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 SUMMARY   

Calcium phosphates, particularly hydroxyapatite (HA) have been widely considered as elective materials 

for the development of bone scaffolds, as their good mimicry with the chemical composition of the mineral 

bone provides excellent biocompatibility and osteogenic ability. Furthermore, the development of scaffolds 

with wide open and interconnected porosity is a major factor ensuring the complete integration with the 

surrounding bone and the achievement of effective mechanical stability.  

Despite such a great potential, a main drawback associated to calcium phosphates and generally to all 

ceramics, refers to their intrinsic brittleness, i.e. incapacity to withstand plastic deformation under loading 

which is a major problem causing possible sudden failure of the scaffold structure under physiological 

mechanical loading. This is a major reason making the regeneration of load-bearing bone defects such as 

maxillofacial regions and spine region, a still unmet clinical need of great socio-economic relevance. 

In this respect, my Ph.D. project is focused on the development of new processes to achieve calcium 

phosphate-based scaffolds featuring enhanced bioactivity and mechanical properties. The research was 

carried out at the Institute of Science, Technology and Sustainability for Ceramics, belonging to the 

National Research Council of Italy (CNR-ISSMC) under the supervision of Dr. Simone Sprio and Dr. 

Massimiliano Dapporto. 

The first part of my PhD thesis involves the development of mechanically reinforced porous apatitic 

ceramics scaffolds. The design of porous bioactive scaffolds based on hydroxyapatite basically involves 

the preparation of powders, then manipulated by the preparation of slurries, that are ternary systems 

involving aqueous dispersions of particles and dispersants. For this reason, the preparation of stable, 

homogeneous and manageable dispersions of powders in water is required to prevent final structural 

defects. The stability of calcium phosphate slurries is associated with various processing parameters 

including the powder content, the specific surface area of powder and the dispersant amount. Several 

processing techniques have been described in literature to prepare porous bone scaffolds with complex 

shapes and morphology including replica method, sacrificial template and direct foaming method. 

Moreover, 3D printing has been assessed and reported as an effective method for the preparation of 

scaffolds with controlled morphology and porosity. Therefore, the rheological characterization of 

hydroxyapatite-based slurries becomes a mandatory task to understand the effect of the processing factors 

on the colloidal stability of slurries. On this basis, a significant contribution of my research activity was 

focused on the development and rheological characterization of apatite-based slurries. However, scaffolds 

obtained by such slurries generally exhibit a brittle mechanical behavior. In this context, I investigated 

novel approaches for the mechanical reinforcement of hydroxyapatite scaffolds by the addition of carbon 

or alumina fibers to the slurries, with the purpose to achieve a toughening effect.  



 

The second part of my PhD activity involves the development of porous apatitic bone cements mechanically 

reinforced with fibers. The apatite cements (CPC) are obtained by mixing a precursor powder with a liquid 

phase thus obtaining a self-hardening paste that can be extruded or molded before complete setting. Among 

inorganic precursors for apatitic CPCs, α-tricalcium phosphate (α-TCP) is especially interesting as a cement 

precursor essentially due to its hydraulic reactivity upon contact with water and its ability to set at body 

temperature, while transforming into nanocrystalline calcium deficient apatite (CDHA). Considering that 

highly crystalline precursors can compromise hydraulic and biological reactivity, I further explore the 

synthesis of α-TCP at significantly lower temperatures.  

Numerous studies have attempted to introduce bioactive ions naturally found in bone tissue into the 

structure of inorganic precursor of CPC to improve some features of the apatitic bone cement, such as 

osteointegration and mechanical properties. Particularly, Mg and Sr are trace elements naturally found in 

human bones and play an important role in modulating cell behavior and natural bone turnover. Sr-doped 

CPCs gained increasing interest due to potential anti-osteoporotic character, while Mg is one of the most 

important elements for living organisms, as an essential regulatory factor for the pH and free calcium in 

cells. The morphological features of CPCs also make them good candidates for functionalization with 

bioactive molecules, towards the generation of multifunctional devices with enhanced therapeutic ability.  

This second part includes three sub-chapters dealing with: i) apatitic cements obtained from inorganic 

precursors synthesized by low and high-temperature treatments, ii) magnesium-doped apatitic cements with 

intrinsic antibacterial properties and iii) reinforcement of magnesium and strontium-doped apatitic cements 

with carbon fibers. 

- The objectives of the first sub-chapter were to compare the structural, physicochemical and 

hydraulic reactivity of α-TCP obtained through two different routes: solid-state reaction at 1400°C 

(High Temperature, HT-αTCP) and conversion from amorphous calcium phosphate at 650°C (Low 

Temperature, LT-αTCP). Moreover, the addition of carbon fibers in both cements was investigated 

to improve the mechanical performance. 

- The second sub-chapter is focused on the development of magnesium doped apatitic cements, 

exhibiting antibacterial properties. Moreover, the antibacterial character of cements was also 

modulated by introducing tetracycline, a common broad-spectrum antibiotic. 

- The third sub-chapter explores the design and development of carbon fiber-reinforced calcium 

phosphate cements by mixing αTCP and Sr-αTCP with MgHA nanoparticles as inorganic 

precursors. Carbon fiber (CF) exhibits superior mechanical properties and biocompatibility, making 

it a promising choice for bone scaffold reinforcement.
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CHAPTER 1: INTRODUCTION 

1.1. The Skeleton 

The human skeleton serves as the body's framework, composed of 270 bones at birth that eventually fuse 

(grow together) to form 206 bones by adulthood (Figure 1.1). However, some adults may have 213 bones, 

which is caused by variations in the number of bones in their fingers, toes, vertebrae and ribs.  

 

Figure 1-1: The human skeleton [1, 2] 

The skeleton is crucial to human existence since it enables essential daily activities such as sitting, 

standing, walking and breathing by providing a rigid framework [3].  

The skeletal system is comprised of bones, cartilage and ligaments in the body. It provides structural 

support for the entire body, protects vital organs including the brain, enables movement and locomotion 

by serving as levers for muscles, helps to maintain mineral homeostasis and acid-base balance, stores fat 

and is responsible for producing blood cells, serves as a reservoir for growth factors and cytokines and 

provides the environment for haematopoiesis in the marrow spaces [4]. Bones serve as attachment points 

for muscles, which allow us to move our limbs and perform complex actions such as running, jumping 

and lifting. The various joints in the skeleton allow for a wide range of movements, from simple hinge-

like movements in the knee and elbow to complex rotational movements in the hip and shoulder [5]. 
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The skeleton is divided into two principal parts based on origins and features: the axial and appendicular 

components8. The axial skeleton consists of the skull, vertebral column and thoracic cage formed by 12 

pairs of ribs and sternum, or breastbone. The ribs attach to the vertebrae at the back of the spine and wrap 

around to attach to the sternum at the front of the chest. The rib cage serves to protect the heart and lungs. 

