRIS allowed to understand their dissolution and their ions release in solution. The 13-93B20 dissolves and reaches the saturation faster but finally at the same level than the 13-93. This dissolution has an influence on the mechanical properties but it should be noted that despite these variations, Young's modulus stays close to that of cancellous bone [29][30][31].

Dissolution in Simulated Body Fluid (SBF)

The hybrids were immersed in Simulated Body Fluid (SBF) to study their bioactivity. ICP-OES analysis, mass measurements, SEM observations, and EDX and FTIR analysis were conducted to assess the ion release/precipitation and the formation of a reactive layer.

As postulated by L.L. Hench, the ability of a material to induce precipitation of an hydroxyapatite layer at its surface can be considered as a sign of bioactivity [11]. Immersion in SBF was conducted for two weeks, and the solution was not refreshed. The ion concentration in the solution was quantified. The difference between the ion concentration in SBF and ion concentration after hybrid immersion was calculated (Figure 6).

The Ca concentration seems to increase initially and then decreases with immersion time, whereas the P concentration decreases from the beginning of the dissolution. This phenomenon was also observed in our previous study on composites based on Poly(Lactic) Acid (PLA) and the same glasses [13]. Generally, the decrease in Ca and P in SBF corresponds to the precipitation of a calcium-phosphate reactive layer. The elements Mg and K show similar trends during immersion in SBF. The 13-93B20 glass leaches out its ions at a faster rate initially than 13-93 and then; for both hybrids, a decrease in Mg and K concentrations appears. It is important to note that the dissolution rate slows down at earlier immersion times in SBF than in TRIS for G*/13-93. This decrease shows the saturation of the solution and probably that Mg and K can be incorporated into the calcium-phosphate reactive layer [32]. Silicon release is linear and continuous, tending towards a plateau, for both hybrids. It is initially higher for G*/13-93,

which can be, as explained above, because the borosilicate glass would be more reactive with the siloxane, leading to a lower Si release from the hybrids with 13-93B20. Figure 7 presents the mass loss of the hybrids as a function to immersion time in SBF (Figure 7A), the hybrid mass after freeze-drying (Figure 7B), and the mineral mass remaining in the materials after immersion (Figure 7C). Figure 7A shows that, after 24 h, the mass loss reaches approximately 50%, corresponding to a water loss and thus a shrinking of the materials due to syneresis, as explained for TRIS immersion. Then, the mass loss stays stable during immersion. In Figure 7B, the dry mass of hybrids immersed in SBF does not show the same evolution as in TRIS immersion. Indeed, a decrease in the dry mass was observed in TRIS immersion, while in SBF, it appears to stay approximately stable. For the mineral mass (Figure 7C), while it decreases during immersion in TRIS, showing the dissolution of the glasses, in SBF, it decreases and then increases. This corresponds to dissolution of the glass followed by the precipitation of the calcium-phosphate layer.

To assess the precipitation of this reactive layer, the hybrids were observed and analyzed using SEM/EDX as well as FTIR (Figure 8 and9). hybrids is mainly Ca and P with a ratio of Ca/P of 1.77 ± 0.08, which is close to hydroxyapatite [33]. This corroborates the precipitation of the calcium-phosphate layer hypothesized from the ICP analysis (Figure 6) and confirms that these nodules are probably apatite nodules. It is interesting to point out that the materials containing the glass 13-93B20 exhibit a higher population and bigger nodules than materials processed with the glass 13-93. This is in agreement with Huang et al., who demonstrated that the borosilicate bioactive glasses convert to HA faster and more completely than their silicate counterpart [34].

The nature of the Ca/P precipitate was further analyzed by FTIR spectroscopy (Figure 9B).

Two peaks at 500-600 cm -1 and ≈1000 cm -1 appear after G*/13-93B20 (they are also present for G*/13-93 but with a lower intensity) immersion in SBF. These peaks correspond to 𝜈4 (P-O bending) and 𝜈3 (P-O stretching) PO4 3-vibrations, respectively, in the apatite structure. The carbonate CO3 2-vibration is also present [35][36][37]. These peaks are characteristic of a hydroxyapatite structure. This is a good indication that the calcium phosphate layer precipitating on the hybrid surface is a hydroxy-carbonated apatite, indicative of the potential bioactivity of those materials. These results show the difference in reactivity between both glasses. Ion release is slowed down by the organic matrix barrier, but 13-93B20 allows us to remedy this effect compared to 13-93 glass.

We developed gelatin/BAG hybrids using GPTMS as a coupling agent, with a Cfactor of 500, using a sol-gel method. The target mineral content (70/30 wt%) was guaranteed by careful control of the processing steps. The mineral phase dissolves when immersed in aqueous solution with kinetics depending on the glass composition. The mechanical properties varied per the dissolution of the materials; however, Young's modulus remained close to the value reported for cancellous bone [29][30][31]. Both hybrids were found to precipitate hydroxy-carbonated apatite during immersion in SBF. The bioactivity seemed significantly higher when using 13-93B20 glass. Therefore, preliminary cell experiments were conducted to assess if the hybrids are biocompatible and, thus, support the growth of pre-osteoblastic cells, which is fundamental for bone application.

MC3T3-E1 proliferation and morphology

MC3T3-E1 pre-osteoblastic cells were used to study their proliferation and morphology on the hybrids (Figure 10).

First, the number of MC3T3-E1 cells on the hybrids was studied for up to 14 days (Figure 10A). The hybrids were immersed 10 days in TRIS before cell culture to eliminate unreacted elements, which can prevent cell survival [38]. The hybrids were placed in 48 well plates, and the TCPS was used as a control. However, during their immersion in TRIS, they underwent a shrinking effect due syneresis. Indeed, they went from a diameter of 11 mm to 8 mm in 10 days.

Thus, to compare the proliferation on the control and the materials, the cell number was normalized to the area of the respective sample.

For each condition, the cells proliferated with time and reached a plateau indicating the stationary phase (Figure 10A). The glass 13-93 alone was already known to promote cell adhesion and proliferation, as demonstrated by Fu et al. and Eqtesadi et al. [39,40]. At 14 days, the proliferation of MC3T3-E1 cells on G*/13-93B20 is significantly lower than on the control.

This can be attributed to the release of boron from borosilicate glass, known to decrease cell proliferation while promoting osteogenesis, as observed in previous studies [13,24].

The morphology of the cells was observed at 24 h, 7 days, and 14 days on the control, G*/13-93, and G*/13-93B20 (Figure 10B). After 24 h, it can be observed that the cells spread on both hybrid types with their characteristic polygonal morphology. There is no difference noted in the cytoskeleton of cells between the conditions. At 7 days and 14 days, multicellular layers are observed, covering the hybrids. These results show that the cells can spread, attach, and proliferate on the hybrids. Thus, 13-93, 13-93B20, and GPTMS do not present cytotoxic effects and do not prevent the proliferation and adhesion of MC3T3-E1 cells on the hybrids. 

Conclusion

Hybrids made of gelatin and BAG particles (silicate 13-93 and borosilicate 13-93B20) covalently linked with GPTMS were synthesized using the sol-gel method. The process of synthesis was optimized in order to obtain a content of organic/inorganic matter close to that expected and to avoid particle sedimentation and aggregates. These hybrids were stable and self-supported at biological temperature in aqueous medium. When immersed in simulated body fluid, their bioactivity was shown. Cell survival was demonstrated using MC3T3-E1 cells.

The substitution of 20% of SiO2 with B2O3 allowed us to tailor the dissolution and bioactivity properties of the hybrids. Once stabilized, the hybrids exhibited mechanical properties which, combined with their ability to precipitate HA and their biocompatible characteristic, make these materials good candidates for bone tissue engineering. Future studies will be conducted to investigate the osteo-stimulation of these materials. 
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Bone presents intrinsicly specific and smart properties which allow spontaneous and autonomous healing of small defects. This is the bone remodeling. In the case of large, and sometimes complex and critical defects (which can be due to various physiological traumatic or pathological situations, from natural aging to cancer), this process may be partially or totally compromised. Various medical and chirurgical approaches exist -from auto-to allo-to xenografts -to permit bone substitution and/or restauration. These bone grafts present possibilities to face a lot of chirurgical needed situations. However, these natural bone grafting strategies have limitations, such as sources availability, co-morbidity, safety and risk of rejection, expensive cost… Thus, there is a need to develop innovative and more "sophisticated" materials which will help to promote bone repair and restauration. Such materials will be helpful to face the different and complex situations needing "bone bio-assistance". These materials must be adapted to different clinical situations in particular defects requiring substitution of mechanical properties or defects which must be filled. They have to present specific properties, from mechanical properties to biocompatibility, and to combined bone potentials, from osteoconduction to osteo-induction. For that, bioactive tailored materials appear as pertinent solutions. Their bioactivity and surface reactivity will promote and induce a biological response, favoring the formation of strong interactions with the surrounding tissue [17].

Bioactive glass (BAG) is a promising material possessing these properties. Indeed, after dissolution in hydrated environment, BAG releases its ions and in particular calcium and phosphate ions, which precipitate and form a hydroxyapatite layer around glass particles. This bioactivity is the key property for its osteointegration. However, BAG is brittle and hard to shape. Its combination with another partner appears as the solution to open the route to efficient and pertinent BAG-based biomaterials.

Organic -inorganic combined materials seem to be the solution to remedy the drawbacks to use BAG as pure material. In such BAG-based materials, BAG will be organized within an organic matrix. For that, two ways are possible. 1) BAG particles are dispersed in the organic phase yielding to a composite material [19]. 2) BAG is covalently linked to the organic phase, with a coupling agent, resulting in a hybrid material [20]. The inorganic matrix will bring the osteogenic parameter to the final material, whereas the organic matrix will allow to adapt its intrinsic properties.

In this thesis the works developed has focused on the proposition of composites and hybrid materials based on BAG for bone bioengineering. The BAG chosen was the 13-93. Compared to the classical 45S5 or the S53P4, this glass presents a slower dissolution rate. This represents an interesting opportunity to better control the stability of the organic matrix phase of our combined biomaterials [26,145]. Moreover, it has been possible to tune its composition to, in one hand increase its dissolution rate, while in another hand maintain it slower than the 45S5 and the S53P4. For that, 20% of silicate was replaced by borate -as the boron is known to increase the dissolution rate-, yielding to the 13-93B20 [28].

So, the effect of the two formulations of this pertinent BAG: 13-93 and 13-93B20, were compared in two different systems, A) a composite and B) a hybrid BAG-polymer biomaterial.

A. Bio-engineered composites PLA/13-93 and PLA/13-93B20.

In all the composite materials designed and fabricated, a ratio of 70/30 wgt % or 83/17 vol% of polymer vs BAG was defined. The glass particles size was fixed at 125 -250 µm.

These combinations were able to release therapeutical ions which will promote bone repair without degrading the material, while keeping its mechanical properties stable. Their dissolution rates were compared, to assess if bone repair can be optimized by modifying the composition of the glass. The composites were characterized in different physico-chemical conditions and its biological pertinence was analyzed.

First, the effect of the processing on the composites was studied. The targeted loading of 30% of glass was respected, showing that the extrusion technique allows a good control of the glass loading in the composites. A slight degradation of the polymer due to the high temperature used is showed, however, compared to other similar studies using 45S5 glass, this degradation was contained [26]. The mechanical properties of the composites after processing were studied by 3-point bending and shear. As expected, an increase of the ductility, and some loss of mechanical properties and resistance of the polymer-based composite, was noticed. It is interesting to notice that this increase is only due to the glass loading and not to the glass nature.

Indeed, the overall decrease of the composites mechanical properties was linked to the degradation of the polymer, as a loss of its molecular weight was seen. Different hypotheses for this loss are possible. The possible reasons for the drop in the Mw of PLA could be partial glass dissolution in the polymer melt or the high surface energy in some silicate BAG [168],

leading to water absorption on their surface to form Si-OH. It appears that with the silicate BAG, the more reactive the glass is, the more readily the excessive thermal degradation of the polymer occurs [169]. This first step thus highlighted the impact of the process on the properties of the composites and the polymer alone, and the fact that the glass degrades the organic matrix.

Second, working with a bioresorbable polymer and bioactive glass allows to obtain a final material biodegradable, and thus avoid a second surgical operation to remove the implant.

However, the kinetic of the resorbability needs to be controlled, so that it will be adapted to bone regeneration. If it is too fast, the bone will not have time to regenerate but if it is too slow it will prevent bone repair and can induce an inflammatory reaction. Obtaining a composite with a polymer which keeps its integrity and stable mechanical properties during its implantation is crucial. The dissolution of both composites containing 13-93 or 13-93B20 was compared, in order to assess if it can be influenced by the presence of boron in the structure.

Briefly, the composites were immersed for 3 months in TRIS solution to analyze their dissolution. It was observed that during the first week, the dissolution rate with the glass 13-93B20 starts earlier compared to the non-boron form. This fast dissolution during the first days of immersion, can potentially help to induce the signaling cascade which would allow the cells to commit to an osteoblastic lineage. However, despite this kinetical difference in the first days, the ion release from the materials dissolved reaches the same plateau at 3 months. The molecular weight of the polymer and the mechanical properties of the composites were also studied during these 3 months of dissolution. The molecular weight of the polymer was decreasing with immersion time for both composites. For the PLA alone, the molecular weight was not impacted. Thus, that can confirm that the BAG release has an effect on the polymer.

While it is dissolving, the alkali ions catalyze the hydrolysis of polymer chains. About the mechanical properties, they stay roughly stable during immersion, showing that the decrease of the polymer molecular weight in composites does not influence their resistance, which is an important parameter for bone repair. To investigate the bioactivity, the materials were immersed in Simulated Body Fluid, and the precipitation of calcium-phosphate was more important with the composite containing 13-93B20. Thus, the composites loaded with 30% of 13-93B20 will form an HA layer from the first days of immersion in the biological fluid, while the composite containing 13-93 glass will require more time to form this HA layer. This step showed that the behavior of the glass can be adapted through its composition modification, and the effect of the boron was verified.

The third step was to study the biocompatibility of the composites and the osteogenic commitment of C2C12 myoblastic cells. The cells were found to be able to proliferate on the composites even if their proliferation is slowed down by the boron, showing that the 30% of glass is a proportion allowing a good cell behavior. Finally, they were able to commit to an osteoblastic lineage in presence of the glass and especially the 13-93B20.

The works done with the PLA/13-93 and PLA/13-93B20 composites allows to understand that the choice of the BAG in the structure is of great importance. Despite its osteogenic properties, the BAG can have an influence on the integrity of the organic matrix. The higher is its reactivity, the higher the negative effects on the polymer. Therefore, the 13-93 and the 13-93B20 glasses were used and the effect on the polymer was limited. The glasses were found bioactive and osteo-stimulative, with a more accentuated action in the presence of boron. The composites containing the glass 13-93B20 are promising for this application.

It would be interesting to study their osteo-stimulation with stem cells and to quantify it, before doing experimentations in vivo.

The composites developed are promising for applications where mechanical support and replacement function may be necessary. For instance, formulated as screws, plates, nails…, this kind of material, able to induce osteosynthesis and easy to shape, may be useful for many clinical situations. So, a long term but genuinely nice goal of these composites would be to design 3D structures by 3D printing. This approach would be promising for obtaining a tailormade osteosynthesis implant with mechanical properties adapted to the grafted site, combining bioresorbable polymers, and mineral matrices with osteo-properties. This will allow to have substitutes with a control of the dissolution, mechanical properties, bioactivity, and osteostimulation and osteointegration.

Our study allowed to characterize the properties of the composites and to investigate about the best BAG for this application. In order to challenge the proof of concept, and as preliminary assay, 3D structures were printed using Ultimaker 3D printer. Thereby, these composites can be used as "ink" for 3D-printing to obtain specific structure, customized to the defect size and shape.

(Left) Rods obtained by extrusion, (Right) Specific structures obtained by 3D-Printing -Fused

Deposition Modeling using the rods as "ink".

However, it should be noted that the 3D printing process can also change the properties of the composites, as this technique is based on the extrusion of the rods, thus requires temperatures above their fusion point. The rods are prepared before printing by heating them, and, this can lead again to a degradation of the polymer. This would be another degradation step added to the one by extrusion to obtain the rods. Thus, after 3D printing, a new study will be needed in order to characterize the new properties of the composite-made substitute.

B. Bio-engineered Hybrids Gelatin/13-93 and Gelatin/13-93B20

For all the hybris materials developed, with glass particles of less than 38 µm, a ratio of 70/30 wgt % (or 90/10 vol% when dry) is defined. This proportion of BAG and the size of the particles are chosen in respect to the idea to use at the end this material for the filling of bone defects. The gelatin and the BAG were covalently linked thanks to the GPTMS. These stable bonds between both matrices are of great importance because they will allow to have a better control of the hybrids' properties, as their mechanical properties, their dissolution. The gelatin alone dissolves at biological temperature, however, thanks to the reticulation between the gelatin and the glass, the gels stay stable at 37°C.

First, extensive characterization was performed in order to study the effect of the synthesis on the composites. The loading of 30% of glass was reached, showing a good control of the synthesis. The mechanical properties of the hybrids after synthesis were studied by compression test. The presence of BAG bonded to the gelatin leads to a decrease of the mechanical properties compared to the gelatin/GPTMS material without BAG. The presence of glass particles dispersed and bonded within the organic phase causes heterogenous reorganisation of the gelatin network that subsequently led to a more brittle material. Moreover, the glass can also release its ions during the hybrid preparation which could in turn contribute to degrade the gelatin.

Second, the dissolution of the hybrids made with the 13-93 is compared with the hybrid made with 13-93B20. The materials were immersed during one month in TRIS solution. As found for the composites, the dissolution starts earlier with the 13-93B20 compared to the 13-93. The 13-93 and 13-93B20 keep the same dissolution behavior in both systems. The mass variations exhibit a decrease of the dry mass and the mineral mass, showing that the hybrids are dissolving. This is an important parameter showing the resorption of the materials. However, the gelatin degradation is also an important characteristic which needs to be quantified. Hybrids degradability must be controlled in order to have an equilibrium between the materials resorption and bone repair. Here, the covalent links between the BAG and the gelatin prevent the dissolution of the gelatin at 37 °C, so that it keeps its gel form. A fast degradation of the gelatin would release the BAG from the organic matrix in the environment preventing any control of its reactivity on surrounding tissues and thus, will not help bone regeneration.

Therefore, an important factor to take also into account is the GPTMS/gelatin molar ratio (Cfactor). Indeed, this parameter impacts the hybrid structure and organization. Higher is the Cfactor, more covalent links are present in the structure. This results in increased mechanical properties of the hybrids. However, this parameter needs to be controlled, in one hand in order to avoid excess of covalent links which will slow down or even make impossible the degradation of the material during time, and in other hand because an extensive presence of GPTMS can induce some toxicity for the cells. Indeed, an excessive amount of bridging agent, i.e. GPTMS, can result in some unreacted chemical moieties that may be released in the medium and induce cell toxicity. The bioactivity of the materials was investigated by immersing them in Simulated Body Fluid, and the precipitation of calcium-phosphate was more important with the hybrid containing 13-93B20 than for the composite PLA/13-93B20.

The third step was to study the biocompatibility of the hybrids. First experimentations were done with MC3T3-E1 pre-osteoblastic cells showing that they are able to proliferate and spread on the hybrids until 14 days.

The works with the hybrids (G*/13-93 and G*/13-93B20) showed that the effects of both BAG are conserved in this new system. The hybrids are bioactive and mostly with the 13-93B20. Preliminary cell analysis demonstrates the non-cytotoxicity when using MC3T3-E1 cells. However, complementary experimentations are needed, for example with stem cells, in order to confirm the osteo-stimulation potential. Another important next step with the hybrids will be to work on the porosity. One of the destinations of these materials will be the filling of bone defect. In such applications, the cell colonization is one of the most important parameters. The porosity of the scaffold is therefore fundamental. The disadvantages of an important porosity are the fact that the mechanical properties will be lower, and the BAG will be more exposed to the cells. However, if necessary, it is still possible to modify the Cfactor and to adjust it to palliate these effects.

The hybrids obtained are promising for bone filling application. In order to continue their characterization and to estimate their potential for medical applications, the future objectives were to evaluate the osteo-stimulation by these hybrid materials on specific cells, as Bone Marrow Stromal Cells (BMSCs). Preliminary studies were done to investigate their cellular viability in contact with the hybrids. BMSCs were used as they have been identified as an optimal progenitor cell source to facilitate bone repair. Indeed, they have a higher ability for proliferation and are more easily accessible than mature osteoblastic cells [170].

These first results show that BMSCs were not able to proliferate on the hybrids in both conditions, Basic or Osteogenic medium (BM or OM). It should be noted that they were not proliferating on the control in BM neither.

The morphology staining shows that they are spreading after 24h. At 7 days, they seem to be detaching from the surface of both hybrids and less cells are observed compared to the images after 24h. At 14 days, the cells have become detached from the materials and that in BM and OM. Some hypotheses can explain these results.

During incubation in the medium, it is possible that, during hybrids dissolution, they release some GPTMS. Thus, the first possibility is that the BMSCs are too fragile and do not support the effect of the GPTMS. A second hypothesis is that the BMSCs come from patients, thus it happens that their proliferation is slowed down if they come from old patients for example.

In spite of the potential of BMSCs in bone reconstruction, previous studies showed that the limitations of BMSCs use still remain, including the amount of cells that could be recruited, the compromised bone migration of grafted cells, reduced proliferation and osteoblastic differentiation ability, and likely tumorigenesis [170].

Some investigations are still required to explain these outcomes and to find a solution to this issue. Next experimentations will be done using adipose stem cells in order to evaluate their behavior and the osteo-stimulation of this new generation of materials on these stem cells. 

The bone bioengineering challenge consists of proposing

Introduction

Bioresorbable polymers have been used widely in the past decades as pins, plates and screws in orthopaedic, cranial and oral surgery [1][2][3][4]. The bioresorption of the implants enables leaving the fixation in place until it degrades in the body, releasing non-toxic dissolution byproducts which are then metabolised [5]. However, the bioresorbable polymers developed thus far clinically, are found to degrade at slow rate and lack osteoconductive properties [1,6]. Bioceramics are a class of materials grouping all traditional nearly inert ceramics such as, Al 2 O 3 and ZrO 2 , and include calcium phosphate ceramics and silicate bioactive glass (BAG). These demonstrate properties extending from bioresorbable to bioactive class A. Clinically, β-TCP (bioresorbable) and synthetic hydroxyapatite (HA) (bioactive) are the more widely used traditionally [1,7,8], but their slow dissolution rate is a limiting factor [9,10]. Indeed, concerns have been addressed pertaining to the limited resorption of those ceramics, in-vivo, when used in cements [11]. BAG is a sub-category of ceramics showing not only osteoconduction, as in synthetic HA, but also osteoinduction [12]. These glasses are commercialized mainly for hard tissue reconstruction, but they also show significant ability to bond to soft tissue [13]. However, shaping the glass into its final shape is, as for all ceramics, challenging.