The appendicular skeleton includes all bones of the upper and lower limbs (arms and legs), as well as the 

bones that connect each limb to the axial skeleton [6]. The arms are made of three bones: humerus, radius 

and ulna. The humerus is the long bone that runs from the shoulder to the elbow, while the radius and 

ulna are the bones of the forearm. The hands are composed of 27 individual bones, including eight carpal 

bones, five metacarpal bones and 14 phalanges. The legs are composed of four bones: the femur, or 

thighbone, the patella, or kneecap and the tibia and fibula, which are the bones of the lower leg. The foot 

is composed of 26 individual bones, including seven tarsal bones, five metatarsal bones and 14 phalanges. 

The pelvis is composed of three bones, the ilium, ischium and pubis, which are fused together to form a 

basin-like structure that supports the weight of the upper body [7]. 

The bones of the skeleton are classified into five types based on their shape: long, short, flat, irregular 

and sesamoid. Long bones include the bones in the lower limbs (femur, tibia, fibula, metatarsals, 

phalanges) and the upper limbs (radius, humerus, ulna, metacarpals, phalanges) which support the weight 

of the body and facilitate movement. Short bones include the carpals in the wrist (hamate, pisiform, 

scaphoid, triquetral, lunate, capitate, trapezoid, trapezium) and the tarsals in the ankle (cuboid, calcaneus, 

navicular, talus, lateral cuneiform, intermediate cuneiform, medial cuneiform) provide the stability to the 

joints. The skull, thoracic cage and pelvis are flat bones that protect internal organs. Irregular bones 

include the vertebrae (protect the spinal cord), sacrum, coccyx, hyoid bone and patella also called 

sesamoid bone [8]. 

1.2. General Aspects on Bone Structure and Bone Tissue 

The macrostructure of long bones comprises of two peripheral epiphysis and a central shaft referred to 

as diaphysis (Figure 1.2). The diaphysis consists of dense compact bone whereas the epiphysis is 

composed of trabecular meshwork bone bordered by a relatively thin shell of dense compact bone [9].  
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Figure 1-2: Macro to micro-structure of a long bone [10] 

The adult human skeleton is normally composed of 80% cortical bone and 20% trabecular bone. 

Nevertheless, the ratio of cortical to trabecular bone can vary from bone to bone; for instance, the femoral 

heads, vertebrae and femoral diaphysis are composed of cortical to trabecular ratio of 50:50, 25:75 and 

95:5 approximately [11]. 

Each bone contains two main types of bone based on the arrangement of their structure: cortical 

(compact) bone and trabecular (spongy or cancellous) bone. Cortical bone tissues form a dense and hard 

outer layer of bone, while the trabecular bone is composed of a honeycomb-like structure containing 

trabeculae plates and bars of bone adjacent to small, irregular cavities that contain red bone marrow. The 

cortical bone tissue consists of closely packed osteons. The cylindrical osteon structures contain 

concentric rings (lamellae), lacunae and osteocytes arranged around a central canal [10].  

The bone tissue is classified as a calcified connective tissue comprised of the extracellular bone matrix, 

bone marrow as well as bone cells (Figure 1.2). An extracellular matrix is composed of a tough organic 

matrix which greatly strengthens by deposits of inorganic minerals containing mainly ion-doped calcium 

phosphate salts, particularly in the form of needle-like or thin plates of hydroxyapatite crystals 

(Ca10(PO4)6(OH)2). However, bone is composed of an average of 10% water, 30% organic components 

(Collagen Type I, non-collagenous proteins, cells, proteoglycans) and 60% inorganic components. The 

organic bone matrix contains 90-95% type 1 collagen and the remaining part is ground substance. Type 
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I collagen is the most abundant form of intrinsic collagen found in bone, while the ground substance is 

an amorphous gel-like material, which fills the space between fibers and cells. It is primarily composed 

of water and large organic molecules, such as glycosaminoglycans (GAGs), proteoglycans and 

glycoproteins [12]. 

Type-I collagen fibers consist of collagen fibrils which are composed of type-I collagen molecules 

(average 200nm long and 1.5nm diameter) and hydroxyapatite nanocrystals (average 10 nm long and 

2nm thick) spread along the collagen fibrils. A collagen molecule is made of three polypeptide chains 

termed pro-α1 and pro-α2 procollagen chains are coiled together into a triple-helix of approximately 

1000 amino acids, 3000 in each chain (Figure 1.2). The bone structures form from type I collagen and 

ground substance is tough and lightweight, adaptive, self-healing and multifunctional. Bone develops its 

resistance to fracture by multitude of deformation and toughening mechanisms that act at various size 

scales, from the macroscale physiological scale to the nanoscale structure of its protein molecules[13]. 

Additionally, bone tissue also contains exogenously derived proteins that can circulate in the blood and 

become trapped in the bone matrix. These include cytokines such as interleukin, tumour necrosis and 

colony-stimulating and growth factors such as transforming, platelet, fibroblast and insulin produced by 

bone-associated cells, which are crucial for bone cell activity. These proteins remain inactive in the bone 

and become mobilized when osteoclasts reabsorbed the bone [14]. 

1.2.1.  Bone Cells 

There are five different types of bone cells: osteoprogenitor cells, bone lining cells, osteocytes, 

osteoblasts and osteoclasts cells. Bone lining cells, osteoblasts and osteoclasts are observed on the surface 

of bone and osteoprogenitor cells are presented in the central canal of the bone, originate from embryonic 

mesenchymal cells called progenitor cells. While osteocytes are produced by fusing of mononuclear 

blood-borne precursor cells and are observed entrapped into the bone matrix [15].  

1.2.1.1.Osteoprogenitor cells 

The osteoprogenitor cells, also known as osteogenic cells, are stem cells that play a vital role in bone 

growth and repair. These cells work as a precursor of osteoblasts and osteocytes. They originate from 

infant mesenchymal cells and turn into spindle cells at the matured bone surface. In growing bone, these 

cells trigger the multifunctional stages to remodel the bone tissue. With the aging fact, the body loses the 

ability to produce and utilize the osteoprogenitor cells [16]. 
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1.2.1.1. Bone Lining Cells  

Bone lining cells are post-mitotic flattened and elongated osteoblast cells lining on the surface of the 

bone. When the bone surface is neither in formative nor resorptive phases and are found effective to bone 

remodeling. These cells protect from osteoclast resorption by covering the bone surface and stimulating 

bone formation by reactivating bone-lining cells to become active osteoblasts. These cells serve as an 

ion barrier separating fluids percolating through the osteocytes and lacunar canalicular system from the 

interstitial fluids [2]. 

1.2.1.2.Osteocytes 

Osteocyte cells are the most abundant cells, are entrapped within the bone matrix and are actively 

involved in bone turnover. The cellular network of these cells in bone matrix provides contact with bone 

surface involved in ion exchange and signaling. It is reported that mechanical stress can be sensed by 

osteocytes and they secrete paracrine factors such as insulin-like growth factor-I (IGF-I) and express c-

fos in response to mechanical stress. These can play a major role in the formation of bone by solubilizing 

both mineral and organic components of the bone matrix. Osteocytes also remain in communication with 

osteoblasts at the bone surface [17].  

1.2.1.3.Osteoblasts 

Osteoblasts are unpolarized cells that are primarily responsible for the synthesis and mineralization of 

bone, during the formation of bone. Osteoblasts are present on the surface of the bone in form of 

continuous sheet, extending the cellular processes through the developing bone. These cells originate 

from the differentiation of osteogenic cells in the periosteum, on the surface of bone tissue and in 

endosteum of bone marrow. These cells are surrounded by the growing bone matrix and eventually, 

trapped in the calcified matrix and differentiate into less active osteocytes. Many cell products are 

produced by osteoblasts such as growth factors, enzymes alkaline phosphatase and collagenase, 

hormones, collagen and unmineralized organic component of bone called osteoid. They serve as seeding 

sites for hydroxyapatite formation through the mineralized enzymatic accumulation of calcium and 

phosphate [18]. 

1.2.1.4.Osteoclasts 

Osteoclasts are large, polarized and multinucleated resorbing cells that differentiate from the monocyte-

macrophage lineage cell. They are involved in bone matrix resorption by solubilization of both the 

mineral and organic components of the bone matrix. These cells migrate from the bone marrow to sites 
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of resorption on the surface of the bone. Osteoclasts selectively recognize their fusion partners followed 

by cell-to-cell fusion and maturation. These cells express the enzyme tartrate-resistant acid phosphatase 

(TRAP), vacuolar proton ATPase, calcitonin receptors and vitronectin receptors [19]. 

1.3.  Bone growth and bone remodeling  

The process of bone tissue's development and growth is called osteogenesis or ossification. The internal 

structure of bone undergoes continual changes in response to functional demands, that occur by the 

activity of osteoclasts and osteoblasts.  After the formation of osteoblastic lines, progenitor cells undergo 

three stages of cell differentiation development, including proliferation, maturation of matrix and 

mineralization. There are two different types of ossification processes occur in bone growth, based on 

their embryological origin: first is the intramembranous ossification, which involves the direct 

differentiation of mesenchymal cells, found in primitive connective tissue, into osteoblasts within the 

ossification center. This process occurs without prior cartilage formation and is observed in various 

cranial bones, such as the mandible, maxilla and skull bones. The second is the endochondral ossification, 

which involves the initial formation of cartilage, followed by the mineralization of bone tissue. Bone 

formation occurs directly during intramembranous ossification, mesenchymal cells proliferate into sites 

with high vascularization in embryonic connective tissue during the development of cell condensation or 

primary ossification center. Mesenchymal cells continue to differentiate into osteoblasts, located in the 

periphery, which synthesize new bone matrix. After that, mature lamellar bone will reshape and replace 

the bone. The primary ossification center will be formed by endochondral ossification and the cartilage 

will expand further by chondrocyte proliferation and cartilage matrix deposition. Chondrocytes in the 

center of the cartilage start to mature into hypertrophic chondrocytes after this stage of development. 

After the formation of the primary ossification center, the marrow cavity starts to expand towards the 

epiphysis. The subsequent endochondral ossification phases will later occur in different regions of the 

bone [20]. 

Bone growth is influenced by several genetic and environmental factors, including hormone influences, 

dietary factors and mechanical stimuli. The growth rate is not necessarily similar throughout all regions, 

because the internal pattern of the spongiosum depends on the direction of bone pressure. For example, 

the proximal end of the humerus grows more quickly than the distal end. The direction of bone growth 

within the epiphysis plane is dependent on the direction and arrangement of the pressure line. The 

deposition of new bone in the form of circumferential lamellae under the periosteum is responsible for 
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the increase of bone thickness or width. As the bone formation continues, the lamella will get embedded 

inside the newly formed bone surface and subsequently replaced by the haversian canal system [20, 21]. 

The bone is a dynamic connective tissue that is continuously regenerated by longitudinal and radial 

growth, modeling and remodeling, reaching complete bone tissue renewal every 10 years and it persists 

throughout the life shown in Figure 1.3. Both bone modeling and remodeling occurs during early 

childhood. Bone modeling is a prominent process throughout the childhood, whereas bone remodeling 

predominates in adulthood. Bone growth occurs in the bones longitudinally and radially during childhood 

and adolescence, while it occurs longitudinally in the growth plates, where cartilage proliferates before 

undergoing mineralization to primary new bone formation [22]. 

 

Figure 1-3: Bone remodeling process [23] 
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Bone modeling describes as either bone formation by osteoblasts or bone resorption by osteoclasts on 

the surface of bone. The primary function of bone modeling is skeleton development and growth and 

primarily serves to reshape the bone in response to physiologic influences or mechanical forces and their 

movement through space. Despite the formation and resorption modeling are locally independent, they 

are not globally independent because both processes occur at same time throughout the skeleton 

development and must be coordinated to bone shape. Local tissue strain serves as principal signal for 

bone modeling. The formation modeling process stimulates to add new bone matrix if local tissue strain 

exceeded a certain threshold, whereas resorption modeling process is started if strain is low [24].   

Bone remodeling involves sequential osteoclast-mediated bone resorption and osteoblast-mediated bone 

formation at the same surface of bone. The term “bone remodeling” refers to a complex biochemical 

process involving the degradation and formation of the mineralized bone via bone cells to maintain the 

bone strength and homeostasis. Bone remodeling process involves continuous replacement of discrete 

packets of old bone with new synthesized proteinaceous matrix through the coupled activity of 

osteoblasts and osteoclasts, to prevent accumulation of bone microdamage. Bone remodeling process is 

more frequent than modeling in adults. The remodeling process begins before birth and continues until 

death. The process of remodeling often referred as remodeling cycle consists of five sequential phases: 

activation, resorption, reversal, formation and quiescence. The entire remodeling cycle normally takes 

average 4-6 months in heathy humans and can be highly altered by bone disease. The activation stage 

involves recruitment and activation of monocyte-macrophages osteoclast precursors to the bone surface 

followed by their differentiation and fusion to form multinucleated preosteoclasts. The resorption stage 

involves the osteoclasts resorb bone and the in-reversal stage, osteoclast undergoes apoptosis and 

osteoclast are recruited. During the bone formation stage osteoblasts lay down into new unmineralized 

organic bone matrix [15]. The process of bone-repairing through different stages are shown in Table 1-

I. 
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Table 1-I: The bone-healing process and its stages [25]. 

 

 

 

 

 

 

Early inflammatory 

stage 

 

Hematoma development: Hematomas develop within hours of an injury, when blood 

flows into the wound. 