The quest for bioresorbable implants which are osteoconductive for use in the treatment of traumas in the skeletal system is still ongoing and presents significant challenges still. To overcome some of the drawbacks of single materials, composites have been developed. Here, the focus will be on polymer/BAG composites, as previous studies have demonstrated that fast release of ions from BAG compensated for the decrease in pH due to the rapid degradation of Poly (Lactic acid-co Glycolic Acid) (PLGA) [14]. By adding BAG to (Poly (D,L-Lactic Acid) (P(D,L)LA) or Poly (Lactide-co-Caprolactone) (PLCL)) the mechanical properties increases as well as precipitation of an HA layer at the https://doi.org/ [15,16]. These studies used the solventcasting method. Vergnol et al. developed composites based on P (L,DL)A/45S5 BAG. In this study, glass particles (3.5 μm average diameter) were mixed with polymer dissolved in acetone. The pellets obtained were then injected into molds at 145 °C and 150 bars of pressure. The presence of the BAG not only increased the rate of degradation of the polymer, but also significantly promoted new bone formation in this animal study [17]. However, there was a large loss in polymer molecular weight reported over the course of the sample processing. The decrease in molecular weight could not only be assigned to the processing temperature but also to the presence of the BAG particles [18]. The mechanical properties of the scaffold were also found to decrease drastically over the short immersion time in vitro. The loss in mechanical properties seemed to be correlated with the loss in the mineral phase, which is assumed to be fast given the rapid dissolution rate of the small BAG particles. Another study by Niemelä et al. presents selfreinforced composites based on P(L,DL)A/13-93 BAG, made by twinscrew extrusion at temperatures varying between 190 and 195 °C. In this study, the particle size was between 50 and 125 μm. It is noteworthy, that not only 13-93 is slower dissolving than 45S5 (at similar particle size), but also the larger particle size will further slowdown the dissolution rate of the inorganic phase [19,20]. Degradation of the selfreinforced composites was evaluated in PBS and the results supported the effect of glass dissolution on the polymer degradation rate [19]. The 13-93 particles contained in the self-reinforced composite create a porosity which induces a degradation of the polymer due to acidic dissolution products coming from the environment. The use of 13-93 in the composites appeared to retain higher polymer molecular weights than when using faster dissolving glasses such as 45S5 or S53P4. To overcome the slow dissolution rate of 13-93, boron can replace the silica in the structure, yielding a borosilicate glass. The resulting borosilicate and borate glasses, based on the 13-93 composition, show faster in-vitro dissolution and also faster conversion into HA [21,22]. While high boron content was associated with a decrease in the cell proliferation rate, it was also found to stimulate osteogenic commitment and upregulate endothelial markers [22]. In-vivo and in-vitro studies have shown the promising nature of borosilicate glasses [19,23]. The use of borate and borosilicate glasses as a secondary phase in a polymeric matrix has not yet been widely studied. Taino et al. produced PLCL (Poly(L-lactide-co-ε-caprolactone)/borosilicate glass composites, with varying content of 125-250 μm glass particles using the solvent-casting method. These scaffolds were then foamed by supercritical CO 2 . Degradation of the polymer was linked to the dissolution of the glass [15].

Marquardt et al. studied the processing of fibrin/borate glass composites obtained by mixing fibrin with glass microfibers 0.5-10 μm diameter, or with rods of 50-200 μm diameter which were placed on a fibrin scaffold prior to polymerization. The materials obtained were able to support directed axon growth [24].

However, the effect of boron substitution for silica, in the glass composition, on the composite physico-chemical properties and cell/ material interaction has not yet been studied. Added to this, based on previously reported results, the use of glass 13-93 and its boron-containing counterpart might be suitable in maintaining polymer integrity and composite mechanical properties in-vitro while supporting osteogenesis. Therefore, we have developed PLA/BAG composites using 13-93 as control and 13-93B20 with 20% SiO 2 replaced by B 2 O 3 . To investigate the in vitro dissolution behavior of our composites, they were immersed in TRIS buffer solution. Ion release from the glass and change in the polymer molecular weight were quantified. The mechanical properties of the composites were studied during the immersion. The bioactivity, assumed to be related to the precipitation of a HA layer at the surface of the material when immersed in aqueous solution, was assessed in Simulated Body Fluid (SBF), the procedure usually used for testing BAG [25]. Preliminary cell experiments were done to assess cell activity and ability of these two BAG to promote osteogenesis by culturing C2C12 myoblastic cells at the surface of composite discs. Cell proliferation and morphology were studied as well as presence of myosin and/or osteopontin which were tracked by immunostaining. C2C12 cells capacity to synthesize their mineral matrix was analyzed with Alizarin Red S staining. The aim of this study was to assess if these cells were able to commit to an osteoblastic lineage in presence of the BAG.

Experimental

Material preparation and characterization

Bioactive glass (BAG) preparation

BAG 13-93 and 13-93B20 were prepared from analytical grade K 2 CO 3 (Alfa Aesar, Haverhill, USA), (Na 2 CO 3 , NH 4 H 2 PO 4 , (CaHPO 4 ) (2(H 2 O)), CaCO 3 , MgO, H 3 BO 3 (Sigma Aldrich, Saint-Louis, MS, USA) and Belgian quartz sand. The 100-g batches of 13-93 and 13-93B20 were melted for 3 h in a platinum crucible at 1425 °C and 1275 °C, respectively. The molten glasses were cast, annealed, crushed and finally sieved into 125-250 μm particles. The glasses were dried at 125 °C for 2 h before use. The nominal oxide compositions of the glasses are given in Table 1.

Sample fabrication

Medical grade Poly(Lactic Acid) (PLA) with a (L/DL) ratio of 70/30, with an inherent viscosity of 4.0 dl/g was obtained from Evonik Nutrition & Care GmbH (Essen, Germany). PLA, PLA/13-93 and PLA/ 13-93B20 rods were produced by melt-extrusion using a co-rotating twin-screw extruder (Mini ZE 20*11.5 D, Neste Oy, Porvoo, Finland) under nitrogen atmosphere (Fig. 1). The feed rates for the PLA and the BAG were fixed to 140 g h -1 and 60 g h -1 respectively to obtain approximately 70 wt % of polymer and 30 wt % of glass in the composite. The processing temperatures and pressures are presented in Table 2. The polymer took about 5 min to produce in the extruder including melting and producing the final product. The production time is less when the extruder is filled in advance.

A 4 mm nozzle was used and the rods were pulled using a caterpillar. The speed of the caterpillar was adjusted to obtain 3 mm diameter rods.

The rods of each composition (PLA as a control; PLA/13-93; PLA/ 13-93 B20) were analyzed by Thermogravimetric Analysis (NETZSCH, Leading Thermal Analysis, STA449F1) to measure their glass content. All tests were performed in an Alumina (Al 2 O 3 ) crucible and in a N 2 atmosphere. 10 mg of sample were heated from 25 °C to 1100 °C at a rate of 10 °C/min. This measurement was repeated on 5 samples for each composite and the average glass content with standard deviation was calculated.

Behavior of the PLA/BAG composites 2.2.1. Physico-chemical properties of the composites 2.2.1.1. Immersion in TRIS.

Tris(hydroxymethyl)aminomethane (TRIS) solution (50 mM) was prepared by mixing ultra-pure TRIS (MP Biomedicals) and TRIS-HCl (Sigma Aldrich) in ultra-pure water and the pH was adjusted to 7.4 at 37 °C. The rods were cut into lengths of 7 cm (≃650 mg) which were immersed in 12 mL of TRIS solution for up to 10 weeks at 37 °C in a shaking incubator (HT Infors Multitron) at an orbital speed of 100 rpm. To avoid saturation of the solution with the ions released from the composite, the TRIS buffer was refreshed each week.

At set times after immersion, the concentration of elements released from the composites was studied by diluting 5 mL of the immersion solution in 45 mL of ultra-pure water for ion analysis. ICP-OES (Agilent technologies 5110) was employed to quantify P (λ = 253.561 nm), Ca (λ = 422.673 nm), Mg (λ = 279.553 nm), Si (λ = 250.690 nm), B (λ = 249.678 nm), K (λ = 766.491 nm) and Na (λ = 589.592 nm) concentrations in the solution after sample immersion. Measurements were made on four separate samples at each set time for each composite and the results presented as mean ± standard deviation (SD). The rods were then rinsed with acetone and dried.

Rod cross section analysis.

After immersion in TRIS, the samples were embedded in resin and then polished to observe their cross section using Scanning Electron Microscopy (SEM -GEMINISEM 300 from Zeiss).

Molecular weight of the polymer.

Molecular weights of PLA after the samples processing and at various immersion times were determined by Gel Permeation Chromatography (GPC) (Merck Hitachi Lachrom 7000 series) consisting of a pump, a refractive index detector and two Waters Styragel columns (HR5E and HR1). Tetrahydrofuran (THF) was used as eluent at a flow rate of 1 mL/min at 35 °C. For each material, an amount of ≃7,5 mg of polymer (crosssection of the rod) was weighed and immersed in 5 mL of THF until complete dissolution. The solution was then filtered and analyzed. Molecular weights were calibrated using polystyrene standards. The measurements were conducted in four separate samples at each time points for each composition and the results are presented as mean ± SD.

Mechanical properties of the composites.

The mechanical properties of the composite rods post-processing and after immersion (wet) were tested on the Instron 4411 (Instron Ltd., High Wycombe, UK) using a 3-point bending and shear test at room temperature. At least four parallel samples of each composite type were tested. For the bending test, the properties were studied with a crosshead speed of 5 mm min -1 and a bending span of 42 mm. For the shear test [26], the crosshead speed was 3 mm min -1 . The measurements were conducted in the four samples at each set point for each composite and the results are presented as mean ± SD. [27] from the standard ISO/FDIS 23317 as described by Kokubo et al. The samples were cut to obtain rods of 7 cm (≃650 mg) which were immersed in 12 mL SBF solution for up to 2 weeks at 37 °C in a shaking incubator (HT Infors Multitron) with at a speed of 100 rpm. During the experiment, the solution was not refreshed so that calcium phosphate could be measured. The ion concentration in the solution according to immersion time was measured as previously described. Measurements were made on four separate samples at each set time for each composite and the results presented as mean ± SD.

Composites bioactivity 2.2.2.1. Immersion in Simulated Body Fluid (SBF). SBF was prepared following the methodology

Rod surface analysis.

The reactive layer at the rod surface after immersion in SBF was observed by SEM (GEMINISEM 300 from Zeiss) and its composition was analyzed by Energy-Dispersive X-ray spectroscopy (EDX Quantax from BRUKER). The Infrared (IR) absorption spectra of the composites immersed in SBF were also recorded using a Bruker Alpha FTIR in Attenuated Total Reflectance (ATR) mode to see the effect of the dissolution on their structural properties. The measurements were performed on dry samples. All IR spectra were recorded within the range 399-4000 cm -1 with a resolution of 2 cm -1 and 32 accumulation scans.

Cell analysis 2.2.3.1. Disk preparation.

PLA, PLA/13-93 and PLA/13-93B20 disks were obtained by compression molding (Nike Hydraulics ZB110, Eskilstuna, Sweden) of a piece of the rods for the cellular tests. The rods were compressed under 10-20 MPa pressure at 140 °C for 1 min, then the mold was cooled down with compressed air and 14 mm disks were cut from the plates obtained. These disks were then sterilized by gamma irradiation (25 kGy) at BBF sterilisations service GmbH (Germany). All experiments were performed in 24-well plates and the disks were washed with PBS prior to use.

Cell culture. Myoblastic C2C12 cells were cultured in DMEM

Glutamax supplemented with 10% Fetal Bovine Serum (FBS) and 1% penicillin/streptomycin, in an humidified atmosphere of 5% CO 2 at 37 °C.

Cell proliferation and morphology.

To compare the behavior of C2C12 cells on the different samples, cell proliferation was studied using CyQUANT Cell Proliferation Assay kit (Invitrogen, Life Technologies). Around 7700 cells/disk were seeded on the 14 mm disks in 24-well plate and the medium was changed every 2 days. Cleaned and sterilized microscope glass slides were used as controls. After 1, 2, 4 and 7 days of culture, the cells were lysed with 400 μL 0.1% Triton-X100 (Sigma-Aldrich) buffer and conserved at -80 °C. After one freeze-thawcycle, three 20 μl aliquots of each lysate were pipetted on to a black 96well plate (Corning) and mixed with 180 μl working solution (CyQUANT GR dye and cell lysis buffer). The fluorescence was then measured at 520 nm with a Spectrofluorimeter Xenius XM (SAFAS).

The morphology of the cells on the different samples was observed after 48 h of culture. The same number of cells was seeded on the disks and after 48 h, the cells were fixed with 3% (w/v) para-formaldehyde solution dissolved in PBS (Sigma Aldrich) for 15 min, then permeabilized with 0.1% (v/v) Triton X-100 (Sigma Aldrich) for 10 min. Nonspecific binding sites were blocked by incubating the disks in PBS containing 1% Bovine Serum Albumin (BSA) for 1 h. The cytoskeleton and nuclei of the cells were stained respectively with 1:500 FITC-labelled phalloidin (Sigma Aldrich P5282) and 1:1000 4′,6-Diamidino-2phenylindole dihydrochloride (DAPI, Sigma Aldrich D9542) in PBS-BSA 0.5% for 1 h. Each incubation with antibodies was performed in the dark in a humid atmosphere. Samples were then washed in PBS-BSA 0.5%, mounted in Prolongold (Invitrogen), and observed under a LSM710 confocal microscope (Carl Zeiss). 

Cell differentiation.

The expression of a late myoblastic marker (myosin heavy chain) and an early osteoblastic marker (osteopontin) were studied using specific antibodies. Around 600C2C12 cells were seeded on the disks and cultured for 14 days. Cleaned and sterilized microscope glass slides were used as controls. Cells were then labelled with mouse anti-myosin heavy chain (MHC, 1:1000, Millipore 05716), and rabbit anti-osteopontin (1:500, Millipore AB10910) diluted in PBS containing 0.5% BSA. Primary antibodies are revealed using Alexa Fluor 488 or Alexa Fluor 568-conjugated goat anti-mouse or anti-rabbit antibodies both 1:400 in PBS-BSA 0.5% (Invitrogen) as secondary antibodies. Samples were observed using a LSM710 confocal microscope (Carl Zeiss). Mineralization was also assessed at 10 days and 14 days using Alizarin Red S stain (the calcium minerals stain red). The staining from a previously described protocol was adjusted [28] in that cells were fixed with paraformaldehyde for 15 min at room temperature and stained with 2% Alizarin red S (pH 4.1-4.3; Sigma-Aldrich) for 20 min at room temperature. The excess color was washed away with three consecutive water washes after which the samples were observed under an optical microscope.

Statistical analysis.

Data were analyzed using GraphPad Prism Software. Statistical significance between groups is assessed by one-way analysis of variance (ANOVA). Experimental results are expressed as means ± standard deviation. Statistical significance is taken for values of p < 0.05.

Results and discussion

The aim of this study was to develop a polymer-BAG composite able to release ions beneficial for bone regeneration while maintaining, postprocessing, the mechanical properties and the molecular weight of the polymer. As it has been reported that it is difficult to produce a polymer-bioglass ® (i.e. 45S5) composite, we decided to incorporate BAG 13-93 into a PLA matrix. As reported by Brink et al. the dissolution rate of the glass 13-93 is much slower than the typical BAG used clinically (i.e. 45S5 (Bioglass®) and S53P4 (BonAlive®) [20]). To control glass dissolution, a second glass composite was tested [23], whereby 20% of the SiO 2 in the 13-93 composition was replaced with B 2 O 3 .

Characterization of the composites after processing

Table 3 presents the glass loading in each composite, with the mechanical properties of the composites and the molecular weight of the polymer included in each composite.

The targeted glass loading was 30 wt%. Thermogravimetric analysis was conducted (Fig. S1) to assess the true glass loading in the polymer matrix post-processing as well as the homogeneity of the processed rods. Glass loading was 38 ± 2 wt% and 35 ± 4 wt% for the PLA/ 13-93 and PLA/13-93B20, respectively, demonstrating good control over the process used to produce the composites.

Before extrusion, the molecular weight of the PLA granules was measured to be ∼530 kDa. As expected, after extrusion, the molecular weight of the pure PLA decreased about 40%, while the PLA loaded with BAG decreased by ∼50% regardless of the glass composition. The decrease of the molecular weight recorded is not as high as that reported in the literature. For example, Vergnol et al. show a decrease in molecular weight of ∼90% when producing PLA-BAG composite processed by injection molding [17]. Moreover, the PLA/S53P4 composites were tested, but, during the processing the viscosity of the polymer drastically and rapidly decreased and the materials obtained were amber-like as reported by Vergnol et al. for the PLA/45S5. The reason for this rapid change in viscosity and subsequent thermal degradation of the PLA is not yet well understood. However, this phenomenon appears when processing PLA with fast reacting BAG and does not occur that readily with more stable glasses. Therefore, a hypothesis for the thermal degradation of PLA upon extrusion of composites using 45S5 and/or S53P4 may be due to the high intrinsic water content in the glass structure or the glass degradation/dissolution when in the polymer melts. The combination of PLA and the proposed BAG 13-93 processed by twin-screw reduces loss of molecular weight during melt processing.

The mechanical properties of the PLA and its composites were measured in 3-point bending and shear. Both composites have an almost stable flexural modulus in wet and dry conditions but show a decrease in shear stress in both conditions, when compared to the polymer alone. The changes in the mechanical properties are only a function of the glass loading but not due to the nature of the glass. The decrease in the shear strength was not unexpected, since polymer glass composites are known to become weaker, and tend to become more brittle, as can be seen by an increase in their elastic modulus. Here, the decrease in the flexural modulus indicates an increase in the ductility. Such behavior, was already reported in self-reinforced polymer/BAG filaments [26]. The loss in mechanical properties is probably due to the absence of chemical bonds between the glass and the polymer, leading to a loss of cohesivity.

Behavior of the composites in solution 3.2.1. Dissolution in TRIS

The co-degradation in TRIS of the polymer and glass was assessed by GPC and ICP-OES measurements and compared to that of the dissolution of the pure PLA rods. Fig. 2 presents the concentration in Si A), Na B), K C), B D), Mg E), Ca F) and P G) post immersion in TRIS for various times. As the immersion solution was refreshed every week the results are presented cumulatively and normalized to the sample mass. As expected, the PLA alone does not exhibit any change in ion concentration. Upon immersion of the composites, the concentration in solution of the different elements increases, indicating that the glass particles are being hydrated and dissolve through the polymer. As expected, the addition of boron to the glass structures leads to faster initial ion release (up to ∼10 days). However, at longer immersion times all curves seem to plateau for solutions containing the PLA/13-93B20 composites whereas the dissolution of the glass in the PLA/13-93 composite remains almost linear. It should be noted that; especially at longer immersion times, the standard deviation was higher in the case of the polymer containing the glass 13-93B20 than 13-93.

Table 3

Measured glass loading, mechanical properties and average molecular weight of the processed PLA and PLA/BAG composites (for wet samples, the mechanicals properties were measured after 10min of immersion in TRIS). It is a known fact that upon immersion of a silicate glass in aqueous solution, initially ion exchange occurs followed by condensation and repolymerization of a silica-rich layer [12]. If this layer is not uniformly formed at the surface of all glass particles, variations in ion release can be expected. All ion concentrations were normalized to the element contained in the starting rod to show clearly the extent of ion release. Fig. 3A) presents the percentage of ion released from glass 13-93 in TRIS solution. It is clear that glass dissolution is limited, whereby at 70 days less than 5% of each element is released into the solution. While the Si and P release seems to level-off at immersion times > 20 days, all other constituents, i.e. Na, Ca, Mg and K seemed to be leached-out in an almost linear manner up to 70 days. Fig. 3B) presents the release of ion from the glass 13-93B20, in % of initial mass of the elements. As seen in the case of the composites containing the glass 13-93, all ions are found 2. Element concentrations of A) Si, B) Na, C) K, D) B, E) Mg, F) Ca and G) P in the dissolution products of PLA (∎), PLA/13-93 ( ) and PLA/13-93B20 ( ) immersed in TRIS according to time. to leach out into the solution. However, the difference in the dissolution profile of ions from the composites containing the glass 13-93B20 compared to ion release from composites containing the glass 13-93, is of interest.

1. While in Fig. 3A) the Ca, K, Mg and Na dissolve, from the glass 13-93, at similar rate, a slower release of Ca was measured during dissolution of composites containing the glass 13-93B20 (Fig. 3B). Furthermore, Ca release follows a similar dissolution profile to B as shown in Fig. 3B). 2. The initial release rate for all ions is faster for composites containing the glass 13-93B20. However, at extended immersion time (> 15 days) a decrease in the release rate of all ions can be seen; whereas when immersing composites containing the glass 13-93 (Fig. 3A) only Si and P release rate slows down at extended immersion time, while all other ions show a linear release. 3. The final ion release content in the solution (at 70 days) is slightly lower in the case of the composite containing the glass 13-93B20 than in that containing the glass 13-93.

From the literature many interactions between the B 2 O 3 and SiO 2 in the glass were reported to happen. Some are reported below [29][30][31][32]:

2Si-O -+B-O-B→Si-O-Si+2B-O - (1) 
Si

-O -+B-O-B→Si-O-B + B-O - (2) 
However, those reactions were not sufficient to explain the physical, thermal and structural changes associated with the substitution of the SiO 2 with B 2 O 3 . In depth structural analysis showed preferential interaction between CaO and B 2 O 3 as follow [33]:

BO 3 + CaO ↔ BO 4 (3) 
More recently, Yu et al. reported the medium-range structural organization of phosphorus bearing borosilicate glasses and the consequence of B/Si substitution [34]. Their findings support the increase in the polymerization of the silica network with increasing substitution ratio. Furthermore, they demonstrated a higher affinity of the phosphorus to bond with B rather than with Si. Therefore, while in typical silicate glass the majority of the phosphorus is present as Q 0 (zero bridging oxygen atom per PO 4 unit), an increase in Q 1 units, bridging one oxygen atom per PO 4 unit, was evidenced. Overall, the structural modification occurring in the glass network when substituting Si for B is in agreement with the dissolution behavior observed in Fig. 3A) and B), i.e. boron and calcium are released at the same rate (Fig. 3B) as typically seen in a congruent dissolution. Thus, it appears that the calcium preferentially interacts with the boron sub-network (congruent dissolution) rather than with the silicate sub-network (non-congruent dissolution). The lower, overall release of the ions (at long immersion time) is most likely related to the increase in the degree of polymerization of the silica network as shown in equations ( 1) and ( 2), where the number of non-bridging oxygen is expected to decrease with increasing the boron content. However, such structural analysis does not fit the dissolution behavior reported in the literature, which tend to demonstrate that the addition of B 2 O 3 at the expense of SiO 2 should increase the glass dissolution rate [35][36][37][38]. It is therefore possible to assume that either the increase in Si-O-Si bridges is associated with a disproportionation of the silicate structure, whereby, 2Q 2 ↔ Q 1 + Q 3 , and/or Si-O-B bridges form between the borate and silicate units. Both assumptions would be consistent with the increase in the initial dissolution rate of the glass in the composite containing the glass 13-93B20 and a progressive decrease in the ion release rate due to remnants of a more stable silicate. As seen in Fig. 3A) and B), this leads to a higher ion concentration in the solution containing the borosilicate glass at a short immersion time, and saturation occurring at an earlier time than in the case of traditional silicate BAG such as 13-93. Finally, the increased linkages between the phosphorus structural unit and the more stable BO 4 units proposed by Yu et al. [34] is confirmed by the lower phosphorus release profile in the case of the glass 13-93B20 than in 13-93.