Granulation tissue formation: Macrophages, monocytes, lymphocytes and 

polymorphonuclear cells are just some of the inflammatory cells that enter the site of 

injury via the circulation. Prostaglandin facilitates the infiltration of fibroblasts into 

bone. The mixture of these components produces granulation tissue. 

Ingrowth of vascular tissue: Granulation tissue is formed by inflammation cells, 

which also promote vasculogenesis. 

Migration of mesenchymal cells: Inflammatory cells that are present in the wound 

are responsible for stimulating final process. 

 

 

 

 

 

 

 

 

Repair stage 

Stroma formation to support vasculature: Fibroblasts produce stroma at the initial 

stage of the healing process. The goal is to promote the development of vasculature. 

Vascular ingrowth progress: The formation of the stroma allows for the subsequent 

growth of vascular tissue, which then supplies nutrients to the wound. 

Mineralization of the osteoid: Osteoblasts are responsible for the deposition of the 

collagen matrix, which is subsequently followed by mineralization. 

Soft callus formation: The mineralization of the osteoid tissue results in the 

development of a callus, which is a soft tissue that surrounds the wound. The soft 

callus is an extremely weak structure that will eventually harden into the ossified 

callus. During this period, any movement between bones can cause macrotrauma, 

which can hinder the healing process. 

Woven bone formation: Both of the extremities of the bone are joined by a woven 

bone structure as the callus ossifies. 

Remodeling stage Bone returns to original structure: Bone regeneration is the final and longest step of 

the healing process, take at least three months and continue for the rest of the bone's 

natural lifespan. Adequate mechanical loading is one factor that influences the time 

required for bone remodeling. This enables organic matrix mineralization where it is 

needed and for bone to be resorbed where it is not. 

 

1.4.  Clinical needs: reconstruction of critical and load-bearing bone regions. 

Natural bone has the ability to repair itself through a very well-studied healing cascade in response to 

injury, as well as during skeletal development and growth throughout adult life. The process of bone 

regeneration involves a well-orchestrated sequence of biological events, including bone induction and 

conduction. This process involves various types of cells and molecular signalling pathways within the 

cells and external environment, with a definable temporal and spatial sequence to enhance bones repair 

and restore skeletal function. In the clinical context, the fracture repair is most common form of bone 

regeneration, in which the pathway of normal foetal skeletogenesis is replicated, including both 

intramembranous and endochondral ossification pathways. Unlike to other types of tissues, the bone 
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healing process often does not include the formation of scar tissue and regenerated with many of its pre-

existing qualities restored and finally becomes indistinguishable to the adjacent healthy bone. However, 

bone formation may be impeded in certain situations of fracture healing; for example, up to 13% of tibial 

fractures are linked to delayed union or fracture non-union. Furthermore, there are other conditions in 

the field of orthopaedic surgery and oral and maxillofacial surgery that require an extensive level of bone 

regeneration, exceed the intrinsic self-healing ability of bone and consequently bone repair is delayed 

and impaired, referred as critical bone defects. Calculating the volume of a critical bone defect, especially 

a cranio-maxillofacial bone defect, is a challenging task since the criticality of a defect depends on a 

number of criteria, including its location, size, depth, surrounding tissue vascularity, and patient-specific 

characteristics. Several studies have claimed that the diameter of defect ≧4 mm in the mandibular sites 

is a critical size to evaluate bone repair in the guided bone regeneration (GBR) therapy paradigm [26]. 

Such situations require skeletal reconstruction to address critical bone defects in which the regenerative 

process is hindered due to avascular necrosis and osteoporosis [27].  

However, the reconstruction of critical and load-bearing bone defects caused by trauma or disease is still 

a major challenge for orthopaedic surgeons. Table 1-II, summarizes the most common causes of critical 

bone defects and lists the risks associated with leaving these defects untreated. Such type of defects 

requires extra treatment with porous bone substitutes (scaffolds) able to fill the bone gap and function as 

a physical bridge permitting colonization by bone and vascular cells and regrowth of bone tissue with 

pre-existing functions.  

Table 1-II: Different causes and consequences of untreated critical bone defects   [28] 

Trauma injuries Blast injuries: These kinds of injuries are quite prevalent among armed military 

personnel. The injury caused by the explosion of a weapon or explosive device is of 

a serious nature, as it not only affects the skeleton structure, but also the muscles, 

circulation of blood and neurological system. 

Fractures and sport injuries: These kinds of bone fractures are frequently segmental 

and are distinguished by broken and shattered fragments of bone. The gap between 

the two extremities develops after the removal of the fractured part by surgery. 

Degenerative diseases Conditions like bone cancer (which requires tumour resection and reconstruction), 

osteoporosis, osteoarthritis, common infections, correcting genetic deformities and 

pathological degenerative bone destruction all fall into this category. The bone in 

these conditions is either abnormally weak and required to be eliminated to avoid 

disease transmission. Therefore, large segments of bone are missing or medically 

removed and must be restored. 
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Critical bone defects are emerging as a significant concern across diverse anatomical regions, as a result 

of extensive trauma, tumour excisions and congenital disorders that can cause serious damage resulting 

in noticeable dysfunctions and deformities. These defects are commonly addressed through bone grafting 

with substitutes such as autogenous, allogeneic or xenogenic bones. However, despite the many 

advantages of these grafting technique, there are some drawbacks such as the risk of infections, donor-

site morbidity, multiple surgeries, limited availability, blood loss, long stays in hospitals, post-operative 

complications and immune rejection. In addition, existing grafts pose certain limitations in 

simultaneously achieving both morphological and functional repair of three-dimensional bony parts, 

particularly when load-bearing bones such as craniomaxillofacial or spinal bone or the limbs are involved 

[29]. Thus, the development of synthetic bone scaffolds is considered as a highly desired solution since 

decades [30-32]. Nevertheless, in spite a variety of scaffolds have been developed and some of them are 

clinically used [33], extensive bone regeneration is still a clinical challenge. 

The mechanical properties of scaffolds play a crucial role in tissue engineering applications, particularly 

in craniomaxillofacial and spine bone repair, where scaffold qualities have utmost significance. The bone 

exhibits many significant mechanical characteristics, including Young's modulus, toughness, shear 

modulus, tensile strength, fatigue strength and compressive strength. Mimicking the mechanical 

characteristics of bone at a macroscopic level is crucial for a bone scaffold during the implantation period, 

as well as for maintaining these qualities to support the regeneration of new tissue [34-36].  

The desired scaffold should meet the following criteria: deliver and/or recruit native stem cells into the 

defect site, allow vascularization and new bone tissue formation, facilitate exchange of nutrient and 

oxygen in vivo, incorporate growth factors into biomaterial scaffolds, stand a high structural load-bearing 

capacity; and ability to support and balance new bone tissue formation and scaffold degradation. These 

requirements appear to be critical for effective regeneration of load-bearing bones [37].  

1.4.1. Reconstruction of craniomaxillofacial and spinal bone defects  

The maxillofacial and spinal bone are the most exposed region of the body and is highly vulnerable to 

trauma and disease. Particularly, the reconstruction of maxillofacial defects is still a big challenge for 

surgeons due to the need to comply with strict mechanic, aesthetic and functional requirements, which 

are made hard to achieve, also due to the complex and intricate bone structure and geometry in such 

anatomical areas, involving different curvature planes and different thicknesses [38]. Indeed, facial 

muscles are among the strongest ones in human body, and they are responsible for a wide range of 
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actions, including talking, chewing and facial expressions. The mechanical aspect of craniomaxillofacial 

bone repair refers to the ability of the implant to withstand the forces exerted by the facial muscles. 

Hence, a bone implant must be strong enough to prevent deformation and displacement, but a key 

requirement is also its biocompatibility and bioactivity relevant for bone regeneration [39].  

Mechanical failures may be caused by issues arising from excessive load and functional stress, leading 

to structural failure in both the implants and the supporting prosthetic systems. Therefore, the mechanical 

characteristics of these materials play a crucial role in determining their in vivo performance. It is crucial 

to carefully plan the position and number of implants to ensure the long-term preservation of prosthesis. 

The establishment of a direct connection between the implant and bone, known as osseointegration, 

results in increased functional stress on both the prosthetic parts of the implants and the antagonistic 

components that interact with the implant prosthetics. The efficacy of implants is dependent upon several 

factors, including the recipient's overall health status, the potential interactions between drugs and 

osseointegration and the oral tissue condition [40].  

The mechanical properties of scaffolds have to be designed to be close to the native tissues being repaired. 

After production, characterizing the mechanical properties of the scaffolds is essential prior to 

implantation to ensure good performance and the success of subsequent repair procedures [41]. 

Spinal bone defects are a major clinical problem, affecting millions of people worldwide. Spinal bone 

defects can lead to a number of serious complications, including pain, instability and nerve damage. 

There is a growing need for new and improved treatments for spinal bone defects.  One of the main 

challenges in treating spinal bone defects is that the spine is a complex and delicate structure and 

reconstructing a spinal defect without affecting the function of the spine is difficult. The location of the 

defect, the size of the defect, the condition of the surrounding tissues and the patient's health can all affect 

the difficulty of reconstruction. Any surgical intervention carries the risk of damaging nerves or spinal 

cord. Additionally, the spine is constantly under load, which can make it difficult for bone grafts to heal 

properly.  

There have been significant advances in spinal reconstruction in recent years such as computer-assisted 

surgery (CAS) and minimally invasive surgery (MIS), making possible to reconstruct even complex 

spinal defects with a high degree of success [42]. The crucial challenges for successful biomaterial 

scaffold improvement lies in the achievement of multilayer controlled local drug release and in-vivo 

degradation. To address these problems, materials which exhibits tunable biodegradation, heterogeneous 
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regulatory facilities, simultaneous guided bone tissue regeneration and comparable mechanical 

properties of bone tissue are in great demand for vertebroplasty [43]. 

1.4.2. Craniomaxillofacial Anatomy, Defects and Surgery. 

The human skull is a brain protective cavity, composed of four different types of bone such as cranial 

bones, ear ossicles, facial bones and hyoid bone (Figure 1.4). The function of skull is protection of brain, 

support the face and fix the position of the eyes and ears in order to enable stereoscopic vision and sound 

localization [44]. Like other skeleton bones, it’s also composed of compact and spongy bone and divided 

into two parts; neurocranium, which refers to the bone surrounding the brain and viscerocranium, 

referring to the bone surrounding the face. The adult skull is normally composed of 22 bones, joined with 

each other by sutures except the mandible [45].  

 

Figure 1-4: The sutures of human skull 

The craniomaxillofacial region is composed of skull and jaw. Commonly, cranial and maxillofacial 

defects occur due to trauma, congenital abnormalities, tumours, deformities, sports injuries, surgical 

defects and periodontal diseases, affecting both function and aesthetics. The most common critical bone 
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defects in craniomaxillofacial are generally described as skull fractures and jawbone fractures that can 

impair the person’s ability to breathe, speak, chew and listen as well as prolonged psychological 

difficulties, permanent disability and death. The common craniomaxillofacial surgeries are cranial 

surgery, mid-face surgery, mandibular surgery, orbital floor reconstruction surgery. It is reported that 

road accidents are linked with 50% of mortality. Cranial injury is higher in adults’ people, of age 15-24 

years due to accidents. Cranial surgery is described as the surgical repair of skull bone defects after a 

serious injury (Figure 1.5) [46]. 

The history of CMF surgery is very old, the first recorded attempt for craniomaxillofacial surgery is from 

ancient Egypt, where trephination or creating holes in the skull was used to treat fractures and injuries of 

the skull and face. The first time craniofacial surgery by bone grafting procedure was reported in a book 

by Job Janszoo van Meekeren, a surgeon in Amsterdam [47]. In 1967, the first time Paul Tessier 

presented the idea of craniomaxillofacial surgery at a meeting in Rome, Italy, emphasizing the challenges 

of the biology and anatomy between the cranium and the face. Over the past couple of centuries, many 

technologies and materials for maxillofacial surgery have been developed [48].  The reconstruction of 

cranial and maxillofacial defects is very important for human survival since the brain needs permanent 

protection and the segmental jaw requires mechanical integrity, temporomandibular joint function and 

intermaxillary dental occlusion. Nowadays, CMF devices in market with their advantages and 

disadvantages are listed in Table 1-III.  

Table 1-III: The main cranio-maxillofacial devices available in the market. 

Device Description Indications Pros Cons  

Plate and Screw 

Fixators 

Inflexible 

metallic 

implants used 

to hold bones 

in place after 

surgery or 

trauma  

Craniofacial 

reconstruction, 

orthognathic 

surgery, fracture 

fixation 

Customizable, 

highly stable and 

efficient, 

versatile 

Associated to 

potential issues such 

as infection, 

malunion, failure to 

heal, and may need 

the removal of 

implants. 

[49] 

Distraction Systems Devices that 

progressively 

lengthen bones, 

usually with 

the purpose of 

repairing 

abnormalities 

Diverse facial 

irregularities, 

including lip 

and palate 

malformations 

and jaw joint 

dysfunctions 

Offers controlled 

bone 

lengthening, 

treats a variety of 

deformities, and 

produces good 

cosmetic and 

Compared to plate 

and screw fixation, it 

is more intricate to 

utilise and may 

necessitate regular 

modifications. 

[50] 
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or enhancing 

functionality. 

functional 

results. 

Temporomandibular 

Joint (TMJ) 

Prostheses 

Implants used 

to replace or 

restore the 

TMJ, the joint 

connecting the 

jawbone to the 

skull. 