Fig. 4 shows the cross sections of the composites before and after 10 weeks of immersion in TRIS. Before immersion, the BAG granules are fixed and appear to be maintained by the PLA matrix. After 10 weeks in TRIS, they are seen to be detached from the polymer, regardless of the glass composition, as expected post surface dissolution of the glass particles.

At the same time, the change in the polymer molecular weight was assessed according to time and is presented in Fig. 5. Although the extrusion process affected the PLA molecular weight (Mw), it does not seem to be impacted by the interaction with the medium after Fig. 6. modulus reported from the bending test and B) Shear stress of wet PLA (∎), PLA/13-93 ( ) and PLA/13-93B20 ( ) rods according to immersion time in TRIS. immersion for up to 10 weeks. However, slow but linear molecular weight decrease is apparent during immersion of the composite. The composite containing the BAG 13-93, showed the fastest PLA degradation with a loss of ∼45% of its molecular weight post-extrusion at 10 weeks at a rate of 1710 ± 96 Da/day (R 2 = 0.99).

The composite containing the BAG 13-93B20 showed a slower decrease, of ∼29% of its original molecular weight after 10 weeks of immersion at a rate of 1133 ± 82 Da/day (R 2 = 0.98). In both cases, the degradation of the polymer is due to the interaction between glass dissolution by-products and PLA, most likely by alkaline hydrolysis of ester bonds at the glass/PLA interface [39]. Such behavior was, however, not reported by Maquet et al. with the dissolution of bioglass®filled polylactic foams but occurred during dissolution of PLA/BAG composite in vivo [16,17]. Added to this, the difference in PLA degradation can be related to the more sustained ion release in the case of the composite containing the glass 13-93 as seen in Fig. 3.

The mechanical properties (Young modulus and Shear stress) were measured on wet samples as a function of immersion time (Fig. 6). While no significant changes in shear stress, within the accuracy of the measurement, were recorded, a net fall in the Young modulus can be seen after immersion for up to three days. As all the measurements were corrected to the swelling of the sample, such a drop can be attributed to the diffusion of water within the composite structure, most likely due to pores being formed during the processing. After the initial drop, the Young modulus does not seem to be, drastically, impacted by either the glass or the polymer dissolution/degradation.

Upon immersion of composites in TRIS buffer solution, a decrease in the average molecular weight was measured. However, in this study Fig. 8. Surface observations and analysis by SEM-EDX and FTIR of the PLA and the composites. A) and B) show the surface of the PLA before and after 2 weeks of immersion in SBF respectively. C) and D) represent the PLA/13-93 before and after 2 weeks of immersion in SBF. E) and F) show the PLA/13-93B20 before and after 2 weeks of immersion in SBF (Scale bar 20 μm) and G) represents the nodules found on the PLA/13-93B20 after 2 weeks in SBF (Scale bar 2 μm). Fig. 9. A) EDX analysis of the nodules found on PLA/13-93B20 surface and B) FTIR analysis of the sample surfaces before and after 2 weeks of immersion. and in agreement with data reported by Vergnol et al., the decrease of the PLA molecular weight alone could not be correlated to changes in the mechanical properties [17]. Yet, in Vergnol et al., a decrease in mechanical properties was recorded upon immersion of the BAG/PLA composite. The loss in mechanical strength is directly related to the composite mass loss with regards to the immersion time. Therefore, the dissolution of mineral phase dictated the change in mechanical properties. In our study, the larger particle size of BAG with slower dissolution rate than in Vergnol et al.'s work were used [17]. The low dissolution rate of the BAG used in this study implies that the composite keeps its integrity for at least 10 weeks.

The immersion of the composites in TRIS helped to understand the dissolution of both composites in solution. The 13-93B20 dissolves faster initially than the 13-93 and saturates more quickly to the same level as the 13-93 in the end. This dissolution leads to the decrease of the polymer molecular weight, but the mechanical properties stay almost stable.

Dissolution in SBF

Samples were also immersed in Simulated Body Fluid (SBF). As postulated by L.L. Hench, the ability of a material to induce the precipitation of an hydroxyapatite layer at its surface is considered to be a sign of bioactivity [12].

Immersion in SBF was conducted over a two weeks period and the solution was not refreshed. ICP-OES was used to quantify the ion concentration in the solution. The difference between the ion concentration in SBF and ion concentration post composite immersion was calculated (Fig. 7).

The elements Si, K, Mg and B (for the PLA/13-93B20) show similar trends when immersed in TRIS where the 13-93B20 glass leaches out its ions at a faster rate initially and then stabilizes. However, it is important to point out that i) the dissolution rate starts to slow down at an earlier immersion time in SBF than in TRIS and ii) while limited saturation was noticed, in the case of immersion of the PLA/13-93 in TRIS buffer solution, in SBF, saturation can also be seen for this glass. The Ca concentration seems to increase initially and then decreases with increasing immersion time, whereas the P concentration decreases constantly over dissolution time. Generally, the decrease in Ca and P in SBF is associated with the precipitation of a calcium-phosphate reactive layer. The decrease in Ca and P is faster and starts at earlier time when the composites containing BAG 13-93B20 are immersed, indicating a faster and more rapid precipitation of the reactive layer in the case of this material. This is most likely due to the faster initial dissolution.

The precipitation of a reactive layer at the surface of the rods was assessed by SEM/EDX and FTIR. Fig. 8) presents the SEM images of the PLA (A and B), PLA/13-93 (C and D) and PLA/13-93B20 (E, F and G) before and after 14 days of immersion in SBF.

While no significant change in the surface topography can be seen after immersion of the PLA in SBF, some spheres could be seen at the surface of the composites after 14 days. The spheres were small and sparsely dispersed at the surface of the composites containing the glass 13-93 (Fig. 8D), while higher density of larger spheres (with a wide size distribution) were covering the composites containing the glass 13-93B20 (Fig. 8F). This is in agreement with the faster reactive layer formation hypothesized from the ICP analysis for the boron containing composites.

EDX was performed on the spheres showed on Fig. 8G) and an EDX spectra is presented in Fig. 9A). The composition of the sphere is mainly Ca and P with a Ca/P ratio of ∼1.6. This is a good indication that the calcium phosphate layer precipitating is hydroxyapatite. This was further confirmed by FTIR spectroscopy shown in Fig. 9B). While only peaks related to the PLA structure where seen in the pure PLA and PLA/ 13-93 composite, prior and after immersion in SBF, whereas two peaks in the 400-600 cm -1 appeared after PLA/13-93B20 immersion in SBF. These peaks are characteristic of the ν 4 (P -O bending) and ν 2 (O -P -O bending) PO 4 3-vibration in apatite structure [40,41]. This effect is partially overcome when working with 13-93B20. The particles are mainly embedded in PLA which slows the release rate due to the PLA diffusion barrier. However, one should keep in mind that despite 13-93B20 promoting more effective HA precipitation than 13-93, a similar reactivity to 45S5 or S53P4 has not yet been reached. We developed PLA/BAG composites using a process that enables limiting the polymer degradation while maintaining mechanical properties which are of interest in bone tissue engineering. Furthermore, the inorganic filler dissolved when immersed in aqueous solution with kinetics function of the glass composition. The PLA/13-93B20 composite was also found to precipitate a hydroxyapatite layer upon immersion in SBF. Therefore, we decided to do preliminary cell experiments to assess if these composites have potentially osteogenic properties which are of utmost important in bone reconstruction.

C2C12 proliferation and morphology

The C2C12 cell system was chosen owing to its known dependence by adhesion to the substrate rigidity, and to the experimental ease in measuring the cellular response to the Bone Morphogenetic Protein 2 (BMP-2). In addition, this cell line is important and relevant in the progenitor cell system for bone tissue engineering [42].

Firstly, the proliferation of C2C12 cells on PLA and both composites was studied for up to 7 days (Fig. 10).

Glass slides were used as a control. The cells proliferated with the characteristic profile of this cell phenotype on all substrates. At 4 days, the proliferation of C2C12 cells on the composites is significantly higher than on the PLA alone. Fu et al. and Eqtesadi et al. [23,43] have already demonstrated that 13-93 glass alone promotes cell adhesion and proliferation. It is interesting to point out, that at day 4, the cell count is statistically higher at the surface of the PLA/13-93 than on the PLA/13-93B20. This is certainly due to the release of boron from the borosilicate glass, which is known to decrease cell proliferation while promoting osteogenesis [44]. It can also be seen that the morphology of murine C2C12 myoblasts after 48 h of incubation (Fig. 11), seem to spread more within the cytoskeleton of the cells with PLA/13-93 and PLA/13-93B20, than with PLA alone. This is confirmed by the measurements of the spreading surface of the cells on each material (Fig. 11). The lower ability of the cells to spread on PLA can be correlated to slightly slower proliferation of cells at day 4 (Fig. 10), when compared to proliferation on composites. Thereby, both types of BAG do not present cytotoxic effects and when included in the PLA, they promote proliferation and adhesion of C2C12 cells compared to the PLA alone.

C2C12 differentiation

In order to study the capacity of C2C12 cells to commit to an osteoblastic lineage in presence of BAG, myosin heavy chain (late marker of myogenic differentiation) and osteopontin (early marker of osteoblastic differentiation) were stained after 14 days of incubation.

In Fig. 12, it can be seen that the glass control (Fig. 12B andC) and pure PLA (Fig. 12F andG) have a high myosin expression but no osteopontin expression. The differentiation of C2C12 myoblasts into myotubes can be observed. With a BAG load into the PLA, myosin expression is decreased and osteopontin expression becomes visible (Fig. 12J,K,N,O). This expression seems higher for the cells seeded on the composite containing 13-93B20 and myosin expression seems completely suppressed. Clearly, the osteopontin, marker of osteoblastic differentiation, is significantly expressed in cells cultured on the composites and this expression seems higher when using the borosilicate glass in PLA. However, the marker needed quantifying to confirm the effect of the boron included in the glass formulation compared to the silicate glass. C2C12 cells are often used to study osteodifferentiation in presence of BMPs [42,45]. Here, their capacity to differentiate into osteoblastic cells is exploited in the presence of BAG showing promising results for osteodifferentiation.

Mineralization was investigated using Alizarin Red Staining after 10 and 14 days of culture. This product stains the mineral calcium. As 10 days appeared to be too short a time to distinguish the mineralization, only images after 14 days of incubation are presented in Fig. 13. Fig. 13 shows the glass, the PLA, and both composites post staining with Alizarin Red. On the glass control and the PLA without cells (Fig. 13A andB), no red staining could be observed with the cells (Fig. 13E andF), the staining seen is attributed to the high cell density, and therefore gives an indication of background noise. On both composites without cells, a slight red coloration is observed (Fig. 13C andD). As shown in Fig. 7, the dissolution of the composites leads to a small amount of HA precipitation. This may well occur within the culture medium and, therefore, the slight red coloration may be due to either, Alizarin being trapped at the glass/PLA interface of stained HA mineral. When the PLA/13-93 and the PLA/13-93B20 are seeded with the cells, strong red staining is evident, showing mineral formation (Fig. 13G andH). These results, when compared to the results obtained without cells, suggest that the mineral stained by the Alizarin is not due to the precipitation of HA but is produced by the cells through their metabolism in presence of the 13-93 or 13-93B20. Therefore, the cells are conditioned by the composites to synthesize their mineral matter.

Conclusion

Composites made of PLA and bioactive glasses (silicate 13-93 and borosilicate 13-93B20) were processed by twin-screw extrusion. This process led to composites with content in the organic phase consistent across the length of the filaments and in agreement with the expected loading. The choice of the glass composition, particle size, glass loading, extrusion temperature as well as pressure for extrusion notably reduced the thermal degradation of the PLA, when compared to previous studies performed with similar or other processing techniques. The presence of BAG particles within the PLA matrix leads to a more ductile, but more fragile material as seen in the case of self-reinforced polymer/BAG composites.

The dissolution of the glass is not impaired by the polymeric matrix. As hypothesized, the substitution of part of the SiO2 in the 13-93 glass composition with B2O3 leads to an increase in the initial dissolution rate. In turns, this leads to a higher level of hydroxyapatite precipitation. However, the dissolution of the BAG leads to an increased degradation rate of the PLA, not affecting the mechanical properties which remained stable for at least 10 weeks. Finally, the dissolution of the composites in SBF support the hypothesis that the developed composites are bioactive, especially in the case of the composite containing the glass 13-93B20.

The osteogenic response of the C2C12 myoblastic cells to both composites -PLA/13-93 and PLA/13-93B20 -was studied. Cells were grown and spread on the composites and the expression of the myosin and the osteopontin measured after 14 days. When cells were cultured on pure PLA, myosin expression was clearly observed while on composites, only osteopontin was expressed. The mineralization experiment showed that the cells in presence of the 13-93 and the 13-93B20 were able to synthesize their mineral matrix.

These composites are promising for bone application. Nevertheless, we feel that more studies are needed to quantify and confirm the effect of the borosilicate at the cellular level. 

Introduction

Bone fractures are a common trauma. For a large loss of bone substance (defect greater than 1 cm 3 ) following a traumatic situation as a pathology or accidental defect, the natural process of self-repair is compromised [1]. Tissue engineering is an innovative approach used for bone repair. Bone reconstruction is assisted with materials that participate in tissue regeneration [2,3]. These materials must have properties adapted to this function.

Bioactive ceramics are of interest in bone regeneration. The bioactivity of these materials results in the appearance of biological activity in the host organism and the existence of ion exchanges between the material and living tissue [4]. Synthetic hydroxyapatite (HA) and β-tricalcium phosphate (β-TCP) are more widely used [5][6][7]. They often have osteoconductive and sometimes osteoinductive properties. However, their slow resorption limits their clinical relevance [8,9]. Indeed, the limited resorption of those ceramics was demonstrated in-vivo when used in cements [10].

Bioactive Glass (BAG) is a subcategory of ceramics and are not only osteoconductive but also osteoinductive [11]. These glasses are mainly used for hard tissue reconstruction, but they are also able to bond to soft tissue [12]. However, due to their brittleness, shaping the glass into its final shape remains a challenge. Organic/inorganic composite scaffolds represent a convenient alternative to traditional BAGs. They allow for the possibility to tailor the mechanical properties, degradation kinetics, and bioactivity. Current research is focused on the fabrication of bioactive composite materials, with the bioactive phase incorporated as a filler into the bioresorbable polymer matrix [13]. However, a drawback with many conventional composites is that the constituent phases interact on a micrometer scale, which can result in differential resorption rates during dissolution and masking of the bioactive component. This would inevitably lead to material instability in vivo [14].

Hybrid scaffolds are materials where the organic and inorganic phases interact chemically on a nanoscale, allowing us to control the properties of the final material, for instance, degradation rates and mechanical properties [14][15][16]. Moreover, the inorganic and organic contents in addition to the degree of covalent links can be adjusted for precise control of the hybrid properties as stiffness and dissolution rates, leading to material adapted for a specific application [14]. For hybrid formation, covalent links between organic and inorganic matrixes are fundamental. They can be obtained through reaction with organosilanes such as 3-glycidoxypropyltrimethoxysilane (GPTMS) or 3-aminopropyltriethoxysilane (APTES) [17][18][19][20].

In our work, we present hybrid materials for bone tissue engineering based on gelatin and BAG (Figure 1), where two BAGs, with different compositions (13-93 and 13-93B20), are compared. 13-93 is an Food and Drug Administration (FDA)-approved BAG that exhibits a slower dissolution rate than commercialized BAGs 45S5 or S53P4 [21,22]. The rational for studying 13-93 BAG lies in preventing excessive dissolution of the glass particles during processing, degradation of the organic phase, a decrease in the mechanical properties, and a fast release of ions that could be toxic for the cells. 13-93B20, a similar composition to 13-93 but with 20% of the SiO 2 substituted with B 2 O 3 , was also included in the study. It has been showed that the borosilicate glasses based on the 13-93 composition have faster in vitro dissolution but also faster conversion to HA while maintaining a slower dissolution kinetics than 45S5 and S53P4 [13,23,24]. Here, two hybrid materials were studied, based on gelatin and 13-93 or 13-93B20. The content of the organic and inorganic matrixes was 70/30 (wt%), and a C factor (degree of covalent coupling, molar ratio of GPTMS/gelatin) of 500 was used. To investigate their in-vitro dissolution, the hybrids were immersed in Tris(hydroxymethyl)aminomethane (TRIS) buffer solution for one month. Ion release from the glass was quantified, and the mineral content was measured. The compressive properties of the hybrids were studied during the immersion. The bioactivity, assumed to be related to the precipitation of a HA layer at the materials' surface when immersed in aqueous solution, was assessed in Simulated Body Fluid (SBF) [25]. Preliminary cell experiments were performed to assess cell activity by culturing MC3T3-E1 pre-osteoblastic cells at the surface of the hybrids. Cell proliferation and morphology were studied. The aim of this study was to assess the stability of the hybrids, in vitro, in aqueous solutions and its biocompatibility. C in 10 mM hydrochloric acid (HCl, Merck Millipore, Burlington, MA, USA) at a concentration of 50 mg•mL -1 . This solution was functionalized by adding GPTMS (Sigma Aldrich, St Louis, MO, USA) to obtain a C factor (molar ratio of GPTMS/gelatin) of 500. Different C factor have been studied (data not shown), and this parameter was optimized in order to limit the cellular toxicity of GPTMS. The functionalized gelatin (G*) solution was mixed 2 h at 37 • C. The 13-93 or 13-93B20 BAG particles were added and mixed for 1 h at 37 • C for a ratio of G*/BAG of 70/30 wt%. This ratio was optimized (data not shown) to obtain enough covalent links in the structure to obtain a gel self-supported at biological temperature. Finally, sodium fluoride 1% (NaF, Sigma Aldrich, St Louis, MO, USA) was added to catalyze the inorganic condensation reaction. The final solution was mixed for 10 min at 37 • C. The solution was poured in silicon molds and left to gel at room temperature for 24 h.

Materials and Methods

Hybrid materials with a diameter of 11 mm and height of 4 mm were cut. To measure their glass content, they were freeze-dried and heated for 2 h at 500 • C under air to remove all the organic phase. The remaining mineral phase was weighed. The measure was repeated on 4 samples per composition, and the average glass content with standard deviation was calculated.

2.2.

Behavior of G*/BAG Hybrids 2.2.1. Physicochemical Properties of the Hybrids Immersion in TRIS Tris(hydroxymethyl)aminomethane (TRIS) solution (50 mM) was prepared by mixing ultrapure TRIS (Sigma Aldrich, St Louis, MO, USA) and TRIS-HCl (Sigma Aldrich, St Louis, MO, USA) in ultrapure water, and the pH was adjusted to 7.4 at 37 • C. The samples were punched to obtain small cylinders of 11 mm diameter and 4 mm height (≈380 mg), which were immersed in 30 mL of TRIS solution for up to 28 days at 37 • C on an agitator (Heidolph Instruments, Schwabach, Germany) with an orbital speed of 100 rpm. To avoid saturation of the solution with the ions released from the hybrids, the TRIS buffer was refreshed each week.

At the desired time of immersion, the concentration of elements released from the hybrids was studied by diluting 500 µL of the immersion solution in 4.5 mL of ultrapure water for ion analysis. Inductively Coupled Plasma -Optical Emission Spectroscopy (ICP-OES) (Agilent technologies 5110, Santa Clara, CA, USA) was employed to quantify P (λ = 253.561 nm), Ca (λ = 422.673 nm), Mg (λ = 279.553 nm), Si (λ = 250.690 nm), B (λ = 249.678 nm), K (λ = 766.491 nm), and Na (λ = 589.592 nm) concentrations in the solution after samples immersion. The measurements were conducted in four separate samples at each time points for each composition, and the results are presented as mean ± standard deviation (SD).

Mineral Content in Hybrids

Mineral mass after the samples' synthesis and at various immersion times was measured after freeze-drying and burning the samples for 2 h at 500 • C under air to remove all the organic phase. The remaining mineral phase was weighed. The measurements were conducted on four separate samples at each time points for each composition, and the results were presented as mean ± SD.

Mechanical Properties of the Hybrids

The mechanical properties of the hybrids after synthesis and after immersion (wet) were tested by compression test at room temperature using a texturometer (LS1, Lloyd Instruments, Ametek, Berwyn, PA, USA). The measurements were conducted on four separate samples at each time point for each composition. A 20 N load cell was used for testing, with a compression extension speed of 1 mm.min -1 . The results are presented as mean ± SD.

Hybrids Bioactivity Immersion in Simulated Body Fluid (SBF)

Developed by Kokubo et al., SBF was prepared following the methodology from the standard ISO/FDIS 23317 [26]. The samples were punched to obtain small cylinders of 11 mm diameter and 4 mm height ( 380 mg), which were immersed in 30 mL of SBF for up to 2 weeks at 37 • C on an agitator (Heidolph Instruments, Schwabach, Germany) with an orbital speed of 100 rpm. During the experiment, the solution was not refreshed to study the precipitation of calcium phosphate. The ion concentration in the solution according to immersion time was measured as previously described. The measurements were conducted in four separate samples at each time points for each composition, and the results are presented as mean ± SD.

Mineral Content in Hybrids

Mineral mass after various immersion times was measured as explained above. Measurements were conducted on four separate samples at each time point for each composition, and the results are presented as mean ± SD.

Hybrids Surface Analysis

The reactive layer on the hybrid surface after immersion in SBF was observed by SEM (GEMINISEM 300 from Zeiss, Iena, Germany), and its composition was analyzed by Energy-Dispersive X-ray spectroscopy (EDX Quantax from Bruker, Billerica, MA, USA). The Infrared (IR) absorption spectra of the hybrids immersed in SBF were also recorded using a Bruker Alpha FTIR in Attenuated Total Reflectance (ATR) mode. The measurements were performed on dry samples. All IR spectra were recorded within the range 399-4000 cm -1 with a resolution of 2 cm -1 and 32 accumulation scans.