TMJ 

reconstruction, 

TMJ disorders  

Relieve pain, 

reconstruct TMJ 

after trauma or 

surgery, improve 

jaw function 

Expensive, may not 

be reimbursed by 

insurance, need extra 

placement/removal 

procedures 

[51] 

Bone Grafts Pieces of bone 

transferred 

from one place 

of the body to 

another to treat 

bone defects. 

Promote bone 

healing and 

regeneration 

Can promote 

bone healing and 

regeneration, fill 

in large defects  

Requires extra 

surgery to harvest the 

graft, may not be 

accessible in all 

cases 

[52] 

Patient-Specific 

Implants (PSIs) 

Custom-made 

implants 

developed 

by using 3D 

imaging 

technology. 

Maxillofacial 

defects, TMJ 

reconstruction, 

bone 

augmentation 

Precisely suit the 

patient's 

anatomy and 

function, may 

decrease need 

for bone 

transplants and 

dissection 

Custom-made 

implants are pricier 

than pre-made ones 

and may require a 

longer fabrication 

time. 

[53] 

Biomaterials Materials such 

as polymers, 

ceramic, used 

to replace or 

augment bone 

tissue. 

Cranio-

maxillofacial 

defects 

Biocompatible, 

resorbable, can 

restore bone 

structure 

May exhibit poor 

strength and 

durability compared 

to natural bone, 

perhaps necessitating 

supplementary 

removal or 

replacement 

treatments. 

[54] 

 

From a wide range of treatments, bone grafting is considered as a gold standard for treatments of skull 

and maxillofacial critical defects [55]. Bone grafting is a surgical procedure that is used to implant 

material into bony defects. The reconstruction of bone healing occurs through different mechanisms such 

as osteoinduction, osteoconduction and osteogenesis [47].   
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Figure 1-5: Craniomaxillofacial defects with customized scaffolds 

Biomaterial approaches allow for patient-tailorable options as well as these typically being easier to 

modify, enabling changes in bioactivity, mechanics and drug-loading to improve regeneration and anti-

bacterial properties [56-59].  

The most common synthetic craniomaxillofacial devices in the market are customized/patient-specific 

implants and standard implants made from a range of materials such as metals, polymers, 

bioabsorbable materials and ceramics [60]. For example, the Midface 1.5mm/2.0mm Titanium system 

for CMF by ZIMMER BIOMET, USA, the Midface Titanium system offers versatile plating options 

including generic meshes and preformed orbital plates that can be used in multiple maxillofacial 

procedures (Figure 1.6a). Titanium 3D-printed plates & implants by DEPUY SYNTHES, USA, are 

manufactured by Selected Laser Melting (SLM) of commercially pure grade 2 titanium powder 

(CPG2Ti), layer by layer, using a high-power laser (Figure 1.6b). Osteoplug™ by Osteopore, UK, is a 

bioresorbable cranial implant that is used for covering trephination burr holes in neurosurgery. Its 

interconnecting porous matrix architecture allows it to be rapidly saturated with marrow, blood and 

nutrients for bone growth and remodeling (Figure 1.6c). LithaBone HA 480 was developed by Lithoz 

GmbH, Wien, Austria. The slurry, designed and produced by Lithoz, comprises hydroxyapatite powder 

and a photocurable binder matrix containing solvent, reactive monomers based on acrylates and 

methacrylates and photoinitiator (Figure 1.6d). Mybone by Cerhum, Belgium (Figure 1.6e) and Custom-

Bone by Finceramica, S.p.A, Faenza, Italy (Figure 1.6f) are the most common implants devices in the 

market for craniomaxillofacial bone regeneration applications (Figure 1.6).  
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Figure 1-6: Different commercial craniomaxillofacial bone. 

The Custom-Bone for regenerative cranial bone defects is made of porous HA, a biocompatible and 

osteoconductive calcium-phosphate material. In particular, manufacturing process of custom-made 

implants (Finceramica) starts with the acquisition of raw digital data through a CT scan. The data is then 

extensively processed to generate a 3D computer reproduction of the patient's skull, which is essential 

for constructing a 3D synthetic model using stereolithography. The initial prototype of the implant is 

created from this model and a thorough review is conducted with the surgeon to allow for potential 

modifications that may lead to better patient outcomes and surgical feasibility. Upon approval by the 

surgeon, the final implant is produced via the Replica method, undergoes rigorous refinement, quality 

control and sterilization before being shipped to the hospital for implantation. This method ensures the 

production of a custom-made implant that meets both the aesthetic requirements of the patient and the 

technical needs of the surgical procedure. 

1.4.3. Spine anatomy, defects and surgery  

The vertebral column of a human, also known as spine or backbone is a bony structure that houses the 

spinal cord and connect the head to pelvis are shown in Figure 1.7. The most crucial role of vertebral 

column is to protect the spinal cord which serves as the entire body’s nerve supply, originating in brain. 

Together with this primary function, it also supports the body mass and enables mobility and flexibility 
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while protecting against outer impact. The vertebral column is connected to the ligaments and muscles 

of trunk for postural control and backbone stability. The vertebral column can be divided into five 

sections such as cervical, thoracic, lumbar, sacrum and coccyx. All these sections are made of 33 bones 

stacked on each other to form the spinal canal [61].  

The cervical section of vertebral column composed of 7 vertebrae from C1 to C7 and 6 intervertebral 

discs that connect head to the top of trunk where ribs start. The main function of the cervical part is to 

support the head and neck load, allow to rotate and protect the spinal cord extended from brain. The 

thoracic section of vertebral column is composed of 12 vertebrae from T1 to T12 and 12 intervertebral 

discs that connect cervical bottom to the top of lumbar. The primary functions of the thoracic part include 

protection of the spinal cord and heavy load bearing, supporting posture and stability of the trunk and 

connecting the rib cage that protects and houses vital organs, such as the lungs, liver and heart. The 

lumbar is composed of 5 vertebrate and 5 intervertebral that connect the thoracic bottom to sacrum 

biggening. The important functions of lumbar include the spinal cord protection during locomotion and 

trunk bending/torsion, providing maximum stability while maintaining crucial mobility of the trunk about 

the hips/pelvis. The sacrum section is composed of 5 fused vertebrae that connect the trunk to the lower 

body and serve as a bridge between the spine and hips. The coccyx section is composed of 4 fused 

vertebrate that is connected with sacrum bottom. Th coccyx provides attachment sites for  ligaments, 

pelvic tendons and muscles which support body while sitting position [62].  
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Figure 1-7: The structure of segments of the spine [63]. 