Cell Analysis Hybrids Preparation

G*/13-93 and G*/13-93B20 hybrids were synthesized in sterile conditions. The samples were punched to obtain small cylinders of 11 mm diameter and 4 mm height. Each material of each condition was immersed in sterile TRIS solution during 10 days at 37 • C to remove excess components. After that, all cell experiments were performed in 48well plates.

Cell Culture

Pre-osteoblastic MC3T3-E1 cells subclone four (ATCC, Manassas, VA, USA) were cultured in α-Minimum Essential Media (α-MEM) (Gibco, Life Technologies, Carlsbad, CA, USA) containing glutamine supplemented with 10% Fetal Bovine Serum (FBS, Biosera, Marikina, Philippines) and 1% penicillin/streptomycin (Gibco, Life Technologies, Carlsbad, CA, USA). The cells were cultured with a humidified atmosphere of 5% CO 2 at 37 • C.

Cell Proliferation

To compare the behavior of MC3T3-E1 cells on the different samples, cell proliferation was studied using a CyQUANT Cell Proliferation Assay kit (Invitrogen, Life Technologies, Carlsbad, CA, USA). The control used was the Tissue Culture Polystyrene (TCPS) 48 wellplate. The hybrids were placed in the wells, and 5000 cells/well were seeded. The medium was changed every 2 days. After 1, 3, 7, 10, and 14 days of culture, the cells were lysed with 700 µL 0.1% Triton-X100 (Fisher Scientific, Hampton, NH, USA) buffer and conserved at -80 • C. After one freeze-thaw cycle, three 20 µL aliquots of each lysate were pipetted to a black 96-well plate (Corning, Corning, NY, USA) and mixed with 180 µL working solution containing CyQUANT GR dye and cell lysis buffer. The fluorescence at 520 nm was measured with a Spectrofluorometer Xenius XM (Safas, Monaco).

Cell Morphology

The morphology of the cells on the different samples was observed after 1, 7, and 14 days of culture. The control used was TCPS coverslips (Nunc Thermanox Coverslips, ThermoFisher Scientific, Waltham, MA, USA) of 13 mm diameter in a 24-well plate. The number of cells was adjusted according to the well area. The same density of cells was seeded on the hybrids and the TCPS coverslips controls, and after each time point, the cells were fixed with 4% (w/v) para-formaldehyde solution for 15 min and then permeabilized with 0.1% (v/v) Triton X-100 (Sigma Aldrich, St Louis, MO, USA) for 10 min. Nonspecific binding sites were blocked by incubating the disks in Phosphate Buffered Saline (PBS) containing 1% Bovine Serum Albumin (BSA, Sigma Aldrich, St Louis, MO, USA) for 1 h. The cytoskeleton and nuclei of the cells were stained, respectively, with 1:500 diluted TRITC-labelled phalloidin (Sigma Aldrich, St Louis, MO, USA P1951) and 1:1000 diluted 4 ,6-Diamidino-2-phenylindole dihydrochloride (DAPI, Sigma Aldrich, St Louis, MO, USA D9542) in PBS-BSA 0.5% for 1 h. Each incubation with antibodies was performed in wet and dark conditions. The samples were then washed in PBS-BSA 0.5% and pure water and observed using a LSM710 confocal microscope (Zeiss, Iena, Germany).

Statistical Analysis

Data were analyzed using GraphPad Prism 8 Software. Statistical significance between groups was assessed by one-way analysis of variance (ANOVA). The experimental results are expressed as means ± standard deviation. Statistical significance is taken for values of p < 0.01.

Results and Discussion

The aim of this study is to develop hybrid materials based on gelatin and BAG able to release therapeutic ions for bone regeneration while controlling the dissolution properties of the organic and inorganic phases of the scaffold. The first step was to determine the optimal C factor for targeted applications. Indeed, the higher the C factor , the more covalent links will be formed in the structure. However, an excess of GPTMS can lead to excessive unreacted precursor, leading to cellular toxicity [14,27]. Thus, to avoid this negative effect, studies have led us to use a C factor of 500 for our hybrids (data not shown). Therefore, the BAGs 13-93 and 13-93B20 were covalently linked to gelatin with a C factor of 500. The materials dissolution in aqueous solutions and their bioactivity were compared.

Characterization of the Hybrids after Synthesis

Table 2 presents the glass loading in the hybrids and their young modulus after synthesis. The mineral mass in the hybrids was determined after freeze-drying and burning the inorganic phase at 500 • C under air for 2 h. Table 2 shows that the glass loading is 34 ± 2 wt% and 33 ± 1 wt% for G*/13-93 and G*/13-93B20, respectively, as expected from the targeted loading. Young's modulus of G* alone and the hybrids were measured by a compression test. Both hybrids have Young's moduli stable in wet and dry conditions. Young's modulus of the hybrids is lower compared to that for G* alone. This shows that adding the glass in the organic phase influences the mechanical behavior of the scaffolds. This decrease occurs with both BAGs, showing that this is not due to the type of glass. It is interesting to note that, in the case of composite materials, the addition of mineral particles reinforces the mechanical properties [8,9]. However, for our hybrid materials, a decrease in Young's modulus is observed probably because the glass induces defects on the gel structure and adds some heterogeneity. This heterogeneity in turn leads to weak points in the material, which become more friable.

Behavior of the Hybrids in Solution

Resorbable materials need to present controlled degradation and sufficient mechanical properties until bone tissue regeneration [26]. Their bioactivity is a fundamental property that will help bone repair. To assess these properties, the hybrids were immersed in aqueous solutions and their dissolution was studied.

Dissolution in TRIS

The hybrid degradation in TRIS was studied by mass measurements, ICP-OES analysis, and compression tests. These tests could not be done on G* without BAG because it was dissolving at 37 • C, contrary to G*/13-93 or 13-93B20. This shows that the materials made of gelatin and BAG, covalently linked by the GPTMS, can be considered as hybrids. Moreover, Mahony et al. worked on hybrids based on gelatin and silica network coming from Tetraethyl orthosilicate (TEOS) hydrolysis and condensation and showed that GPTMS is efficient in creating covalent links between both matrices [14]. Figure 2 presents the mass loss of the hybrids as a function of the immersion time (Figure 2A), the hybrid mass after freeze-drying (Figure 2B), and the mineral mass remaining in the materials after immersion (Figure 2C). Mass loss graph (Figure 2A) shows that, after 24 h, the mass loss reaches 50% and remained stable at longer immersion times. The same results are observed for G*/13-93 and G*/13-93B20, showing that this mass loss is not dependent on the type of glass. In Figure 2B, a decrease in the hybrid dry mass is observable. At 24 h, the hybrid dry mass goes from 100% to 75% and 89% for G*/13-93 and G*/13-93B20, respectively, and does not reach 50% during the immersion. This result does not corroborate the mass loss at 24 h in Figure 2A. This means that, during the first 24 h, the hybrids lose mostly water. This can be seen from a macroscopic point of view on the hybrids that shrink and lose 2 mm of diameter and 1 mm of height after 24 h of immersion, indicating a rearrangement of the hybrids structure due to a syneresis phenomenon.

In Figure 2B, the hybrid dry mass decreases with immersion time, exhibiting a dissolution of the material. In Figure 2C, the mineral mass decreases with immersion time. This result shows that 13-93 and 13-93B20 dissolve in TRIS solution during immersion. This is further confirmed by the quantification of ion release in solution (Figure 3).

For both hybrids, all ions from the BAG are found to leach out into the solution, showing that the glasses dissolve through the gelatin. The Si release from G*/13-93B20 continuously increases and is slightly lower than that for G*/13-93. Moreover, the initial release of Mg, Na, K, and Ca elements is faster for G*/13-93B20 than for G*/13-93. This can be due to the fact that the borosilicate glass is more reactive with siloxane than G*/13-93, leading to a lower Si release from the hybrids with 13-93B20 than the one with 13-93. The release of the elements coming from G*/13-93B20 directly reaches the plateau from the beginning of the immersion, while it increases for G*/13-93 until it reaches the same plateau (Figures 3 and4). For G*/13-93 (Figure 4A), it appears that the glass dissolution is limited for Ca, K, and Mg, with a plateau reached at 14 days and approximately 20% of these elements released in solution. The Si and Na releases seem to be higher than the first ions cited, linear and continuous for 28 days. Figure 4B presents the release of ions from the hybrids containing 13-93B20 glass. For Ca, K, Mg, and B, the release of these elements is already at the plateau from the first time point contrary to the hybrid containing 13-93 (results also observed in Figure 3). This plateau, reached from the beginning of the immersion at 20% (as for G*/13-93), shows also that the initial dissolution of G*/13-93B20 is faster than for G*/13-93.

For both hybrids, the Si and Na releases are more important than for the other elements, with a Na release already stable from the first time point for G*/13-93B20. The higher concentrations of Si and Na are probably because they come not only from the glass but also from the GPTMS and NaF, respectively. The important release of Si in solution is probably followed by condensation and polymerization, forming an amorphous silica-rich layer around the glass [28], slowing down the release of Ca, Mg, K, and B (for G*/13-93).

After analyzing degradation of the hybrids, their mechanical properties were studied with a compression test on wet samples during the immersion (Figure 5). Young's modulus was measured on wet samples as a function of incubation time (Figure 5). The evolution of the mechanical properties takes place in two stages. First, an increase in Young modulus for both hybrids can be seen. A maximum is then reached at 3 days for G*/13-93B20 and at 14 days for G*/13-93. At longer immersion times, a decrease in Young's modulus is noticed. The increase in modulus could be due to the syneresis phenomenon, as explained for Figure 2. The water loss leads to a reinforcement of the mechanical properties. After that, the decrease in Young's modulus would be due to hybrids erosion, inducing a loss of its mechanical properties. This corroborates the phenomenon showed in Figures 3 and4, showing that this decrease happens when the stabilization of ion release is reached for G*/13-93.

Hybrids immersion in TRIS allowed to understand their dissolution and their ions release in solution. The 13-93B20 dissolves and reaches the saturation faster but finally at the same level than the 13-93. This dissolution has an influence on the mechanical properties but it should be noted that despite these variations, Young's modulus stays close to that of cancellous bone [29][30][31].

Dissolution in Simulated Body Fluid (SBF)

The hybrids were immersed in Simulated Body Fluid (SBF) to study their bioactivity. ICP-OES analysis, mass measurements, SEM observations, and EDX and FTIR analysis were conducted to assess the ion release/precipitation and the formation of a reactive layer.

As postulated by L.L. Hench, the ability of a material to induce precipitation of an hydroxyapatite layer at its surface can be considered as a sign of bioactivity [11]. Immersion in SBF was conducted for two weeks, and the solution was not refreshed. The ion concentration in the solution was quantified. The difference between the ion concentration in SBF and ion concentration after hybrid immersion was calculated (Figure 6). The Ca concentration seems to increase initially and then decreases with immersion time, whereas the P concentration decreases from the beginning of the dissolution. This phenomenon was also observed in our previous study on composites based on Poly(Lactic) Acid (PLA) and the same glasses [13]. Generally, the decrease in Ca and P in SBF corre-sponds to the precipitation of a calcium-phosphate reactive layer. The elements Mg and K show similar trends during immersion in SBF. The 13-93B20 glass leaches out its ions at a faster rate initially than 13-93 and then; for both hybrids, a decrease in Mg and K concentrations appears. It is important to note that the dissolution rate slows down at earlier immersion times in SBF than in TRIS for G*/13-93. This decrease shows the saturation of the solution and probably that Mg and K can be incorporated into the calcium-phosphate reactive layer [32]. Silicon release is linear and continuous, tending towards a plateau, for both hybrids. It is initially higher for G*/13-93, which can be, as explained above, because the borosilicate glass would be more reactive with the siloxane, leading to a lower Si release from the hybrids with 13-93B20.

Figure 7 presents the mass loss of the hybrids as a function to immersion time in SBF (Figure 7A), the hybrid mass after freeze-drying (Figure 7B), and the mineral mass remaining in the materials after immersion (Figure 7C). Figure 7A shows that, after 24 h, the mass loss reaches approximately 50%, corresponding to a water loss and thus a shrinking of the materials due to syneresis, as explained for TRIS immersion. Then, the mass loss stays stable during immersion. In Figure 7B, the dry mass of hybrids immersed in SBF does not show the same evolution as in TRIS immersion. Indeed, a decrease in the dry mass was observed in TRIS immersion, while in SBF, it appears to stay approximately stable. For the mineral mass (Figure 7C), while it decreases during immersion in TRIS, showing the dissolution of the glasses, in SBF, it decreases and then increases. This corresponds to dissolution of the glass followed by the precipitation of the calcium-phosphate layer.

To assess the precipitation of this reactive layer, the hybrids were observed and analyzed using SEM/EDX as well as FTIR (Figures 8 and9). After 2 weeks of immersion in SBF, nodules appeared at their surface. The nodules are small and dispersed on the hybrid containing 13-93, while they are more numerous and larger on the G*/13-93B20 hybrid surface. EDX analysis were performed on the nodules shown in Figure 8, and the spectra are presented in Figure 9A. The composition of the spheres from both hybrids is mainly Ca and P with a ratio of Ca/P of 1.77 ± 0.08, which is close to hydroxyapatite [33]. This corroborates the precipitation of the calcium-phosphate layer hypothesized from the ICP analysis (Figure 6) and confirms that these nodules are probably apatite nodules. It is interesting to point out that the materials containing the glass 13-93B20 exhibit a higher population and bigger nodules than materials processed with the glass 13-93. This is in agreement with Huang et al., who demonstrated that the borosilicate bioactive glasses convert to HA faster and more completely than their silicate counterpart [34].

The nature of the Ca/P precipitate was further analyzed by FTIR spectroscopy (Figure 9B). Two peaks at 500-600 cm -1 and ≈1000 cm -1 appear after G*/13-93B20 (they are also present for G*/13-93 but with a lower intensity) immersion in SBF. These peaks correspond to ν 4 (P-O bending) and ν 3 (P-O stretching) PO 4

3-vibrations, respectively, in the apatite structure. The carbonate CO 3 2-vibration is also present [35][36][37]. These peaks are characteristic of a hydroxyapatite structure. This is a good indication that the calcium phosphate layer precipitating on the hybrid surface is a hydroxy-carbonated apatite, indicative of the potential bioactivity of those materials. These results show the difference in reactivity between both glasses. Ion release is slowed down by the organic matrix barrier, but 13-93B20 allows us to remedy this effect compared to 13-93 glass.

We developed gelatin/BAG hybrids using GPTMS as a coupling agent, with a C factor of 500, using a sol-gel method. The target mineral content (70/30 wt%) was guaranteed by careful control of the processing steps. The mineral phase dissolves when immersed in aqueous solution with kinetics depending on the glass composition. The mechanical properties varied per the dissolution of the materials; however, Young's modulus remained close to the value reported for cancellous bone [29][30][31]. Both hybrids were found to precipitate hydroxy-carbonated apatite during immersion in SBF. The bioactivity seemed significantly higher when using 13-93B20 glass. Therefore, preliminary cell experiments were conducted to assess if the hybrids are biocompatible and, thus, support the growth of pre-osteoblastic cells, which is fundamental for bone application.

MC3T3-E1 Proliferation and Morphology

MC3T3-E1 pre-osteoblastic cells were used to study their proliferation and morphology on the hybrids (Figure 10). First, the number of MC3T3-E1 cells on the hybrids was studied for up to 14 days (Figure 10A). The hybrids were immersed 10 days in TRIS before cell culture to eliminate unreacted elements, which can prevent cell survival [38]. The hybrids were placed in 48 well plates, and the TCPS was used as a control. However, during their immersion in TRIS, they underwent a shrinking effect due syneresis. Indeed, they went from a diameter of 11 mm to 8 mm in 10 days. Thus, to compare the proliferation on the control and the materials, the cell number was normalized to the area of the respective sample.

For each condition, the cells proliferated with time and reached a plateau indicating the stationary phase (Figure 9A). The glass 13-93 alone was already known to promote cell adhesion and proliferation, as demonstrated by Fu et al. and Eqtesadi et al. [39,40]. At 14 days, the proliferation of MC3T3-E1 cells on G*/13-93B20 is significantly lower than on the control. This can be attributed to the release of boron from borosilicate glass, known to decrease cell proliferation while promoting osteogenesis, as observed in previous studies [13,24].

The morphology of the cells was observed at 24 h, 7 days, and 14 days on the control, G*/13-93, and G*/13-93B20 (Figure 10B). After 24 h, it can be observed that the cells spread on both hybrid types with their characteristic polygonal morphology. There is no difference noted in the cytoskeleton of cells between the conditions. At 7 days and 14 days, multicellular layers are observed, covering the hybrids. These results show that the cells can spread, attach, and proliferate on the hybrids. Thus, 13-93, 13-93B20, and GPTMS do not present cytotoxic effects and do not prevent the proliferation and adhesion of MC3T3-E1 cells on the hybrids.

Conclusions

Hybrids made of gelatin and BAG particles (silicate 13-93 and borosilicate 13-93B20) covalently linked with GPTMS were synthesized using the sol-gel method. The process of synthesis was optimized in order to obtain a content of organic/inorganic matter close to that expected and to avoid particle sedimentation and aggregates. These hybrids were stable and self-supported at biological temperature in aqueous medium. When immersed in simulated body fluid, their bioactivity was shown. Cell survival was demonstrated using MC3T3-E1 cells. The substitution of 20% of SiO 2 with B 2 O 3 allowed us to tailor the dissolution and bioactivity properties of the hybrids. Once stabilized, the hybrids exhibited mechanical properties which, combined with their ability to precipitate HA and their biocompatible characteristic, make these materials good candidates for bone tissue engineering. Future studies will be conducted to investigate the osteo-stimulation of these materials. The role of fluorine in bioactive glasses is of interest due to the potential of precipitating fluorapatite, a phase with higher chemical resistance than the typical hydroxyapatite precipitated from oxide bioactive glasses. However, the introduction of fluorine in silicate bioactive glasses was found deleterious to the bioactivity of the glass. Here, phosphate glasses with the composition 75NaPO 3 -(25-x) CaO-xCaF 2 (in mol%), with x = 0-20 and glass-ceramics were investigated to evaluate their potential as substitutes to the traditional silicate bioactive glass. An increase in CaF 2 substitution for CaO led to an increase in the glass solubility, due to an increase in highly soluble F(M)n species (where M is a cation) and to an increased polymerization of the phosphate network. Structural analysis reveals the formation of FeP bonds, in addition to the F(M)n species, in the glass with the higher CaF 2 content. Furthermore, with heat treatment, CaF 2 crystals precipitate within the bulk in the newly developed glass, when x = 20. This bulk crystallization reduces the glass dissolution without compromising the precipitation of a reactive layer at the glass surface. Finally, in vitro cell tests were performed using MC3T3 preosteoblastic cells. While the substitution of CaF 2 for CaO led to an increased cytotoxicity, the controlled crystallization of the fluorine containing glasses decreased such cytotoxicity to similar values than traditional bioactive phosphate glass (x0). This study reports on new oxyfluorophosphate glass and glass-ceramics able, not only, to precipitate a Ca-P reactive layer but also to be processed into glass-ceramics with controlled crystal size, density and cellular activity. Statement of significance: Uncontrolled crystallization of bioactive glasses has negative effect on the materials' bioactivity. While in silicate glass the bioactivity is solely reduced, in phosphate glasses it is often completely suppressed. Furthermore, the need for fluorine containing bioactive glasses, not only for use in bone reconstruction but also in toothpaste as emerged. The addition of F in both silicate and phosphate has led to challenges due the lack of Si-F or P-F bonds, generally leading to a decrease in bioactivity. Here, we developed a bioactive invert phosphate glass where up to 20 mol% of CaO was replaced with CaF 2 . In the new developed glasses, NMR demonstrated formation of P-F bonds. The content of fluorine was tailored to induce CaF 2 bulk crystallization. Overall an increase in F was associated with an increase network connectivity. In turns it led to an increased dissolution rate which was linked to a higher cytotoxicity. Upon (partial to full) surface crystallization of the F-free glass, the bioactivity (ability to form a reactive layer) was loss and the cytotoxicity again increased due to the rapid dissolution of one crystal phase and of the remaining amorphous phase. On another hand, the controlled bulk precipitation of CaF 2 crystals, in the F-containing glass, was associated with a reduced cytotoxicity. The new oxyfluorophosphate glass-ceramic developed is promising for application in the biomedical field.

Introduction

Despite the tremendous progress in large defect bone treatment, challenges remain. As of today, a large variety of grafts, natural or synthetic, can be used, from autograft to synthetic hydroxyapatite, with or without addition of growth factors [1]. A challenge to be considered is the production of porous synthetic substitutes able to support fast bone growth while also supporting wide vascularization within the scaffold structure. The need for bone augmentation/regeneration might also be associated with cancer treatment or high prevalence for infection. In such condition, the clinical outcomes, using traditional biomaterials remain poor [2]. To this respect, bioactive glasses can play a major role. They are known to allow the release of a large variety of ions with therapeutic interest while promoting both osteogenesis and angiogenesis [3][4][5].

The osteoconductivity and osteoinductivity of traditional silicate bioactive glasses and, therefore, their potential in hard tissue regeneration is nowadays well-known [6][7]. Part of the bioactivity of the glass is attributed to the ability of the glass to precipitate a hydroxyapatite layer, similar to the mineral phase of the bone, at the surface of the glass particles [8]. Today, bioactive glasses have found use in a wide range of clinical application such as bone healing, osteomyelitis treatment and wound healing [9][10][11]. More recently, the incorporation of glass particles in toothpaste have proven to be successful in reducing teeth hypersensitivity such as in the Sensodyne® Repair and Protect and the newly launched BioMin™ [12][13][14]. Such effects were attributed to the occlusion of dentinal tubule due to the precipitation of hydroxyapatite upon glass dissolution.

Fluorine containing glasses have become glasses of interest due to the fluorides' ability to enhance their optical [15][16][17] and bioactive properties [18]. The incorporation of fluorine into silicate and borosilicate glasses reduces the glass transition temperature and facilitates nano-scale crystallization [19][20][21][22][23]. In silicate glasses, the thermal properties, crystallization behaviour, and the precipitated phases are strongly influenced by the interplay of ions within the local glass structure [18,[24][25]. In most cases, the fluorine is complexed by metal cations forming F-M(n) species with fluorine having preference for the cations of the highest charge to size ratio [26]. The presence of fluorine in bioactive glass has been found to lead to the precipitation of a fluorapatite layer [1]. Interest in the precipitation of the fluorapatite, from bioactive glasses within sensitive toothpaste has been growing momentum [18,22,27]. It is thought that the precipitation of fluorapatite offers enhanced repair for tooth sensitivity due to its aforementioned higher chemical durability in the acidic environment of the mouth [28]. Fluorapatite is not only of interest in dental applications. The use of a fluorapatite coating, in place of the traditionally use hydroxyapatite, is already in use in implants inserted in the iliac crest of consenting patients [29]. The study suggests that the fluorapatite coating is more stable than the hydroxyapatite coating against resorption by bone marrow. Furthermore, Freeman et al. demonstrated in their study that the larger the proportion of fluorapatite crystal at the specimen surface the better the bone bonding in rat femur [30].