The spine protects our nervous system, provides flexibility for daily activities and supports the weight of 

the body. It is subjected to various physical loads including bending and twisting moments, compression 

and tension. Spine disorder leads to back pain, neurological problems and movement challenges. It occurs 

due to inflammation infections, tumours and degenerative wear and tear that comes with the natural aging 

process. Low back pain is the most common problem reported in various studies [64, 65]. It is reported 

that the human population up to 80% have low back pain experienced during daily activities and overall 

low back pain burden of 21.8 million disability-adjusted life years because of work ergonomic exposures.  

The most common causes for low back pain are degenerative diseases such as disc herniation, 

osteoporosis and stenosis, which need conservative treatment (non-surgical interventions) or non-

conservative treatment (surgical interventions). The surgical intervention treatments are broadly 

categorized into two surgeries fusion and non-fusion. The fusion treatment is considered as a gold 

standard in which various prostheses such as plates, pedicles screws, cages and rods are used to fuse the 

concerned spine segments [66]. Various studies have been reported for various surgical approaches and 

prosthesis designs on the clinical needs of spine surgeries are shown in Table 1-IV  [42, 67].  
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Table 1-IV: Various surgical approaches and prosthesis designs for the clinical needs of spine surgeries 

[68]. 

Approaches Description Pros Cons 

Posterior spinal 

fusion 

A surgical treatment that 

combines many vertebrae 

into one, usually with the use 

of bone transplants and metal 

implants 

Useful in stabilizing the 

spine and halting the 

progression of deformities; 

applicable to the treatment 

of scoliosis, kyphosis, and 

lordosis, among others. 

- Possible extensive surgery 

requiring a lengthy period 

of recuperation.  

- Extra operations, such 

removing implants or doing 

bone grafting, may be 

necessary. 

Interspinous 

process devices 

(IPSDs) 

Intervertebral implants are 

surgically placed between 

the spinous processes of 

many vertebrae to enhance 

stability and alleviate 

discomfort. 

- Minimally invasive 

compared to surgical 

procedures.  

- Can effectively address a 

range of spine conditions, 

such as spondylosis, facet 

arthritis, and spinal stenosis. 

- May lack efficacy for 

some categories of spinal 

abnormalities.  

- May be necessary to 

undergo many operations in 

order to get the desired 

result. 

Anterior spinal 

fusion 

A surgical treatment that 

involves fusing two or more 

vertebrae together from the 

front of the spine, generally 

utilizing bone grafts and 

screws. 

- May exhibit a lower 

degree of invasiveness 

compared to posterior spinal 

fusion.  

- Could potentially be a 

more favorable alternative 

for people presenting 

certain sorts of spinal 

abnormalities. 

Posterior spinal fusion may 

be more successful than 

this method for stabilizing 

the spine. - This method 

may need a longer period of 

rehabilitation. 

Kyphoplasty A non-invasive technique 

that raises and realigns a 

collapsed vertebra by 

injecting it with bone cement 

- Minimally invasive 

compared to surgical 

procedures.  

- Can be used for the 

treatment of spinal 

compression fractures 

.- May lack efficacy for 

some categories of spinal 

defects. 

- May require multiple 

procedures to achieve the 

desired outcome. 

Vertebral 

augmentation 

A minimally invasive 

procedure in which a bone 

substitute material is injected 

into a fractured or 

compromised vertebra in 

order to enhance its strength 

and stability. 

- Minimally invasive 

compared to surgical 

procedures.  

- Can effectively address a 

range of spinal 

abnormalities, such as 

vertebral compression 

fractures and osteoporotic 

spondylosis. 

- May lack efficacy for 

some categories of spinal 

abnormalities.  

- It may be necessary to 

undergo many operations in 

order to acquire the desired 

result. 

The non-fusion surgery is a useful approach that can eliminate the pain while preserving the motion of 

spine segments but high rate of failures of existing devices is a matter of concern. So, minimally invasive 

spine surgery is possible an alternative solution that involve the injection of a biomimetic bone cements 

into defected sites to provide the relief from back pain and mechanical support [69, 70]. Minimal invasive 

surgery reduces the incision size as well as decreases the length of patient stay in hospital, lead to less 
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blood loss, less pain and less tissue trauma, while simultaneously allowing for better postoperative 

immune function [71]. Infuse Bone Graft by Medtronic, USA are the commercial implant used for spine 

repair [72].  

1.5. Key materials for bone scaffolding 

It is imperative to say that the properties of a scaffold are determined by the synthesis approach and 

materials used for its development. The prerequisites for the selection of material to fabricate scaffolds 

for bone regeneration applications are specifically centred around their structure and form, molecular 

weight, surface energy, material chemistry, solubility, lubricity, hydrophilicity, hydrophobicity, erosion 

and water absorption capacity, degradation mechanism and intended application. Metals, glasses, alloys, 

polymers, ceramics and their composites are some of these materials that have gained a lot of attention 

recently owing to their distinctive features ( Table 1-V) [73].  

Table 1-V: Materials that are now under investigation for bone tissue regeneration [74]. 

Material Type Description Key Properties Potential Drawbacks 

Calcium 

Phosphate 

A broad class of bioceramics 

including HA, TCP, and 

BCP, A natural bioceramic 

mimicking bone mineral 

structure 

Biocompatible, osteoconductive, 

good mechanical properties, 

controllable degradation rate, 

extensive clinical experience 

Brittleness 

Polymers Synthetic or natural 

polymers, such as PLA, 

PGA, and chitosan 

Biodegradable, customizable, 

tunable properties, low cost 

May exhibit lower 

biocompatibility than 

ceramics 

Natural 

Materials 

Biomaterials derived from 

nature, like collagen, silk, 

and alginate 

Biocompatible, biodegradable, 

highly porous for cell 

infiltration, often possess good 

mechanical properties 

Less consistent and 

reproducible than 

synthetic polymers 

Hybrid 

Materials 

Combinations of different 

materials, such as HA with 

polymers or natural materials 

Combine advantages of multiple 

materials, enhance mechanical 

properties, biocompatibility, and 

degradation rate 

More complex 

fabrication and 

characterization 

Engineered 

Nanomaterials 

Nanoscale materials with 

specific structures and 

properties, like nano-HA and 

carbon nanotubes 

High surface area for cell 

attachment and growth, 

improved mechanical properties 

and drug delivery 

Difficult to control, 

potential long-term 

effects unknown 

 

Advances in materials science have led to the development of bioceramics, such as hydroxyapatite and 

tricalcium phosphate, which are more compatible with bone tissue because mineral phase of bone are 

mainly composed of hydroxyapatite but may have limited mechanical strength. Bioactive glasses and 
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composites incorporating polymers or natural materials have also been explored, offering a compromise 

between bioactivity and strength. 

1.5.1. Calcium phosphates 

Calcium phosphates are known as the major inorganic part (~60%) of the natural human bones. 

Therefore, calcium phosphates have been considered a potential candidate for bone regeneration 

applications, due to their osteoconductive and osteo-inductive properties [75]. There are different types 

of calcium phosphate-based on composition and physio-chemical properties, are currently being 

investigated for orthopaedic applications are shown in Table 1-VI. 