Until now, most of the work on fluorine containing bioactive glasses has been conducted on phosphosilicate glasses. However, these glasses have limitations, especially when fluorine is introduced into the glass network. The replacement of CaF 2 for CaO leads to an increase in the glass network connectivity due to the formation of highly connected silica and the absence of SieF bonds, which in turn reduces the glass bioactivity [31][32][33]. The consequence of a lower bioactivity results in the formation of an inhomogeneous hydroxyapatite and silica-rich layer at the glass particle surface [34]. A second challenge arises when developing bioactive glasses for use in orthopaedic applications. In the case of glass particles for toothpaste application, the processing of small particles is not a complex challenge and can be completed in one processing step. However, in orthopaedics applications, the optimal bone graft should be a 3D scaffold with controlled porosity to enable fluid penetration, cell migration and vascularization [35]. The processing of scaffolds from glass particles almost systematically relies upon a twostep process: first the glass is produced and crushed into powder then secondly the glass particles are fused together via a high temperature sintering process. Upon heating, uncontrolled surface crystallization occurs in typical bioactive silicate glasses (such as 45S5 and S53P4), which not only prevents proper glass particle sintering but also significantly alters the glasses bioactivity [36][37][38].

One alternative to the typical silicate bioactive glasses is phosphatebased glass. The composition of phosphate glasses can be tailored so the glasses are bioactive and possess suitable thermal properties enabling hot forming [39][40][41]. For example, De Silva Thompson produced titanium doped phosphate glass microsphere to be used as microcarriers [42]. These microparticles were found to support osteoblastic cell responses in dynamic cell culture condition. Thus, they appear to be a perfect platform for expanding bone forming cells while promoting their osteogenic commitment. Not only phosphate-based glasses are suitable for bone regeneration, they are also commercially available (Zincosel® Cattle Bolus, Bimeda) for their ability to release therapeutic ions in a controlled manner [43]. However, it is worth mentioning that while the crystallization of silicate bioactive glasses leads to a decrease in the bioactivity, the surface crystallization of phosphate bioactive glasses suppresses completely the bioactivity and leads to the release of phosphorous in the medium in high concentration [44].

Given some of the benefits of using phosphate bioactive glasses, Christie et al. [32] studied the structure of oxyfluorophosphate glasses using ab initio molecular dynamics simulations. The studied glasses were metaphosphate (with P 2 O 5 close to 50 mol%) and CaF 2 was not replaced for CaO but rather doped into the glass. In their glass composition, a large amount of PeF bonds were formed when adding CaF 2 , increasing the glass' bioactivity. Therefore, Christie et al. concluded that the fluorinated phosphate glasses are a more suitable alternative than the fluorinated phosphosilicate bioactive glasses. While these results are promising, the phosphate glasses with metaphosphate structures are known to be less bioactive than invert phosphate glasses [45]. This is due to the rapid dissolution of the metaphosphate structure. Shaharyar et al. [46] studied the structure-solubility relationship of fluoride containing glasses having a phosphate content of 45 mol%. In their glasses, little to no PeF bonds were reported as evidenced by the increased network polymerization associated with an increase in the fluorine content.

To the best of our knowledge, Cui et al. published the first study that indicates significant formation of PeF bonds in fluorinated invert phopshate glass [17]. Not only PeF bonds, assumed to be beneficial to bioactivity, were suggested in this glass system, but also bulk crystallization of CaF 2 crystals was reported. This is of particular interest in orthopaedic applications, as bulk crystallization of a bioactive glass helps maintaining the glass bioactivity over the course of the glass degradation. It is also of great potential in dental application as the CaF 2 crystals are known to be cariostatic [47].

Therefore, here we present the in-vitro dissolution of fluorinated invert phosphate glasses with the composition of 75NaPO 3 -(25-x) CaO-xCaF 2 (in mol%), with x ranging from 0 to 20. EDX and EPMA characterisation was carried out to quantify the glasses composition. Thermal and structural analyses of the glasses were performed using DSC, FTIR and NMR. Changes in in-vitro dissolution were related to the F-speciation. Finally, the crystallization of the glasses was assessed by defining crystallization kinetics parameters such as the activation energy of the crystallization and the Johnson-Mehl-Avrami exponent. The impact of the crystallization on the dissolution behaviour of the Ffree and F-containing invert phosphate glasses was studied in order to gauge the ability of the glass to remain bioactive upon controlled internal crystallization. The index of cytotoxicity (IC50) and cell spreading was established for the glass and glass-ceramics.

Experimental

Glass and glass-ceramic preparation

Glass compositions of 75NaPO 3 -(25-x) CaO-xCaF 2 (in mol%), with x = 0, 5, 10, 15 and 20 (the glasses are labelled as x0, x5, x10, x15 and x20) were prepared by melt quenching technique. The mol% of each oxide is presented in Table 1.

10 g batches were prepared from analytical grades of NaPO 3 , CaO, and CaF 2 purchased from Sigma Aldrich. Glasses were melted at 950 °C for 5 min in a platinum/rhodium (95%/5%) crucible covered with a platinum lid, to minimise volatilisation, and then quenched. The glasses were then annealed for 4 h at 40 °C below the glass transition temperature. After annealing, the as-prepared glass was crushed, by hand, using a ceramic pestle and mortar, into powder. The glass particles with a 125-250 μm size range were heat treated in an electrical oven at T x (onset of crystallization) and T x + 20 for 3 h in air. Glasses were heated to the target temperature in platinum pans at a rate of 20 K/min, dwelled for the required time and quenched in air. The heat treated glasses are labelled as HTx0, HT5, HTx10, HTx15 and HTx20.

Thermal analysis

Non-isothermal Differential Thermal Analysis was performed using a Netzsch Jupiter STA 449. Glasses were ground to particles between 125 and 250 μm and 30.00 ± 0.025 mg was weighed into a platinum pan. Samples were analysed under nitrogen flow, using an empty platinum crucible as a reference. The thermograms were recorded from 40 to 600 °C at the heating rates of 5, 10, 15, and 20 K/min. The glass transition temperatures (T g ) were taken as the point of inflection of the first second order transition event, and the crystallization temperature (T p ) was taken at the maximum of the exothermic peak. T x is the onset of crystallization taken from the thermographs at 20 K/min. The accuracy of the temperature measurement was ± 3 °C.

Composition analysis

The composition of the glasses was checked using scanning electron microscope (SEM) Leo 1530 Gemini from Zeiss coupled with Energydispersive X-ray spectroscopy (EDX) from Vantage by Thermo Electron Corporation. The accuracy of the elemental analysis was ~1.5 mol%. The Electron Probe MicroAnalyzer (EPMA) (CAMECA, SX100) equipped with 5 wavelength dispersive X-ray analyzers (WDX) was used to quantify the fluorine content ( ± 0.1 at.%). The EPMA was operated at 15 keV and 40 nA. Quantitative analyses were performed using the Cameca QUANTITOOL analytical programme, calibrated with ErF 3 reference standard, applying a PAP matrix correction. The samples were polished and were coated with a carbon layer in the same time than the reference to prevent charging.

Crystallization kinetics

The activation energy of crystallization (E c ) was calculated using the Kissinger equation [48]:

= -+ ln q T E RT constant p c p 2 (1)
where R is the gas constant, q is the heating rate and T p , is the maximum peak of crystallization measured at the heating rate of 5, 10, 15, and 20 °C/min.

The limitations of the Kissinger methodology are discussed in detail elsewhere [49][50]. Therefore, to ensure accurate estimation of the activation energies of crystallization and to evidence any change in crystallization mechanisms during the course of the crystallization, the Friedman equation was also applied [51]:

⎛ ⎝ ⎞ ⎠ = - + ln dα dt E RT constant i c α i ( 2 
)
where α is the proportion of glass converted into crystals and dα dt i is the rate of transformation at temperature T i . The activation energy was taken from the average of the E cα values collected.

Dissolution study

TRIS buffer solution was prepared at 37 °C, using TRIZMA Base (CAS: 77-86-1) and TRIZMA HCL (CAS: 1185-53-1). The pH was then measured and adjusted to 7.4. The glass mass-to-volume ratio was kept constant using 75 mg of glass to 50 ml of TRIS buffer [52]. Samples were studied in triplicate and kept in an orbital incubator (INFORS Multitron II) at 37 °C and 100 RPM. At 6, 24, 48, 72, 168, and 336 h, the pH was measured using a S47-K SevenMulti™ pH-meter (Mettler-Toledo LLC, Ohio, USA) at 37.0 ± 0.2 °C. 1 ml of solution was then taken and replaced from stock TRIS solution and diluted in 9 ml of (2 M) nitric acid (CAS7697-37-2 Romil LTD). Elemental concentrations in the solution were measured using Agilent technologies 5110 Inductively Coupled Plasma Optical Emission Spectrometer (ICP-OES) equipped with an auto sampler. ICP Standards of the applicable elements were all purchased from Romil LTD; phosphorus (Phosphorus 100 ppm PrimAg, solute: NH 4 H 2 PO 4 , matrix HNO 3 ), calcium (Calcium 100 ppm PrimAg, solute: CaCO 3 , matrix: HNO 3 ), and sodium (Sodium 100 ppm PrimAg, solute: Na 2 CO 3 , matrix: HNO 3 ) were prepared at 0, 4, 10, 20 and 40 μg ml -1 to obtain a calibration curve. The calibration was carried out at the beginning of each sequence. Lines for analysis used: P: 253.561 nm, Ca: 422.673 nm, and Na: 589.592 nm. The glass particles were collected at each time point, rinsed with acetone and dried for surface analysis. The particles were embedded in resin and polished in ethanol up to 4000 grit SiC paper.

XRD

The analysis was conducted using a Panalytical EMPYREAN multipurpose X-Ray Diffractometer using nickel filtered Copper K-Alpha radiation. Scans were completed between 10 and 90 degrees 2ϴ, at 45 mA, 40 kV, with a step size of 0.013 step size, and a scan time of 8.67 s per step.

FTIR

The samples were analysed between 600 and 4000 cm -1 using a PerkinElmer Spectrum One FT-IR in Attenuated Total Reflectance mode. The resolution was 2 cm -1 and the results presented are the average of 8 scans. The spectra were recorded after 80 to 400 scans according to the fluoride concentration. The chemical shifts of 31 P and 19 F were referenced using 85% H 3 PO 4 at 0 ppm and 1 M NaF at -120 ppm, respectively.

In-vitro cell culture

Each sample, (x0, HTx0, x20 and HTx20) was washed with 5 ml of pure acetone in an ultrasound bath for 25 min and dried at 120 °C for 2 h. Samples were then disinfected with 5 ml of 70% ethanol for 10 min followed by 5 ml of absolute ethanol for 10 min. The samples were dried 2 h at room temperature. Successively, glass powder (43.750 mg/ ml), are mixed with culture Medium (α-MEM), supplemented with 1% antibiotics (penicillin and streptomycin), 24 h at 37 °C in a shaking incubator at 50 RPM. After the mixing, 10% foetal bovine serum (FBS) was added to the medium followed by sterile filtration using a vacuumdriven stericup (0.2 μm). Herein, this medium will be referred to as the conditioned medium (CM). The medium was then diluted 1, 10, 20, 50, 10 2 , 10 3 , 10 4 times.

Pre-osteoblastic MC3T3-E1 cells (subclone IV, ATCC4) were cultured in αMEM supplemented with 10% FBS and 1% antibiotics (penicillin/streptomycin), in a humidified atmosphere of 5% CO 2 at 37 °C. During the experiments, the cells were placed in the presence of the different CM prepared and new CM was given to them every other day.

The half maximal inhibitory concentration (IC50) for each sample was determined using the AlamarBlue assay. 10,000 cells/cm 2 were exposed to each diluted CM for 24 h. After exposure, the CMs were removed and a solution containing 50 μl of AlamarBlue and 450 μl of α-MEM was added and incubated for a further 4 h. The absorbance was measured at 570 nm and 600 nm independently using Spectrofluorimeter Xenius XM (SAFAS).

Cellular morphology was observed using immunocytochemical staining after 48 h of exposure to the CM diluted 10 2 times. Approximately 10,000 cells/cm 2 were seeded for each sample. After 48 h, the cells were fixed using 4% paraformaldehyde for 15 min, at room temperature. The cells were then permeabilized using 0.1% Triton X-100 for 10 min at 4 °C. The non-specific binding sites were blocked by incubating the samples, for 30 min, in 1% Bovine Serum Albumin (BSA). The actin filaments and nucleus were stained using a 1:500 diluted FITC-labelled phalloidin and 1:1000 diluted 4′,6-Diamidino-2-phenylindole (DAPI) respectively in a dark and humid environment. Each antibody was diluted using PBS-BSA 0.5%. After staining, the samples were washed with PBS-BSA 0.5% and mounted to coverslips using 10 µl Prolong Gold. Samples were observed using LSM710 confocal microscope (Carl Zeiss).

The morphology, spread and the cytoplasmic nuclear ratios (C:N) were analysed using the confocal microscope CLSM. For the C:N, images were analysed using ImageJ imaging software. For each sample, ten random cells were chosen and the cytoplasmic and nuclear areas were calculated. The average of these values was used and represented as a ratio (C:N ratio).

Results and discussion

Oxyfluoride glasses structure and their dissolution properties

The composition of the as-prepared glasses was assessed by EDX and found to be in agreement, with the theoretical composition at the exception of fluorine that was found to be deficient. The fluorine content in the glasses is difficult to quantify, due to the volatile nature of the fluorine itself [46]. F was quantified using EPMA and with a fluorine ion probe. From EPMA a loss of ~18% in fluorine was quantified while ~21% loss was measured using the ion probe. Work by Brauer et al. [18] suggests that 5-23% of CaF 2 depending on substitution quantity can be lost during melting of phosphosilicate glasses. Cui et al. [17] reported a loss of ~10 atomic % upon melting of a similar glass system as the one presented here. The as prepared glasses were investigated with X-ray diffraction (Fig. S1), and 19 F and 31 P MAS-NMR (Fig. 1). The FTIR spectra were already presented and discussed in [17]. The XRD analysis, reveals the presence of a broad halo between 20 and 30 degrees (2ϴ), without the presence of any characteristic peaks, indicating that all as produced glasses were amorphous. Fig. 1(a) and (b) show the 19 F and 31 P MAS-NMR results, respectively. The 19 F MAS-NMR spectra exhibit multiple peaks assigned to multiple fluorine environments. The peaks marked with asterisks are indicative of the spinning side bands. All the glasses show a primary chemical shift at -75 ppm assigned to PeF species. A small peak at -225 ppm is assigned to F-Na(6), while its relative intensity decreases with increasing CaF 2 content [53]. The glasses with CaF 2 content lower than 20 mol% exhibit a peak with low intensity at -90 ppm, which appears as a shoulder in the NMR spectra of the glasses x10 and x15; this peaks corresponds to F-Ca(n) species according to [25]. In glass x20 this peak is absent, but a new band appears at -108 ppm. This is attributed to a CaF 2 -like environment (F-Ca(4)) as previously hypothesised in [25]. With the exception of these environments, the additional peaks overlap in some cases with spinning side bands from the signal at -75 ppm, indicating the possible presence of mixed F-Ca/Na(n) species [54]. Fig. 1(b) shows the 31 P MAS-NMR spectra of the studied glasses. There are two broad phosphate signals, one with chemical shift at -2.6 ppm, corresponding to Q 1 phosphate and the other one with chemical shift at around -16.0 ppm, corresponding to Q 2 phosphate [55]. When CaF 2 is substituted for CaO up to 15 mol%, the intensity and position of the Q 1 phosphate peaks remain similar while the Q 2 phosphate peak at lower field increases in intensity with increasing CaF 2 content. This suggests an increase in the proportion of Q 2 species when x increases. In the case of the glass x20, the phosphate signal at -2.6 ppm broadens on the higher field side, while the maximum of the second peak shifts to -18.0 ppm, indicating a change in the first neighbour of the phosphate units.

In the oxyfluorosilicate glasses with high non-bridging oxygen contents, there has not been any evidence of SieF bonds. However, the presence of fluorine associating with the network modifier cations to form F-M(n) species has been observed previously [18,25,56]. It is therefore expected to observe F-Ca/Na(n) species in the studied glasses in an analogous fashion to those found by Brauer [46]. Their study characterized the glasses in terms of 31 P MAS-NMR but did not perform any 19 F MAS-NMR. However, their molecular dynamics simulations provided the evidence of F-Ca/Na(n) species. In the present series of glasses, as expected, the multiple fluoride features at -90, -131.5, -139, -146.3 and -225 ppm are found in the 19 F MAS-NMR spectra and therefore can be associated to F-Ca/Na(n) species [54]. Additionally, all the glasses also show an intense peak at about -75 ppm, which cannot be attributed to F-Ca(n) species (typically at about -90 ppm) or mixed F-Ca/Na(n) species. This peak can be attributed to PeF as seen in the 19 F NMR spectra of monofluorophosphate [58].

The maximum in the 19 F chemical shift for fluorophosphosilicate glasses containing F-Ca/Na(n) species correlates with the Ca/ (Ca + 2Na) ratio [53]. In the present glasses, this ratio is 0.67, independently of x. Therefore, a predicted chemical shift of -128 ppm is expected, which correlates with the shoulder to the right of the spinning side band for the x20 and x5 glasses; the shoulder to the left of the principal peak at -139 ppm for the x15 glass, and at the principal peak at -131.5 ppm with a shoulder at -139 ppm for the x10 glass. The more negative chemical shift of the principal peaks may reveal the charge balancing of Q 1 and Q 2 phosphate species, which has a slight preference for the Na + as opposed to the Ca 2+ ions. Another hypothesis is that the x10 and x15 glasses contain nanocrystals which were not detected in the XRD pattern of the as-prepared glasses. The peaks at -139 ppm corresponding to an F-Ca(2)Na(2) species is rather sharp for a glass, and low density of small crystals will appear amorphous in the XRD pattern. The network connectivity (NC) and the Q speciation assuming a binary Q distribution are shown in Table 2. In one case, only F-Ca/Na (n) species are assumed to be present in the glass network whereas in the other case only PeF species are considered. The presence of F-Ca/ Na(n) species increases the NC while the presence of the PeF bonds reduces it as also shown in ref. [32]. From Fig. 1 and Table 2, the proportion of Q 2 increases at the expense of the Q 1 units with increasing CaF 2 content as reported in [59]. It is therefore assumed that F-Ca/Na (n) species are predominant in the glasses network. However, the broadening of the peak assigned to Q 1 units along with the shift of the peak related to the Q 2 species, at the higher CaF 2 content, indicates a change in the Q unit local structure. As supported by the FTIR analysis in [17], an increase in the proportion of PeF bonds along with the combination of a Q 2 and a phosphate bonded to F is the cause for the changes in the NMR spectra and the slower increase in Q 1 , at the expense of Q 2 , expected if only F-Ca/Na(n) was present in the glass. One can suspect that a terminal Q 1 phosphate is bridged to the end of a Q 2 chain.

In vitro testing in TRIS buffer was conducted over two weeks (336 h) time-period, and the ions released from the glass to the medium are presented in Fig. 2.

The release of all ions from the x0 glass is linear (R 2 = 0.99) with time. As CaF 2 is substituted for CaO, the ion concentration reaches saturation after one week of immersion for the glasses x5, x10 and x15. Dissolution of the glass x20 leads to ion saturation already after 24 h of immersion. The shift in ion saturation towards earlier immersion times indicates an increase in the early dissolution rate of the glass with increasing CaF 2 content [60]. The increase in the dissolution rate with increasing CaF 2 is in agreement with the FTIR and MAS-NMR results. Indeed, fluorine addition increases the Q 2 /Q 1 ratio and it is well accepted that the hydration of Q 2 chains occurs at a faster rate than the Q 1 units according to [61].

Fig. 3 presents the FTIR spectra of the x0 a) and x20 glasses b) at various immersion times.

The dissolution of the x0 exhibits the slowest changes in the glass structure with limited changes occurring in the first 24 h. Between 24 h and 2 weeks of immersion, the main band at 880 cm -1 , ν as (POP), shifts to 900 cm -1 , (ν s PO 3 vibration of Q 1 ), suggesting that all of the more soluble Q 2 species preferentially dissolve. A thorough absorption band attribution can be found in Table S1 in the Supplementary information. For the as prepared glass x20, the main transformations happen within the first 24 h, with the fundamental vibration at 1100 cm -1 of ν s PO 3 vibration of Q 1 being the dominating feature of the spectra regardless of time of immersion. The band at 718 cm -1 decreases in intensity and shifts towards higher wavenumbers upon immersion. With increased immersion time, the band at 887 cm -1 shifts to 910 cm -1 and decreases in intensity. More interesting is the band at ~960 cm -1 which is associated with ν ss (P-O-P) Q 2 rings: this band disappears after 6 h of immersion whereas new bands appear at 988 and 1035 cm -1. These new band can be associated with Q 0 and Q 1 phosphate vibrations respectively [62][63][64]. As seen in the spectra of the glass x0, the shoulder 

Table 2

The glass compositions in mol%, the calculated network connectivity (NC), and Q distributions assuming that fluorine is present as F-Ca/Na(n) and P-F species.

Compositions

Assuming F is present as F-Ca/Na(n) Assuming F is present as P-F Calculated from 31 P NMR data at 1240 cm -1 decreases in intensity between 24 h and 2 weeks while this decrease in intensity is already observed within 24 h in the spectrum of the x20 glass indicating a faster structural network hydrolysis for the later glass. For the x20 glass, the band at 1010 cm -1 that corresponds to the overlapping and stretching of PeF bonds disappears completely, and the bands associated with Q 2 also disband after 6 h in TRIS. This suggests that the PeF bonds are associated with the preferential dissolution of Q 2 units. Within this glass series, the quantity of Q 2 has increased with the progressive replacement of CaO by CaF 2 suggesting that in order to form PeF bonds in phosphate glasses a critical amount of Q 2 units must be available. This would explain the reason that no PeF bonds were reported to form in invert phosphate glass [46], while they were reported to form in metaphosphate glasses [32]. Finally, a doublet in the 1360-1425 cm -1 region appears after immersion of the glass x20 for 2 weeks which can be assigned to carbonate groups.

NaPO 3 CaO CaF 2 NC Q 1 Q 2 NC Q 0 Q 1 Q 2 NC Q 1 Q 2
As shown in Fig. 4, the x0 glass shows the formation of a thin reactive layer, in agreement with the ICP-OES and FTIR results, within the first 6 h of immersion. After two weeks of immersion, the glass particles dissolve to a greater extend with a thickening of the reactive layer. The EDS (Fig. S2) confirms that the unexposed regions of the glass remain at the same initial composition confirming that the dissolution of the glass is congruent. The surrounding areas, corresponding to the reactive layer deposited, become depleted in sodium and rich in calcium and phosphate (Ca (at.%)/P (at.%) = 1.17). In contrast, the SEM images of the x20 glass show significant degradation already after 6 h of immersion. The EDS results suggest a preferential leaching of the sodium ions. EDS results, combined to the ICP-OES data, seem to indicate that in the fluorine containing glasses the dissolution is no longer congruent, most likely due to a preferential attack of the PeF bonds over the PeO bonds. However, more in depth analysis should be performed to better understand the dissolution mechanisms. As for the glass x0, the reacted areas are depleted of sodium, but maintain a calcium phosphate ratio of 1.19. The Ca/P ratio lies between the ratio of dicalcium phosphate dihydrate (Ca/P = 1.0), found to precipitate on metaphosphate glasses [65] and octacalcium phosphate (Ca/P = 1.33) also found to precipitate at the surface of phosphate glass fibers upon immersion in simulated body fluids [66]. It is also interesting to point out that, from FTIR analysis, the reactive layer forming at the surface of the x20 glass contains carbonate and therefore can be considered a carbonated-CaP layer. Carbonate entering the CaP reactive layer has been reported in silicate bioactive glasses precipitating hydroxycarbonated apatite [67].

In conclusion, fluorine ions play a dual role in the glass formulation investigated: they form PeF bonds and they are also located around the Ca/Na modifying ions. The F speciation depends upon CaF 2 concentration. The dual role of fluorine leads to changes in the Q 2 to Q 1 ratio and thus in changes in the dissolution rate and dissolution mechanism. The dissolution of the glass depends on the hydration of bonds, in the phosphate network, with Q 2 dissolving preferentially to Q 1 . Furthermore, the formation of P-O-F bonds is thought to control the dissolution mechanism of the glasses in this glass system: the glass x0 dissolves congruently while the CaF 2 containing glasses dissolves noncongruently and at a faster rate than the F-free glass.

Crystallization and its impact on dissolution properties

The thermal properties of the glasses are presented in [17] for a 10 K/min heating rate. Measurements were reproduced and extended to additional heating rates to study the crystallization mechanism and to account for any variability in fluorine content between this work and the [17]. The activation energy for crystallization was calculated using both the Kissinger and Friedman method. The Kissinger method (Fig. 5(a)) depends on the maximum crystallization peak temperature at the 4 heating rates. Using Eq. ( 1), a straight line is then plotted and fitted for each composition with the slope corresponding to E c /R (Fig. 5(b)). The R 2 values calculated here were above 0.99 for all glass compositions.

The Friedman calculation (Eq. ( 2)) relies on no mathematical assumptions, and therefore, is expected to be a more accurate measure of the activation energy. This measure of activation energy depends on the areas of the crystallization peaks. The range 0.2-0.8 is chosen to negate issues surrounding the interpretation of the peak tails [69]. Fig. 5(c) presents the crystal fraction (α) as a function of temperature and Fig. 5(d) the activation energies calculated at specific glass transformation (α) into crystals. The standard deviation was calculated for each individual point and for the average activation energy. The values calculated for both methods are summarised in Table 3.

Both the Kissinger and Friedman calculations show that with increasing CaF 2 content, the activation energy for crystallization decreases. The values obtained from the Friedman calculation showed deviations less than 10% suggesting that only one crystallization mechanism governs the devitrification of these glasses [49] in agreement with our previous study [59]. The activation energies calculated using both methods are in good agreements, except for the x0 glass. This might indicate that the crystallization mechanism of this particular glass is more complex than for the fluorine containing glasses: multiple crystallization events may occur at the same time and/or mix of bulk and surface crystallization is expected to occur during the heat treatment.

The as prepared glasses, ground to 150-250 μm particle size, were heat treated for 180 min at T x and T x + 20 °C without any nucleation step, based on the study reported in [17]. The goal was to assess the crystallization tendency (surface vs bulk) of these glasses and the extent of the crystallization in view of testing the in-vitro dissolution and cytotoxicity of the glasses and glass-ceramics. Fig. 6(a), presents the SEM images of the particles' cross sections after heat treatment for 180 min at T x , and T x + 20 °C. The SEM images show that with increasing Fig. 4. SEM images of the glass particles at 0 h, 6 h, and 2 weeks after dissolution. substitution of CaF 2 the extent of the crystallization increases. The glass x0 heat treated at T x exhibits limited surface crystallization after 180 min and complete crystallization was obtained as the temperature was increased to T x + 20 °C. The x5 and x15 glasses crystallized more readily than the x0 glass after heat treatment at T x , with flake like crystals growing across the surface. As the temperature was increased to T x + 20 °C, clear plate like crystals grow across the surfaces of both glasses. The increased crystallization tendency of the F-containing samples is in line with the decrease of their activation energy for crystallization (Table 3). Indeed, a lower activation energy of crystallization is generally associated with crystallization occurring more readily at lower temperature. This only applies for glasses with similar structure and similar primary crystal field. It is also important to note that a low activation energy also indicates less of dependence of the crystallization process with small change in temperature. In contrast, the x20 glass undergoes bulk crystallization instead of surface crystallization as reported in [59]; nanometer sized crystals precipitate within the glass, at both T x and T x + 20 °C. The shape of the formed crystals is spherical suggesting that they are as a result of phase separation within the glass. Amorphous phase separation is a common phenomenon seen in the preparation of glass ceramics. The energy barrier to crystal nucleation decreases once phase separation occurs, due to the lower interfacial energy between the two glasses compared to that of a glass and ceramic phase [70]. In these glasses, this results in a homogenous precipitation of crystals across the bulk of the glass. This could be a result of the change in the speciation of the fluorine ions associating preferentially with the calcium over the sodium or bonded to P in the glass x20.

From XRD analysis (Fig. 6(b)), the diffraction peaks correspond to Ca 2 P 2 O 7 (00-009-0345) in the pattern of the glasses x0, x5 and x15 heat treated for 3 h at T x . Some unassigned diffraction peaks might be attributable to NaPO 3 crystals as reported in Cui et al. [17]. The glass x20 exhibits a preferential crystallization of CaF 2 crystal phase (98-006-0370) suggesting that F-Ca(n) speciation is dominant compared to PeF bond vibrations. Upon heat treatment, limited structural rearrangement is required to then convert F-Ca(n), where n is 3 or 4, to the crystalline F-Ca(4) present in CaF 2 . This was further confirmed by the 31 P NMR spectra of the heat treated x20 glass presented in Fig. 7. Indeed, upon heat treatment, clear chemical shifts at -131, -108 and -75 attributable to F-Ca(3)/Na(1), CaF 2 and PeF, respectively. With increasing heat treatment temperatures (red lines), the intensity of the peaks increases suggesting that a single crystallization process takes place in all glasses, except for x0, as predicted by the Friedman calculation. While there is no inclusion of fluorine into the precipitated crystal phase for glass x5 and x15, one should keep in mind that the peak position of the [17] are fairly similar to the Ca 2 P 2 O 7 and therefore it is possible that a mix between fluorine-containing and fluoride free crystals coexist in these glasses. Fig. 6(c) shows the IR spectra of the glasses x0 and x20 glasses prior to and after 3 h at T x (heat treated glasses are labelled HTx0 and HTx20 respectively). The spectra of the heat-treated glasses exhibit sharp peaks due to the formation of a more regular crystal structure. The broad amorphous band between 650 and 800 cm -1 becomes discrete vibrations at 675, 718, 730, and 750 cm -1 . The band at 675 cm -1 can be associated with the vibration of the long v s (P-O-P) chains of Q 2 [62]. The vibrations at 718 and 730 cm -1 can be equated to v s (P-O-P) linkages in between Q 1 and Q 2 , and the band at 750 cm -1 to v s (P-O-P) in Q 1 units [62]. In addition, a change was seen in the region between 950 and 1050 cm -1 , where two distinct vibrations are formed at 998 and 1030 cm -1 . The vibration at 998 cm -1 can be attributed to the symmetric stretching mode of non-bridging oxygen's in Q 0 tetrahedral [62], while the band at 1030 cm -1 is assigned to ν as P-O-P groups linked with metaphosphate rings of Q 2 . Finally, the changes were also seen in the vibrations between 1200 and 1300 cm -1 , where instead of a broad shoulder, smaller peaks are formed at 1215, 1240, and 1305 cm -1 . The bands at 1215 and 1240 cm -1 are associated with two non-bridging oxygens as O-P-O in the phosphate tetrahedra (see Table S1 as Supplementary data). All structural changes observed after heat treating the glass x0 are a clear indication of the formation of calcium phosphate crystals in agreement with the XRD pattern. Interestingly, the heat treatment of x20 resulted in the disappearance of the vibration at than its amorphous counterpart suggesting that phase separation and some order exist within the remaining glass structure that is not detectable within the XRD results as supported by the MAS-NMR. Fluorine is known to alter crystallization processes in the glass network. Its incorporation can facilitate nano-crystallinity within the silicate and borosilicate structures [21][22]68]. This result suggests that the same is true for this series of phosphate glasses.

The impact of crystal formation on the material's dissolution was investigated. The glasses x0 and x20 were heat treated for 3 h at T x + 20 °C to ensure crystallization and subjected to the same dissolution experiments as their amorphous counterparts. The ion concentrations in the dissolution medium are shown in Fig. 8. The dissolution rate of the heat treated glass x0 increases compared to the as prepared glass. The dissolution profiles become comparable to that of the glass x15. Instead of a linear dissolution, the dissolution is faster after heat treatment within the first 72 h and then plateaued, suggesting that either the crystallized phase or the remaining glassy phase is more prone to hydrolytic degradation than the as prepared amorphous x0 glass. NaPO 3 is known to be highly soluble (MSDS), while Ca 2 P 2 O 7 is insoluble. Therefore, the high initial release rate is attributable to the remaining glass phase and NaPO 3 .

The heat-treated glass x20 (HTx20) had a subtle change across its dissolution behaviour. The total calcium released from the HTx20 glassceramic, after 2 weeks of immersion, is slightly lower than for the as prepared glass x20. This could be due to the more chemically stable CaF 2 crystals not dissolving during dissolution. The sodium and phosphorous release from the heat-treated x20 glass after two weeks of immersion is comparable to that of the as prepared glass within the error of measurements. However, the heat-treated glass has a faster release rate during the first 6 h of immersion than the as prepared glass.

Then during the following 72 h, the heat-treated glass reaches a similar plateau comparable to the one observed for the as prepared glass x20 after 24 h of immersion. The faster initial dissolution (up to 6 h of immersion) and slower dissolution rate (up to 72 of immersion) of the crystallized glass, compared to the amorphous equivalent, supports the suggestion that when the CaF 2 crystals precipitate within the glassceramic, the remaining glass may have become phase separated with the two phases promoting different dissolution profiles in aqueous solution. Fig. 9 shows the changes in the FTIR spectra after dissolution in TRIS buffer solution over a 2 week time period of the heat treated glasses.

From Fig. 9, the structure of HTx0 changes during the degradation as evidenced by the multi peaked spectra at 0 h becoming only 5 dominant peaks after 2 weeks of immersion in the TRIS, with the fundamental vibration located at 1100 (ν s PO 3 vibration of Q 1 ). Within the first 6 h of immersion in the TRIS, the bands at 718, 730, 750 and 1215 cm -1 all associated with linkages between Q 1 and Q 2 's fundamental vibrations disappear from the FTIR spectrum of HTx0 (Fig. 9(a)) [63]. The FTIR spectra of HTx20 show markedly different results when compared to the x20 glass. Without heat treatment, a clear vibration band at 1112 cm -1 (fundamental ν s PO 3 vibration of Q 1 ) appears with two shoulders at 1090 and 1140 cm -1 associated with the stretching vibrations of PeO -in Q 1 units [64] and the stretched symmetric connection between the PeO terminals of Q 1 and PO 3 2-groups [71],

respectively. As the dissolution of the x20 glass takes place, the bands broaden into a rounder distribution with its peak remaining at 1112 cm -1 . The intensity of the peak at ~900 cm -1 associated with the ν as (POP) slightly increases while the peak also shifted to a higher wavenumber. The FTIR spectra of HTx20 suggest preferential dissolution of the Q 2 phosphate structural units. While no new absorption peaks could be seen in the FTIR spectra of the immersed HTx0, the appearance a new peak at ~1018 cm -1 in the spectrum of HTx20 could indicate the precipitation of a reactive layer at its surface, that potentially contain PeF bonds. Fig. 10a presents the SEM images of the heat-treated glasses x0 and x20 at various immersion times. EDX was conducted to gain insight into dissolution related compositional change. The initial composition of x0 in atomic percent was (42.8 ± 2.9), (39.9 ± 1.4) and (16.9 ± 1.2) of sodium, phosphorous and calcium, respectively. After two weeks of immersion the HTx0 has a composition of (43.9 ± 0.9), (38.3 ± 0.5) and (18.2 ± 1.1) of sodium, phosphorous, and calcium, respectively showing that the atomic percent composition across the sample does not vary with increasing the immersion time.

After the 6 h and two weeks immersion in the TRIS solution, the CaF 2 crystals are clearly visible in the HTx20 glass (highlighted in red box). After 6 h of immersion in the TRIS solution, a second phase becomes visible within the structure denoted by the asterisk (*) in Fig. 10. This phase is mainly present at the surface of the particles, and it is composed of all the constituents of the glass. This supports the prior evidence that the heat treatment not only leads to the formation of CaF 2 crystals, but also to the phase separation within the glass. One phase of the remaining glass preferentially degrades leaving this second phase and the CaF 2 crystals. The second phase was not observed in the XRD studies of the heat-treated glasses suggesting that this second phase is still amorphous.

Fig. 10b present the SEM image of the HTx20 glass-ceramics immersed for two weeks in the TRIS buffer solution. One can note the presence of a thick reactive layer at the surface of the particles as indicated in the image with some particles becoming hollow.

The HTx20 shows signs of reactive layer precipitation, as opposed to HTx0 that loses his ability to form a reactive layer after extended immersion. The Ca/P ratio of the reactive layer was 1.75. The Ca/P ratio is closer to the one of hydroxyapatite. This is a first indication that the glass-ceramics maintains its ability to precipitate a reactive layer beneficial to cells in potential applications.

In-vitro cell culture

The aim of the study was to assess the cell behaviour in conditioned culture medium (CM) at various dilution. ICP-OES was performed on the undiluted CM to assess the changes in Ca and P post glass dissolution (Table 4).

From the table the Ca and P concentration increases drastically upon immersion of all 4 glasses of interests, when compared to the original culture medium (α-MEM). With addition of F (x0 ➔ x20), the concentrations of Ca and P are significantly higher pertaining to the faster dissolution rate of the oxyfluorophosphate glass compared to corresponding phosphate glass as already discussed. Upon crystallization of the x0 glass, the Ca and P ions concentration increases. In the case of HTx20, the precipitation of the CaF 2 crystals leads to a lower Ca release in the medium compared to the untreated one while the P concentration remains sensibly similar within the accuracy of the measurements. All the results are in agreement with the in-vitro dissolution test conducted in TRIS buffer solution.

The cell activity was evaluated by the AlamarBlue test and is presented in Fig. 11. The figure presents the normalized absorbance (to the blank sample, i.e. cells population cultured in pure culture medium) for x0, x20, HTx0 and HTx20. All the graphs exhibit the characteristic sigmoidal curve where the percentage of normalized absorbance decreases with a decrease in the dilution factor and, therefore, with an increase in the dissolution by-products concentration.

The IC50 is taken as the dilution factor corresponding to 50% normalized absorbance. The IC50 was found to correspond to a dilution factor of be 1/13.5 (R 2 = 0.7) for the x0 glass and to increase to 1/95.1 (R 2 = 0.93) for the x20 glass. The increased cytotoxicity is most certainly assigned to the increased speed of degradation when adding fluorine to the based phosphate glass. The high ion release could lead to toxic amount of phosphorous and/or fluorine as well as low pH. Upon crystallization (HTx0) the IC50 was found to correspond to dilution factor of approximately 1/36.5 (R 2 = 0.90). The crystallization of the x0 glass was reported to increase the ion dissolution which, in turn, can lead to changes in ionic strength and osmotic pressure, thus increasing cytotoxicity. However, it was interesting to find out that, the HTx20 had a significantly lower cytotoxicity than its glass counterpart: its IC50 was measured at a dilution of 1/14.5 (R 2 = 0.90). As reported in the invitro dissolution test, the controlled crystallization of CaF 2 crystals reduced the initial dissolution rate, which leads to a reduction of ions released into solution. Furthermore, while the P concentration, in the medium, was similar in both as-prepared and heat-treated samples, the reason for the change in cytotoxicity can come from a lower Ca or F release in solution upon crystallization.

The morphology, spread and the cytoplasmic nuclear ratios (C:N) were analysed in conditioned culture medium diluted 100 times for 48 h (Fig. 12).

For each sample, ten random cells were chosen and the cytoplasmic and nuclear areas were calculated. When comparing the morphology and the spread of the cells, from Fig. 12, it can be seen that all samples exhibit cells with similar shape than in the control group. Indeed, the cells had multiple projections that protruded outwards allowing cell-tocell contact. In addition, all the samples indicate similar spread across the well plates. When analysing the C:N, it was seen that HTx0 had the highest ratio of 19:1 and x20 had the lowest ratio of 10:1. Interestingly, HTx20 and the controlled group had the same C:N ratio of 13:1.

Overall, an increase in Q 2 units, in the phosphate glass, associated to an increase in fluoride, leads to an increased cytotoxicity, probably due to the high ion concentration in the culture medium. Similarly, surface crystallization of a F-free invert phosphate glass was linked to an increase in cytotoxicity, possibly due to the rapid dissolution of one of the crystalline phases and the remaining amorphous phase, thus leading to large P content in the medium. It is interesting to point out that bulk crystallization of the F-containing glass, led to a reduced cytotoxicity. When cultured in a conditioned medium diluted 100 times, all materials were found to support cell spreading. The morphology of the cells was typical of preosteoblastic cells. It should be noted that the spreading of the cells, in all condition were similar to the control group.

Conclusion

Oxyfluorophosphate glasses and glass ceramics, with potential in both dental and orthopaedics applications, have been developed. This work studies the effect of CaF 2 substitution on the structural and dissolution properties of 75NaPO 3 -(25-x) CaO-xCaF 2 (in mol%) glasses and glass ceramics. 19 F and 31 P MAS-NMR spectra reveal significant fluorine retention throughout the melting process, evidenced by the presence of both PeF bonds and F-M(n) species in the fluorophosphate glasses. The ratio of the PeF bonds and F-M(n) species depends on the glass composition. The addition of CaF 2 at the expense of CaO leads to an increase in the glass dissolution rate associated with an increase in the Q 2 phosphate species and F-Ca/Na bonding. This, in turns, leads to an increased cytotoxicity.

All glasses, at the exception of the x20, exhibit surface crystallization. As evidenced for x0, surface crystallization leads to an increased dissolution rate as well as to an increased in cytotoxicity. The glass x20 exhibits a bulk crystallization with preferential crystallization of CaF 2 . The dissolution of the heat treated x20 glass was found to be PhD thesis -CY Cergy Paris Université Amel HOUAOUI

Development of composite and hybrid materials based on bioactive glass for bone bioengineering

Bone fractures are common traumas usually compensated by the natural repair process called osteogenesis. In the case of complex and critical size defects, due to a traumatic or pathophysiological context, the repair must be assisted by substitutes that can serve as a support and mechanical replacement and/or as bone filling. The interest of bioactive glasses (BAG) as a bone substitute lies in their bioactivity. They have the particularity of releasing calcium and phosphate ions which will be able to form a reactive layer of hydroxyapatite. However, BAG are difficult to shape. Combining them with organic matrices would provide innovative materials for bone bioengineering.

In this project, two paths are explored: i) a composite material based on Poly (Lactic Acid) (PLA) and bioactive glass and ii) a hybrid material based on gelatin and bioactive glass. The first system is more dedicated to assist the functions of mechanical support, whereas the second will be more pertinent to address the need of filling bone defects. In this study, the BAG 13-93 was used directly and compared to the 13-93B20, its boron-doped form known to influence its dissolution properties. The combined materials, composites or hybrids, were compared after immersion in aqueous medium, and boron increased the rate of BAG dissolution and its bioactivity in vitro. Using myoblastic cells, composite materials have been shown to exhibit osteo-stimulating properties. The biocompatibility of the hybrids has been demonstrated using pre-osteoblastic cells. These tailor-made materials have real potential for physical support, resorbability properties, and bone regeneration capacities via the induction of suitable cellular behaviors favored by bioactive glasses, bringing an osteo-competent and osteo-stimulating dimension to the implant.

Développement de matériaux composites et hybrides à base de verre bioactif pour la bio-ingénierie osseuse

Les fractures des os sont des traumatismes courants généralement compensés par un processus naturel de réparation appelé ostéogénèse. Lorsqu'il s'agit de défauts complexes et de taille critique, dus à un contexte traumatique ou physiopathologique, la réparation doit être guidée par le biais de matériaux qui puissent servir de support et suppléance mécanique et/ou de comblement osseux. Les verres bioactifs (BAG) présentent la particularité de relarguer au cours de leur dissolution des ions calcium et phosphate capables de former une couche réactive d'hydroxyapatite. Exploiter leur bioactivité en tant que substitut osseux est une réelle opportunité. Cependant, les BAG sont difficiles à mettre en forme. Les combiner à des matrices organiques permettrait d'obtenir des matériaux innovants pour la bio-ingénierie de l'os. Dans ce projet, deux voies sont explorées : i) une association composite à base de Poly (Acide Lactique) (PLA) et de verre bioactif pour répondre aux besoins mécaniques et ii) des matériaux hybrides à base de gélatine et de verre bioactif pouvant servir de matériaux de comblement. Dans cette étude, le BAG 13-93 a été utilisé tel quel et dans sa forme dopée au bore 13-93 B20 ; le bore étant connu pour avoir une influence sur les propriétés de dissolution. Après études en milieux hydratés, il a été démontré que le bore permet en effet d'augmenter la vitesse de dissolution et la bioactivité du BAG dans les matériaux combinés, tant les composites que les hybrides. A l'aide de cellules myoblastiques, il a été montré que les matériaux composites présentaient des propriétés ostéo-stimulantes. La biocompatibilité des hybrides a été démontrée à l'aide de cellules pré-ostéoblastiques. Ces matériaux sur-mesure présentent de vrais potentiels de support physique, des propriétés de résorbabilité, et des capacités de régénération osseuse, via l'induction de comportements cellulaires idoines favorisés par les verres bioactifs, apportant une dimension ostéo-compétente et ostéo-stimulante à l'implant.
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 5 Figure 5: Main markers expressed during the differentiation of the osteoblast. The progressive differentiation of the osteoblast is characterized by the expression of early osteoblastic genes, Alkaline Phosphatase (ALP), collagen I (Coll I), Osteopontin (OP) or late osteoblastic genes like Osteocalcin (OC).
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 1617 Figure 16: Sequence of interfacial reactions involved in forming a bond between bone and a bioactive glass [143]Figure 17: Structure of different sol-gel precursors used in hybrid materials [162]
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 18 Figure 18: Schematic representation of a composite material (left) and a class II hybrid nanocomposite material (right).
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 43 Figure 3: Hierarchical structural organization of bone: (a) cortical and cancellous bone; (b) osteons with Haversian systems; (c) lamellae; (d) collagen fiber assemblies of collagen fibrils; (e) bone mineral crystals, collagen molecules, and non-collagenous proteins.[45] 
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  Involved in the establishment of the collagenous fibrillar network of the bone matrix, in the mineralization by regulating the size, morphology and growth of HA crystals and in the proliferation and differentiation of osteoblasts. Biglycan Glycoproteins Osteonectin Binds to collagen and HA crystals, inhibits crystals nucleation and growth. Involved also in the regulation of bone cells proliferation and the differentiation, maturation, and survival of osteoblasts. It maintains a constant bone remodeling and renewal. Osteopontin Constitutes a receptor of integrin family and promotes bone cells attachments on bone tissue. Inhibits also bone mineralization by stopping HA crystals growth.

Figure 4 :

 4 Figure 4: Differentiation and activation of osteoclast [48].

  To transform itself in an osteocyte surrounded by mineralized matrix, o To become bone-lining cells, o To die by apoptosis.
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 5 Figure 5: Main markers expressed during the differentiation of the osteoblast. The progressive differentiation of the osteoblast is characterized by the expression of early osteoblastic genes, Alkaline Phosphatase (ALP), collagen I (Coll I), Osteopontin (OP) or late osteoblastic genes like Osteocalcin (OC).
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 9 Figure 9: Different types of bone fractures (from Servier medical art)

o

  Primary tumors found in young adults or adolescents, Secondary tumors named also bone metastasis which are the most frequent after 50 years old. These are cancers which have spread from the original site to a bone. The tumors can be found on different part of the bone: o Diaphyseal: Ewing tumor, osteoid osteoma o Metaphyseal: osteosarcoma, chondroma, osteogenic exostosis o Epiphyseal: Giant cell tumor, chondroblastoma, clear cell sarcoma
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 14 [132-139]. Boron has been found to be of high interest since it can promote angiogenesis, a property of paramount importance for successful outcome of a bone implant [140].
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 4 SiO2-rich layer on the surface of the glass depleted in Na + and Ca 2+ . Further dissolution of the glass, coupled with migration of Ca 2+ and (PO4)3 ions from the glass through the SiO2-rich layer and from the solution, leading to the formation of an Amorphous Calcium Phosphate (ACP) layer on the surface of the SiO2-rich layer.
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  The use of borate and borosilicate glasses as a secondary phase in a polymeric matrix has not yet been widely studied. Taino et al. produced PLCL (Poly(L-lactide-co-ε-caprolactone)/borosilicate glass composites, with varying content of 125-250 µm glass particles using the solvent-casting method. These scaffolds were then foamed by supercritical CO2. Degradation of the polymer was linked to the dissolution of the glass [15]. Marquardt et al. studied the processing of fibrin / borate glass composites obtained by mixing fibrin with glass microfibers 0.5 -10 µm diameter, or with rods of 50 -200 µm diameter

Experimental 1 . Material preparation and characterization 1 . 1 .

 111 Bioactive glass (BAG) preparationBAG 13-93 and 13-93B20 were prepared from analytical grade K2CO3 (Alfa Aesar, Haverhill, USA), (Na2CO3, NH4H2PO4, (CaHPO4)(2(H2O)), CaCO3, MgO, H3BO3 (Sigma Aldrich, Saint-Louis, MS, USA) and Belgian quartz sand. The 100-gram batches of 13-93 and 13-93B20 were melted for 3 hours in a platinum crucible at 1425°C and 1275°C, respectively.

  nozzle was used and the rods were pulled using a caterpillar. The speed of the caterpillar was adjusted to obtain 3 mm diameter rods.The rods of each composition (PLA as a control; PLA/13-93; PLA/13-93 B20) were analyzed by Thermogravimetric Analysis (NETZSCH, Leading Thermal Analysis, STA449F1) to measure their glass content. All tests were performed in an Alumina (Al2O3) crucible and in a N2 atmosphere. 10 mg of sample were heated from 25 °C to 1100 °C at a rate of 10 °C/min.

Figure 1 : 2 . 2 . 1 . Physico-chemical properties of the composites 2 . 1 . 1

 1221211 Figure 1: PLA rod (up) and composite rod (down) obtained after extrusion

Figure 2

 2 presents the concentration in Si A), Na B), K C), B D), Mg E), Ca F) and P G) post immersion in TRIS for various times. As the immersion solution was refreshed every week the results are presented cumulatively and normalized to the sample mass. As expected, the PLA alone does not exhibit any change in ion concentration. Upon immersion of the composites, the concentration in solution of the different elements increases, indicating that the glass particles are being hydrated and dissolve through the polymer. As expected, the addition of boron to the glass structures leads to faster initial ion release (up to ~10 days). However, at longer immersion times all curves seem to plateau for solutions containing the PLA/13-93B20 composites whereas the dissolution of the glass in the PLA/13-93 composite remains almost linear. It should be noted that;
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 2 Figure 2: Element concentrations of A) Si, B) Na, C) K, D) B, E) Mg, F) Ca and G) P in the dissolution products of PLA (∎), PLA/13-93 (•) and PLA/13-93B20 (▲) immersed in TRIS according to time.

Figure 3A )

 3A Figure 3A) presents the percentage of ion released from glass 13-93 in TRIS solution. It is clear

Figure 3 :

 3 Figure 3: Release of ions from the A) PLA/13-93 and B) the PLA/13-93B20, immersed in TRIS according to time.
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 45 Figure 4: Observations of the cross section of the composites by SEM. A) and B) show the PLA/13-93 before immersion, C) and D) show the PLA/13-93 after 10 weeks of immersion in TRIS. E) and F) present the PLA/13-93B20 before immersion and G) and H) show the PLA/13-93B20 after 10 weeks of immersion in TRIS. Scale bar 200µm
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 6 Figure 6: A) Young modulus reported from the bending test and B) Shear stress of wet PLA (∎), PLA/13-93 (•) and PLA/13-93B20 (▲) rods according to immersion time in TRIS.
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 78 Figure 7: A) Si, B) K, C) B, D) Mg, E) Ca and F) P element concentrations released in SBF from the PLA (∎), PLA/13-93 (•) and PLA/13-93B20 (▲) according to immersion time. ΔElement = [Element] in SBF in presence of the sample -[Element] in SBF initial solution.

Figure 9 :

 9 Figure 9: A) EDX analysis of the nodules found on PLA/13-93B20 surface and B) FTIR analysis of the sample surfaces before and after 2 weeks of immersion.

Figure 10 :

 10 Figure 10: Proliferation of C2C12 cells cultured in DMEM complete medium on glass, PLA, PLA/13-93 and PLA/13-93B20 for 7 days, analyzed with a CyQUANT Cell Proliferation Assay kit, ***p<0.001, *p<0.05.

Figure 11 :

 11 Figure 11: Morphology observations of C2C12 cells in DMEM complete medium analyzed by immunostaining, Nuclei (DAPI -blue) and Actin (Phalloidin -green), after 48h of incubation on glass, PLA, PLA/13-93, PLA/13-93B20 (Scale bar 20µm). Under each image the spreading area of the cells is annotated on each sample after 48h of incubation.
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 12 Figure 12: Differentiation of C2C12 cells on glass (A, B, C, D), PLA (E, F, G, H), PLA/13 -93 (I, J, K, L) and PLA/13-93B20 (M, N, O, P) analyzed by Nuclei (DAPI -blue -First column), Myosin (green -Second column), Osteopontin (red -third column) and the merge (fourth column) immunostaining after 14 days of incubation. Scale bar 20µm

Figure 13 :

 13 Figure 13: Mineralization of C2C12 cells in DMEM was studied with Alizarin red S staining after 14 days of incubation. The first line shows A) the glass, B) the PLA, C) the PLA/13-93 and D) the PLA/13-93B20 without any cells seeded. The second line represents E) the glass, F) the PLA, G) the PLA/13-93 and H) the PLA/13-93B20 with C2C12 cells seeded for 14 days. Scale bar 200µm

  Figure S1 presents the TGA thermogram of the samples of investigation. As expected, PLA starts decomposing at ~300 o C. The decomposition of the PLA ends at ~388 o C with a

Figure S1 :

 S1 Figure S1: TGA thermogram of the PLA, PLA/13-93 and PLA/13-93B20 obtained at 10 o C/min, under N2 flow, up to 1100 o C

Figure 1 :

 1 Figure 1: A) Schematic representation (inspired from Mahony et Al. [18]) and B) chemical structure of the hybrid made of gelatin and BAG covalently linked by the GPTMS.
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  Immersion in TRISTris(hydroxymethyl)aminomethane (TRIS) solution (50 mM) was prepared by mixing ultrapure TRIS (Sigma Aldrich, St Louis, MO, USA) and TRIS-HCl (Sigma Aldrich, St Louis, MO, USA) in ultrapure water, and the pH was adjusted to 7.4 at 37 °C. The samples were punched to obtain small cylinders of 11 mm diameter and 4 mm height (≈380 mg), which were immersed in 30 mL of TRIS solution for up to 28 days at 37 °C on an agitator (Heidolph Instruments, Schwabach, Germany) with an orbital speed of 100 rpm. To avoid saturation of the solution with the ions released from the hybrids, the TRIS buffer was refreshed each week.At the desired time of immersion, the concentration of elements released from the hybrids was studied by diluting 500 µL of the immersion solution in 4.5 mL of ultrapure water for ion analysis. Inductively Coupled Plasma -Optical Emission Spectroscopy (ICP-OES) (Agilent technologies 5110, Santa Clara, CA, USA) was employed to quantify P (λ = 253.561 nm), Ca (λ = 422.673 nm), Mg (λ = 279.553 nm), Si (λ = 250.690 nm), B (λ = 249.678 nm), K (λ = 766.491 nm), and Na (λ = 589.592 nm) concentrations in the solution after samples immersion.

  of culture. The control used was TCPS coverslips (Nunc Thermanox Coverslips, ThermoFisher Scientific, Waltham, MA, USA) of 13 mm diameter in a 24-well plate. The number of cells was adjusted according to the well area. The same density of cells was seeded on the hybrids and the TCPS coverslips controls, and after each time point, the cells were fixed with 4% (w/v) paraformaldehyde solution for 15 min and then permeabilized with 0.1% (v/v) Triton X-100 (Sigma Aldrich, St Louis, MO, USA) for 10 min. Nonspecific binding sites were blocked by incubating the disks in Phosphate Buffered Saline (PBS) containing 1% Bovine Serum Albumin (BSA, Sigma Aldrich, St Louis, MO, USA) for 1 h. The cytoskeleton and nuclei of the cells were stained, respectively, with 1:500 diluted TRITC-labelled phalloidin (Sigma Aldrich, St Louis, MO, USA P1951) and 1:1000 diluted 4',6-Diamidino-2-phenylindole dihydrochloride (DAPI, Sigma Aldrich, St Louis, MO, USA D9542) in PBS-BSA 0.5% for 1 h. Each incubation with antibodies was performed in wet and dark conditions. The samples were then washed in PBS-BSA 0.5% and pure water and observed using a LSM710 confocal microscope (Zeiss, Iena, Germany).

Figure 2 :

 2 Figure 2: Mass loss (A), dry mass (B) and mineral mass (C) remained in the hybrid G*/13-93 (•) and G*/13-93B20 (∎) as a function of immersion time in TRIS

Figure 3 :

 3 Figure 3: Elements concentrations of Si, Mg, Na, K, P, Ca, and B in the dissolution products of G*/13-93 (•) and G*/13-93B20 (∎) immersed in TRIS as a function of time. The concentrations are normalized to the sample mass.

Figure 4 :

 4 Figure 4: Release of ions from the A) G*/13-93 and B) G*/13-93B20 hybrids, immersed in TRIS as a function of time

Figure 5 :

 5 Figure 5: Young modulus measured by a compression test of wet G*/13-93 (•) and G*/13-93B20 (∎) hybrids as a function of immersion time in TRIS.

Figure 6 :

 6 Figure 6: Elements concentrations of Si, Mg, K, P, Ca and B in the dissolution products of

Figure 7 :

 7 Figure 7: Mass loss (A), dry mass (B) and mineral mass (C) remained in the hybrid G*/13-93 (•) and G*/13-93B20 (∎) as a function of immersion time in SBF.

Figure 8 :

 8 Figure 8: SEM image of the hybrids surface before and after 14 days of immersion in SBF (scale bar 20μm).

Figure 9 :Figure 8 ,

 98 Figure 9: A) EDX analysis of the nodules at the hybrids surface and B) FTIR analysis of the samples surfaces before and after 14 days of immersion.

Figure 10 .

 10 Figure 10. (A) Proliferation of MC3T3-E1 cells cultured in α-Minimum Essential Media (α-MEM) complete medium on Tissue Culture Polystyrene (TCPS), G*/13-93, and G*/13-93B20 hybrids for 14 days, analyzed by a CyQUANT Cell Proliferation Assay kit. The number of cells was normalized with the area of the materials surface (** p < 0.01). (B) Morphology of MC3T3-E1 cells in αMEM complete medium analyzed by nuclei (4',6-Diamidino-2-phenylindole dihydrochloride (DAPI)-yellow) and actin (phalloidin-magenta) immunostaining after 1 day, 7 days, and 14 days of culture. Scale bar 20 µm.

  Proliferation of BMSCs cultured in Basic Medium (BM -αMEM supplemented with 1% Penicillin/Streptomycin and 5% Human Serum) or in Osteogenic Medium (OM -BM supplemented with Ascorbic Acid 200μM, β-glycerophosphate 10Mm and Dexamethasone 5nM) on A) TCPS control, B) G*/13-93 and C) G*/13-93B20 analyzed by CyQUANT Cell Proliferation Assay kit. C Morphology of BMSCs cultured in A) Basic Medium (BM -αMEM supplemented with 1% Penicillin/Streptomycin and 5% Human Serum) or in B) Osteogenic Medium (OM -BM supplemented with Ascorbic Acid 200μM, β-glycerophosphate 10Mm and Dexamethasone 5nM) on TCPS control, G*/13-93 and G*/13-93B20 analyzed by Nuclei (DAPI -yellow) and Actin (Phalloidin -magenta) immunostaining after 1 day, 7 days and 14 days of culture. Scale bar 20μm.

▪

  different solutions with versatile materials in term of clinical applications, designed to be suitable for clinicians, and, at a physiological and medical point of view, perfectly able to help bone reparation and regeneration processes. Ideally, innovative, and modern bone substitutes will combine mechanical and osteo-properties, volume characteristics and specific adaptable capacities -as the potential to be used as filler for bone defect, to be manufactured as osteosynthesis material, to serve as scaffold for cells. Polymeric-BAG based composite and hybrid bioengineered materials represent one of the pertinent solutions that pave the way to the future generation of combined organicinorganic solutions for translational research in bone medical surgery. Publications: Houaoui, A.; Szczodra, A.; Lalluka, M.; El-Guermah L.; Agniel R.; Pauthe E.; Massera J.; and Boissière M. (2021). New generation of hybrid materials based on gelatin and bioactive glass particles for bone tissue regeneration. Biomolecules, Special Issue Bioactive Glasses Applications, 11(3), 444. ▪ Houaoui, A.; Lyyra, I.; Agniel, R.; Pauthe, E.; Massera, J.; & Boissière, M. (2020). Dissolution, bioactivity and osteogenic properties of composites based on polymer and silicate or borosilicate bioactive glass. Materials Science and Engineering: C, 107, 110340. ▪ Nommeots-Nomm, A.; Houaoui, A.; Packiyanathar, A. P.; Chen, X.; Hokka, M.; Hill, R.; ... & Massera, J. (2020). Phosphate/oxyfluorophosphate glass crystallization and its impact on dissolution and cytotoxicity. Materials Science and Engineering: C,117, 111269. ▪ Rodriguez-Ruiz, V.; Salatti-Dorado, J. Á.; Barzegari, A.; Nicolas-Boluda, A.; Houaoui, A.; Caballo, C.; ... & Pavon-Djavid, G. (2018). Astaxanthin-loaded nanostructured lipid carriers for preservation of antioxidant activity. Molecules, 23(10), 2601. Book Chapter: ▪ Houaoui, A.; Massera, J. Bioactive glasses in orthopedics. Biofabrication for Orthopedics, Wiley-VCH, accepted in september 2021 Oral Communications: ▪ Houaoui A.; Massera J.; Boissière M.; Pauthe E. Composite & hybrid strategies based on Bioactive Glass; toward optimised substitute for bone bioengineering. World Biomaterials Congress, December 2020, Glasgow, Scotland ▪ Houaoui A.; Massera J.; Boissière M.; Pauthe E. Composite & Hybrid (Bio)materials based on bioactive glass: toward optimized substitute for bone bioengineering. 27th Biomaterials in Medicine and Veterinary Medicine, Polish Society for Biomaterials, Octobre 2019, Rytro, Poland ▪ Houaoui A.; Boissière M.; Massera J.; Pauthe E. Elaboration of a hybrid osteopromotive biomaterial with a hierarchical porosity for bone tissue engineering. Summerschool Tissue Engineering and Regenerative Medicine, june 2018, Bordeaux, France. ▪ Houaoui A.; Boissière M.; Massera J.; Pauthe E. Engineering of an innovative biomaterial based on a polymer/bioactive glass composite for bone tissue application. Congrès BIOMAT, june 2017, Ambleteuse, France. Poster Presentations: ▪ Houaoui A.; Massera J.; Boissière M.; Pauthe E. Composite and hybrid materials based on bioactive glass, toward optimized substitutes for bone regeneration. 31 st Conference of the European Society for Biomaterials, september 5-9 2021, Porto, Portugal. ▪ Houaoui A.; Lukasik K.; Agniel R.; Massera J.; Boissière M.; Pauthe E. Elaboration and characterization of a hybrid material based on gelatin/13-93 bioactive glass for bone tissue engineering. BIOMAT Congress, june 3-7 2019, La Grande Motte, France. ▪ Houaoui A.; Lyyra I.; Boissière M.; Massera J.; Pauthe E. Synthesis and characterization of an innovative composite based on polymer and silicate or borosilicate bioactive glass for bone tissue engineering. Scientific day of the doctoral school, may 14 2018, Neuville-sur-Oise, France. ▪ Houaoui A.; Lyyra I.; Boissière M.; Massera J.; Pauthe E. Elaboration and characterization of an innovative composite based on polymer/bioactive glass for bone tissue engineering. 20 th French Days of Biology of Mineralized Tissues, march 21-23 2018, Monaco.

Fig. 1 .

 1 Fig. 1. PLA rod (up) and composite rod (down) obtained after extrusion.

Fig.

  Fig. of ions from the A) PLA/13-93 and B) the PLA/13-93B20, immersed in TRIS according to time.

Fig. 4 .

 4 Fig. 4. Observations of the cross section of the composites by SEM. A) and B) show the PLA/13-93 before immersion, C) and D) show the PLA/13-93 after 10 weeks of immersion in TRIS. E) and F) present the PLA/13-93B20 before immersion and G) and H) show the PLA/13-93B20 after 10 weeks of immersion in TRIS. Scale bar 200 μm.

Fig. 5 .

 5 Fig. 5. Molecular Weight (Mw) of PLA before extrusion (☐) PLA (∎), PLA/ 13-93 ( ) and PLA/13-93B20 ( ) rods immersed in TRIS according to time.

Fig. 7 .

 7 Fig. 7. A) Si, B) K, C) B, D) Mg, E) Ca and F) P element concentrations released in SBF from the PLA (∎), PLA/13-93 ( ) and PLA/13-93B20 ( ) according to immersion time. ΔElement = [Element] in SBF in presence of the sample -[Element] in SBF initial solution.

Fig. 10 .

 10 Fig. 10. Proliferation of C2C12 cells cultured in DMEM complete medium on glass, PLA, PLA/13-93 and PLA/13-93B20 for 7 days, analyzed with a CyQUANT Cell Proliferation Assay kit, ***p < 0.001, *p < 0.05.

Fig. 11 .

 11 Fig. 11. Morphology observations of C2C12 cells in DMEM complete medium analyzed by immunostaining, Nuclei (DAPI -blue) and Actin (Phalloidin -green), after 48 h of incubation on glass, PLA, PLA/13-93, PLA/13-93B20 (Scale bar 20 μm). Under each image the spreading area of the cells is annotated on each sample after 48 h of incubation. (For interpretation of the references to color in this figure legend, the reader is referred to the Web version of this article.)

Fig. 12 .

 12 Fig. 12. Differentiation of C2C12 cells on glass (A, B, C, D), PLA (E, F, G, H), PLA/13-93 (I, J, K, L) and PLA/13-93B20 (M, N, O, P) analyzed by Nuclei (DAPI -blue -First column), Myosin (green -Second column), Osteopontin (red -third column) and the merge (fourth column) immunostaining after 14 days of incubation. Scale bar 20 μm. (For interpretation of the references to color in this figure legend, the reader is referred to the Web version of this article.)

Fig. 13 .

 13 Fig. 13. Mineralization of C2C12 cells in DMEM was studied with Alizarin red S staining after 14 days of incubation. The first line shows A) the glass, B) the PLA, C) the PLA/13-93 and D) the PLA/13-93B20 without any cells seeded. The second line represents E) the glass, F) the PLA, G) the PLA/13-93 and H) the PLA/13-93B20 with C2C12 cells seeded for 14 days. Scale bar 200 μm. (For interpretation of the references to color in this figure legend, the reader is referred to the Web version of this article.)

Figure 1 .

 1 Figure 1. (A) Schematic representation (inspired from Mahony et al. [18]) and (B) chemical structure of the hybrid made of gelatin and bioactive glass (BAG) covalently linked by 3-glycidoxypropyltrimethoxysilane (GPTMS).

Figure 2 .

 2 Figure 2. Mass loss (A), dry mass (B), and mineral mass (C) remaining in the hybrid G*/13-93 (•) and G*/13-93B20 (|) as a function of immersion time in TRIS.

Figure 3 .

 3 Figure 3. Elements concentrations of Si, Mg, Na, K, P, Ca, and B in the dissolution products of G*/13-93 (•) and G*/13-93B20 ( ) immersed in TRIS as a function of time. The concentrations are normalized to the sample mass.

Figure 4 .

 4 Figure 4. Release of ions from the (A) G*/13-93 and (B) G*/13-93B20 hybrids, immersed in TRIS as a function of time.

Figure 5 .

 5 Figure 5. Young's modulus measured by a compression test of wet G*/13-93 (•) and G*/13-93B20 ( ) hybrids as a function of immersion time in TRIS.

Figure 6 .

 6 Figure 6. Concentrations of Si, Mg, K, P, Ca, and B in the dissolution products of G*/13-93 (•) and G*/13-93B20 ( ) immersed in Simulated Body Fluid (SBF) as a function of time. The concentrations are normalized to the sample mass. ∆Element = [Element] in SBF in the presence of the sample -[Element] in SBF initial solution.

Figure 7 .

 7 Figure 7. Mass loss (A), dry mass (B) and mineral mass (C) remained in the hybrid G*/13-93 (•) and G*/13-93B20 ( ) as a function of immersion time in SBF.

Figure 8 .

 8 Figure 8. SEM image of the hybrid surface before and after 14 days of immersion in SBF (scale bar 20 µm).

Figure 9 .

 9 Figure 9. (A) EDX analysis of the nodules at the hybrids surface and (B) FTIR analysis of the samples surfaces before and after 14 days of immersion.

Figure 10 .

 10 Figure 10. (A) Proliferation of MC3T3-E1 cells cultured in α-Minimum Essential Media (α-MEM) complete medium on Tissue Culture Polystyrene (TCPS), G*/13-93, and G*/13-93B20 hybrids for 14 days, analyzed by a CyQUANT Cell Proliferation Assay kit. The number of cells was normalized with the area of the materials surface (** p < 0.01). (B) Morphology of MC3T3-E1 cells in αMEM complete medium analyzed by nuclei (4',6-Diamidino-2-phenylindole dihydrochloride (DAPI)yellow) and actin (phalloidin-magenta) immunostaining after 1 day, 7 days, and 14 days of culture. Scale bar 20 µm.

2 -

 2 et al. in fluoride containing silicate bioactive glasses [18]. Kasuga et al. 30P 2 O 5 -25TiO 2 (in mol%), and the 19 F spectra showed a broad peak at about -90 ppm corresponding to an F-Ca(n) environment while during the heat treatment the glass crystallized and exhibited a peak at -103 ppm corresponding to the F-Ca(3) site in fluorapatite [57]. Shaharyar et al. investigated glasses within the 10Na 2 O-(45x)CaO-45P 2 O 5 -xCaF 2 system

Fig. 1 .

 1 Fig. 1. (a) 19 F MAS-NMR spectra (b) 31 P MAS-NMR spectra for the (75NaPO 3 -(25-x) CaO-xCaF 2 ) glasses.

Fig. 2 .

 2 Fig. 2. Ca (a), Na (b), and P (c) ions concentration after immersion of the as prepared x0, x5, x15 and x20 glasses in TRIS buffer solution.

Fig. 3 .

 3 Fig. 3. FTIR spectra of the glass x0 a) and x20 b) at various immersion time.

Fig. 5 .

 5 Fig. 5. (a) Non-isothermal DSC results obtained at 4 different heating rates for x0, (b) the application of the Kissinger equation (c) application of the Friedman equation, the normalized fraction transformed with heating rate, and (d) the fraction transformed against activation energy for x0, x5, x15 and x20.

Fig. 6 .Fig. 7 .

 67 Fig. 6. (a) SEM images of glasses x0, x5, x15, and x20 heat-treated for 3 h at T x and T x + 20, (b) XRD patterns of the glasses heat treated for 3 h at T x (black) and at Tx + 20 °C (red). The 'o' represents the peaks corresponding to Ca 2 P 2 O 7 (00-009-0345), and '*' denotes the peaks that correspond to Fluorite (CaF 2 ) (98-006-0370). (c) Normalized FTIR results of x0 and x20 pre and post heat treatment at T x . (For interpretation of the references to colour in this figure legend, the reader is referred to the web version of this article.)

Fig. 8 .

 8 Fig. 8. Ca (a), Na (b), and P (c) ions concentration after immersion of the as prepared (x0 and x20 glasses, dashed line) and heat-treated (HTx0 and HTx20, solid lines) in TRIS buffer solution.

Fig. 9 .

 9 Fig. 9. FTIR spectra of the heat treated glass HTx0 a) and HTx20 b) at various immersion time.

Fig. 10 .

 10 Fig. 10. (a) SEM images of particle cross sections of the heat treated HTx0 and HTx20 glasses, red * and highlight, draw the eye for points in this discussion. (b) SEM image of the cross section of the HTx20 glass-ceramics particle after immersion for 2 weeks in the TRIS buffer solution. (For interpretation of the references to colour in this figure legend, the reader is referred to the web version of this article.)

Fig. 11 .

 11 Fig. 11. Normalized absorbance as a function of glass concentration in the medium, for the four materials of investigation.
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Table 9 :

 9 Nominal glass composition (weight %)

	XXX

Table 1 :

 1 Mechanical properties of cortical and cancellous bone[37,38] 

	Properties	Cortical Bone	Cancellous Bone
	Compressive Strength (MPa)	100 -230	2 -12
	Flexural, tensile strength (MPa)	50 -150	10 -20
	Strain to failure (%)	1 -3	5 -7

Table 2 :

 2 Physical properties of hydroxyapatite[39] 

	Elements (mass %)	Bone	Dentine	Enamel	Apatite stoichiometric
	Ca	34.80	35.10	36.50	39.60
	P	15.20	16.90	17.70	18.50
	Na	0.90	0.60	0.50	-
	Mg	0.72	1.23	0.44	-
	K	0.03	0.05	0.08	-
	Inorganic C	1.48	1.12	0.7	-
	F	0.03	0.06	0.01	-
	Cl	0.13	0.01	0.30	-

Table 3 :

 3 Comparative

composition of inorganic phases of adult human calcified tissue

[40- 42] 

1.2.1.2 Organic matrix This matrix represents 25% of dry bone weight. It is mainly composed of collagen (90%), mostly type I collagen, and the 10% left represent the non-collagenous proteins like noncollagenous glycoproteins, proteoglycans, osteopontin, osteocalcin, etc

Bone substitutes Osteo- conduction Osteo- induction Osteogenic factor Osteointegration Disadvantages

  

						Variable osteo-
	DBM	+	++	-	++	inductivity associated with donors and
						processing methods
	Bone cement	+	-	-	+	Osteoconductive only
	Ca-P	+	-/+	-	+	Osteoconductive only

Table 7 :

 7 Characteristics of bone grafts[70] 

	2.1.2.3 Bone tissue engineering
	Tissue engineering was defined in 1993 by Langer and Vacanti as a technique "using
	principles of life sciences and engineering to develop biological substitutes to restore, maintain

Elastic modulus (GPa) Tensile strength (MPa) Density (g/cm 3 )

  

	Titanium	110	760	4.5
	316L steel	190	590 -1350	8.8
	Co-Cr-Mo	210 -250	650 -1900	7.8
	Ti6Al4V	116	960 -1100	4.4

Table 8 :

 8 Main characteristics of metals and stainless alloys used in medicine

Bioresorbable polymers

  

	Bone tissue engineering necessitates bioresorbable materials, with the degradation rate
	adapted to the repair strategy. Therefore, biodegradable polymers are favored. They also need
	to have good resistance, a good stability and to promote cell adhesion, growth, migration, and
	differentiation.
	Polymer materials can have different characteristics like molecular weight, polydispersity,
	crystallinity, different degradation rate which would strongly affect polymer scaffold properties
	[96,116-119]. They can be processed by different fabrication techniques such as extrusion,
	injection, and compression molding. Their properties and degradation can be affected by the
	type of processing technique, as they require high temperature, and can induce mechanical
	stresses.

  TCP has two forms, α and β, but the last one is the most used in bone repair because of its higher biodegradation. Moreover, as the HA, the TCP is fragile and has low stiffness

	conduction [68]. It can be processed in solid blocks, cements, particles. Synthetic
	hydroxyapatite is not soluble, and its degradation rate in vivo is low, but this can depend also
	Bioactive ceramics are of interest in bone regeneration. The bioactivity of these materials on the pH and the form used. Moreover, hydroxyapatite has low toughness properties [128].
	results in the appearance of biological activity in the host organism and the existence of ion Tricalcium phosphate (TCP) with a formula of Ca3(PO4)2 has a chemical composition very
	exchanges between the material and living tissue [126]. They often have osteoconductive and close to HA and is biocompatible [129]. It is more soluble than HA and has a high degradation
	sometimes osteoinductive properties. However, their very crystalline structure differs from that rate in vivo.
	of the mineral phase of natural bone, which causes a slow absorption. They can be used in
	different forms as granules, powder, porous blocks, injectable paste… Different ceramics are
	presented below [127].
	• Calcium sulfate (CaSO4):
	This is a kind of osteoconductive, and biodegradable ceramics composed of CaSO4 and has
	been applied in filling void defects since 1892. Although lacking a macroporous structure,
	calcium sulfate still has a rapid resorption rate and weak internal strength, which implies that it
	can only be used to fill small bone defects with rigid internal fixation, the ingrowth of vascular
	and new bone happens in conjunction with the resorption of the graft [128]. Easy preparation
	and relative low cost have made calcium sulfate resurgent when combined with other synthetic
	bone substitutes and/or growth factors.
	• Calcium phosphate
	These materials, based on calcium, are interesting because their chemical composition gets
	closer to that of the bone. This allows the keep the fundamental properties for bone repair which
	are osteo-conduction and osteointegration.
	Synthetic hydroxyapatite is the major component of bone mineral matrix with the formula
	Ca10(PO4)6(OH)2 [4]. Hydroxyapatite can be available naturally, but also synthesized
	chemically. Its properties are conserved: biocompatibility, osteointegration and osteo-

Table 1 :

 1 Nominal glass composition (mol%)

	mol%

PLA, PLA/13-93 and PLA/13-93B20 rods were produced by melt-extrusion using a co-rotating twin-screw extruder (Mini ZE 20*11.5 D, Neste Oy, Porvoo, Finland) under nitrogen

Table 2 :

 2 Materials processing parameters

Table 3

 3 presents the glass loading in each composite, with the mechanical properties of the composites and the molecular weight of the polymer included in each composite.

	Materials	Composites glass loading	Young modulus (GPa) Dry Wet	Shear stress (MPa) Dry Wet	PLA Mw before extrusion	PLA Mw after extrusion
		(wt%)	samples	samples	samples	samples	(kDa)	(kDa)
	Bulk PLA	--	--	--	--	--	526 ± 7	--
	PLA rods	--	3.5 ± 0.1	3.6 ±0.2	46.6 ± 0.8 50.1 ± 1.4	--	305 ±14
	PLA/13-93 rods	38 ± 2	3.6 ± 0.3	3.3 ± 0.3 34.0 ± 2.0 32.3 ± 1.4	--	248 ± 5
	PLA/13-							
	93B20	35 ± 4	3.6 ± 0.7	3.1 ± 0.4 32.1 ± 1.5 32.1 ± 1.1	--	251 ± 15
	rods							

Table 3 :

 3 Measured glass loading, mechanical properties and average molecular weight of the processed PLA and PLA/BAG composites (for wet samples, the mechanicals properties were measured after 10min of immersion in TRIS).were tested, but, during the processing the viscosity of the polymer drastically and rapidly decreased, and the materials obtained were amber-like as reported by Vergnol et al. for the PLA/45S5. The reason for this rapid change in viscosity and subsequent thermal degradation of the PLA is not yet well understood. However, this phenomenon appears when processing PLA with fast reacting BAG and does not occur that readily with more stable glasses. Therefore, a hypothesis for the thermal degradation of PLA upon extrusion of composites using 45S5 and/or S53P4 may be due to the high intrinsic water content in the glass structure or the glass degradation/dissolution when in the polymer melts. The combination of PLA and the proposed BAG 13-93 processed by twin-screw reduces loss of molecular weight during melt processing.

Table 2 .

 2 The large mass drop, seen upon heating, ends at ~352 o C. The final residual mass is reached and varies with temperature and across samples between 31 and 40%. The average residual mass and standard deviation were measured to be 38±2% and 35±2%, for the PLA/13-93 and PLA/13-93B20, respectively.

Table 1 :

 1 The molten glasses were cast, annealed, crushed, and finally sieved into less than 38 µm particles. The glasses were dried at 200 °C for 2 h prior to be used. The nominal oxide compositions of the glasses are given in Table1. Nominal glass composition (%) The 13-93 or 13-93B20 BAG particles were added and mixed for 1 h at 37 °C for a ratio of G*/BAG of 70/30 wt%. This ratio was optimized (data not shown) to obtain enough covalent links in the structure to obtain a gel self-supported at biological temperature. Finally, sodium fluoride 1% (NaF, Sigma Aldrich, St Louis, MO, USA) was added to catalyze the inorganic condensation reaction. The final solution was mixed for 10 min at 37 °C. The solution was poured in silicon molds and left to gel at room temperature for 24 h. The remaining mineral phase was weighed. The measure was repeated on 4 samples per composition, and the average glass content with standard deviation was calculated.

	1.1. Bioactive glass processing
	BAGs 13-93 and 13-93B20 were prepared from analytical grade K2CO3 (Alfa Aesar,
	Ward Hill, MA, USA), (Na2CO3, NH4H2PO4, (CaHPO4)(2(H2O)), CaCO3, MgO, H3BO3

(Sigma Aldrich, St Louis, MO, USA), and Belgian quartz sand. The 100-gram batches of 13-93 and 13-93B20 were melted for 3 hours at 1450 °C in a platinum crucible.

1.2. Hybrids synthesis

Gelatin (Porcine, Type A, Bloom 300, Sigma Aldrich, St Louis, MO, USA) was dissolved at 37 °C in 10 mM hydrochloric acid (HCl, Merck Millipore, Burlington, MA, USA) at a concentration of 50 mg•mL -1 . This solution was functionalized by adding GPTMS (Sigma Aldrich, St Louis, MO, USA) to obtain a Cfactor (molar ratio of GPTMS/gelatin) of 500.

Different Cfactor have been studied (data not shown), and this parameter was optimized in order to limit the cellular toxicity of GPTMS. The functionalized gelatin (G*) solution was mixed 2 h at 37 °C.

Hybrid materials with a diameter of 11 mm and height of 4 mm were cut. To measure their glass content, they were freeze-dried and heated for 2 h at 500 °C under air to remove all the
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Table 1

 1 Nominal glass composition (mol%).

	Glass	mol%						
		Na 2 O	K 2 O	MgO	CaO	P 2 O 5	SiO 2	B 2 O 3
	13-93	6.0	7.9	7.7	22.1	1.7	54.6	-
	13-93B20	6.0	7.9	7.7	22.1	1.7	43.7	10.9

Table 2

 2 Materials processing parameters.

		Temperature (°C)			Pressure (psi)
		Cylinder	Adapter	Die	
	PLA rods	200	230	230	200
	PLA/13-93	190	200	220	150
	PLA/13-93B20	185	220	215	200

Table 1 .

 1 2.1. Materials Preparation and Characterization 2.1.1. Bioactive Glass Processing BAGs 13-93 and 13-93B20 were prepared from analytical grade K 2 CO 3 (Alfa Aesar, Ward Hill, MA, USA), (Na 2 CO 3 , NH 4 H 2 PO 4 , (CaHPO 4 )(2(H 2 O)), CaCO 3 , MgO, H 3 BO 3 (Sigma Aldrich, St Louis, MO, USA), and Belgian quartz sand. The 100 g batches of 13-93 and 13-93B20 were melted for 3 h at 1450 • C in a platinum crucible. The molten glasses were cast, annealed, crushed, and finally sieved into less than 38 µm particles. The glasses were dried at 200 • C for 2 h prior to be used. The nominal oxide compositions of the glasses are given in Table 1. Nominal glass composition (%).

	Glass	mol% Na 2 O	K 2 O	MgO	CaO	P 2 O 5	SiO 2	B 2 O 3
	13-93	6.0	7.9	7.7	22.1	1.7	54.6	-
	13-93B20	6.0	7.9	7.7	22.1	1.7	43.7	10.9
	2.1.2. Hybrids Synthesis						
	Gelatin (Porcine, Type A, Bloom 300, Sigma Aldrich, St Louis, MO, USA) was dissolved
	at 37							

Table 2 .

 2 Measured glass loading and Young's modulus of the gelatin alone functionalized (G*) and the G*/13-93 and G*/13-93B20 hybrids (for wet samples, the mechanical properties were measured after 10 min of immersion in TRIS).

	Materials	Glass Loading in the Hybrids (wt%)	Young Modulus (MPa) Dry Samples Wet Samples
	G* alone	-	2.1 ± 0.3	0.8 ± 0.2
	G*/13-93	34 ± 2	0.5 ± 0.3	0.5 ± 0.1
	G*/13-93B20	33 ± 1	0.7 ± 0.2	0.6 ± 0.2

Table 1

 1 Nominal composition (measured composition through EDX and EPMA). P and19 F MAS-NMR experiments were carried out using a Bruker Advance 600 MHz spectrometer at the resonance frequencies of 242.9 MHz and 564.7 MHz. 31P MAS-NMR spectra were acquired in a 4 mm zirconia rotor at a spinning speed of 12 kHz after 16 scans, with a recycle delay of 60 s.19 F MAS-NMR experiments were conducted in a 2.5 mm zirconia rotor at a spinning rate of 25 kHz and 60s relaxation.

		P 2 O 5 (mol%)	Na 2 O (mol%)	CaO (mol%)	CaF 2 (mol%)
	x0	37.5 (35)	37.5 (41)	25 (24)	0
	x5	37.5 (36)	37.5 (41)	20 (19)	5 (4)
	x10	37.5 (34)	37.5 (41)	15 (17)	10 (8)
	x15	37.5 (35)	37.5 (42)	10 (11)	15 (12)
	x20	37.5 (34)	37.5 (42)	5 (7)	20 (17)
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Table 3

 3 Calculated values for activation energy via the Friedman and Kissinger equation. Na 2 Ca 2 P 2 O 7 F 2 , reported in

	x	Kissinger	Friedman
		E c ± 30 kJ/mol	E c
			kJ/mol
	0	274	326 ± 8
	5	217	230 ± 12
	15	156	168 ± 4
	20	141	138 ± 1

Table 4

 4 Ca and P concentration in a-MEM and CM.

		[Ca] ppm	[P] ppm
	α-MEM	50.8 ± 2.5	24.4 ± 1.2
	x0 undiluted	210.2 ± 10.5	1919.4 ± 96.0
	HTx0 undiluted	412.9 ± 20.6	4922.8 ± 246.1
	x20 undiluted	606.9 ± 30.3	6558.3 ± 327.9
	HTx20 undiluted	179.6 ± 9.0	6705.2 ± 335.3
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Chapter 3: Hybrids strategy

Abstract

Hybrid scaffolds based on bioactive glass (BAG) particles (<38 µm), covalently linked to gelatin (G*) using 3-glycidoxypropyltrimethoxysilane (GPTMS), have been studied for bone bioengineering. In this study, two glass compositions (13-93 and 13-93B20 (where 20% of the SiO2 was replaced with B2O3)) were introduced in the gelatin matrix. The Cfactor (gelatin/GPTMS molar ratio) was kept constant at 500. The hybrids obtained were found to be stable at 37 °C in solution, the condition in which pure gelatin is liquid. All hybrids were characterized by in vitro dissolution in Tris(hydroxymethyl)aminomethane (TRIS) solution (for up to 4 weeks) and Simulated Body Fluid (SBF) (for up to 2 weeks). Samples processed with 13-93B20 exhibited faster initial dissolution and significantly faster precipitation of a hydroxyapatite (HA) layer. The faster ion release and HA precipitation recorded from the G*/13-93B20 samples are attributable to the higher reactivity of borosilicate compared to silicate glass. The MC3T3-E1 cell behavior in direct contact with the hybrids was investigated,

showing that the cells were able to proliferate and spread on the developed biomaterials.

Tailoring the glass composition allows us to better control the material's dissolution, biodegradability, and bioactivity. Bioactive (especially with 13-93B20 BAG) and biocompatible, the hybrids are promising for bone application.

Conflicts of Interest:

The authors declare no conflict of interest. Bioactive glass (BAG)/Poly (Lactic Acid) (PLA) composites have great potential for bone tissue engineering. The interest in these materials is to obtain a scaffold with tailorable properties bringing together the advantages of the composites' constituents such as the biodegradability, bioactivity and osteoinduction. The materials studied are PLA/13-93 and PLA/13-93B20 (20% of SiO 2 is replaced with B 2 O 3 in the 13-93 composition). To characterize them, they were dissolved in TRIS buffer and Simulated Body Fluid (SBF) in vitro. Over the 10 weeks of immersion in TRIS, the ion release from the composites was constant. Following immersion in SBF for 2 weeks, the hydroxyapatite (HA) layer was found to precipitate at the composites surface. By adding Boron, both these reactions were accelerated, as the borosilicate glass dissolves faster than pure silicate glass alone. Polymer degradation was studied and showed that during immersion, the pure PLA rods maintained their molecular weight whereby the composites decreased with time, but despite this the mechanical properties remained stable for at least 10 weeks. Their ability to induce osteogenic differentiation of myoblastic cells was also demonstrated with cell experiments showing that C2C12 cells were able to proliferate and spread on the composites. The Myosin Heavy Chain and Osteopontin were tracked by immunostaining the cells and showed a suppression of the myosin signal and the presence of osteopontin, when seeded onto the composites. This proves osteoinduction occurred. In studying the mineralization of the cells, it was found that BAG presence conditions the synthesizing of mineral matter in the cells. The results show that these composites have a potential for bone tissue engineering.

General conclusion and perspectives
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(caption on next page) faster when immersed for up to 6 h of immersion but then slower for longer immersion time in TRIS when compared to the amorphous glass. The differences in the dissolution behaviour can be explained by a phase separation occurring during the heat treatment of the glass x20. The formation of CaF 2 nanocrystal in the glass bulk does not inhibit the precipitation of a reactive layer and allows maintaining cell activity similar to the F-free glass.

The bulk crystallization of the glass prepared with high fluoride content opens the path to new glass-ceramics with tailored dissolution, mechanical properties and cell activity, with potential for hot forming into 3D scaffolds. Supplementary data to this article can be found online at https:// doi.org/10.1016/j.msec.2020.111269. 
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