Table 1-VI: Various calcium phosphates with their respective Ca/P ratios [76] 

Name Formula Acronym Ca/P  

Hydroxyapatite Ca10O(PO4)6(OH)2 HA 1,67  

Amorphous calcium phosphate Ca10-xH2x(PO4)6(OH)2 ACP   

Dicalcium phosphate CaHPO4 DCPA 1,0  

Dicalcium phosphate dihydrate CaHPO4·2H2O DCPD 1,0  

Tetracalcium phosphate Ca4O(PO4)2 TetCP 2,0  

Tricalcium phosphate (α,β,γ) Ca3(PO4)2 TCP 1,50  

Octacalcium phosphate Ca8H2(PO4)6·5H2O OCP 1,33  

Calcium pyrophosphate (α,β,γ) Ca2P2O7 CPP 1,0  

Calcium pyrophosphate dihydrate Ca2P2O7·2H2O CPPD 1,0  

Tetracalcium dihydrogen phosphate Ca4H2P6O20 TDHP 0,67  

Calcium metaphosphate (α,β,γ) Ca(PO3)2 CMP 0,5  

Heptacalcium phosphate Ca7(P5O16)2 HCP 0,7  

Monocalcium phosphate monohydrate Ca(H2PO4)2·H2O MCPM 0,5  

Among various types of calcium phosphates, hydroxyapatite (HA) with a chemical formula 

(Ca10(PO4)6(OH)2), is the most used bioceramic for bone regeneration due to its excellent 
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biocompatibility, osteoinductivity and biodegradability, since its composition is very close to the mineral 

component of bone. For this reason, bone scaffolds prepared with HA have the ability to stimulate new 

bone formation by promoting cell attachment, proliferation and differentiation with very low degradation 

rate. Beta-tricalcium phosphate (β-TCP) is the second most widely used bioceramics for orthopaedic 

applications. β-TCP degrades much faster than HA, also stimulating osteogenic differentiation of stem 

cells and new bone formation. To control the degradation rate of bioceramics, scaffolds prepared by the 

mixture of HA and β-TCP are widely considered as promising candidates for bone regeneration 

applications [77].  

Despite the numerous advantages associated with calcium phosphates, it is important to acknowledge 

certain significant drawbacks including mechanical instability, challenges in shaping and molding them 

into desired structures and geometries, as well as limited bioactivity and a slow degradation rate. One of 

the main limitations associated with hydroxyapatite refers to its unsuitability for load-bearing bone 

applications because of their inherent brittleness, which results in failure without plastic deformation, as 

well as its  poor mechanical properties and exhibits a significantly low degradation rate. 

It is well known that sintering process increases the strength of hydroxyapatite ceramics but reduces the 

bioactivity of scaffolds due to an increase in crystallinity and crystal size.  To enhance the bioactivity of 

HA ceramics, different bioactive ions such as Mg2+, Sr2+, Zn2+, Mn2+, Fe2+, Ag2+ and CO3
2− can be doped 

into HA to mimic the chemical compositions of natural HA. In addition, there are many challenges to 

process the hydroxyapatite ceramics slurries and produce porous scaffold. Moreover, since it’s a 

challenge to shape sintered scaffold because of their brittleness, researcher have to make an incision in 

the bone defect sites to fit the scaffold when utilizing hydroxyapatite scaffolds, resulting in additional 

bone loss, trauma and surgical time. 

In this context, the possibility to introduce additional inorganic phases in bioceramics opened a wider 

choice of materials for their use as implants. Some of these materials include ceramic/ceramic, 

ceramic/metal and ceramic/polymer composites. However, ceramic/polymer composites have been 

observed to release toxic components in the surrounding tissues, while metals undergo corrosion-related 

issues as the ceramic coating on the metallic implant degrades over time. Ceramic/ceramic composites 

are thought to have a better performance because they resemble bone minerals and exhibit high 

biocompatibility. Nevertheless, the biological activity of bioceramic composites has to be defined, 

especially considering the specific implantation site. Bioceramic composites have exceptional 
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biocompatibility and are non-toxic and some additional features of bioceramics composites include their 

hydrophilicity and antibacterial properties [78]. 

1.5.2. Hydroxyapatite 

Hydroxyapatite (HA) has been extensively investigated for the regeneration of bone defects, due to its 

excellent biocompatibility, osteoconductivity and osteoinductivity. The chemical formula of 

stoichiometric HA is Ca10(PO4)6(OH)2 with a Ca/P ratio of 1.67 and its elemental composition is similar 

to that of bones and teeth, making it advantageous for dental and orthopaedic applications. The most 

frequently encountered form of HA is hexagonal shape (space group P63/m) with the lattice parameters 

of  a = 9.432 Å, c = 6.881 Å and β = 120°, with two binding sites on its surface: the negatively charged 

phosphate site and the positively charged calcium site [79]. The crystalline network of HA is formed by 

compactly assembled tetrahedral PO4 groups, where P5+ ions are located at the center of the tetrahedron 

and four O atoms occupy the top. Each PO4 tetrahedron share a column and delimit two types of 

unconnected channels. The first type of channel has a diameter of 2.5 Å and is surrounded by four Ca2+ 

ions in each unit cell (Figure 1.8B). The Ca(I) ion is surrounded by three oxygen triangles, with two 

located above and below the Ca(I) ion and the third, larger triangle situated at nearly the same height 

along the c axis as the Ca(I) ion (Figure 1.8C). The second type of channel (diameter: 3–4.5 Å) is 

surrounded by six Ca(II) ions located at the periphery of the channel (Figure 1.8A). These Ca(II) ions 

are positioned in two dimensions at 1/4 and ¾, create alternating equilateral triangles around the 

helicoidal senary axis of the HA lattice (Figure 1.8D). In addition, the Ca(II) ions are coordinated with 7 

oxygen (O) atoms, six of them belonging to the PO4 tetrahedra and the remaining one comes from OH-. 

These OH- ions are positioned perpendicularly to the unit cell face and present at the column's center in 

the second type of channel. The O atom of the OH- ion is situated 0.4 Å outside the plane of Ca(II), while 

its H atom is approximately 1Å away, nearly on the triangle plane of Ca(II). The OH- ions are aligned 

along the c axis of the column to balance the positive charge of the HA crystal. Due to the dimensions of 

the two channels, Ca2+, PO4
3- and OH- can exit their lattice sites and move along the tunnel in the direction 

of the OZ axis (Figure 1.8C). Meanwhile, the remaining vacancies can be substituted by various ions or 

ion clusters without changing the crystallographic structure of HA. Hence, HA is a highly non-

stoichiometric compound and its Ca/P molar ratio can range from 1.50 to 1.67. The formula for non-

stoichiometric HA can be expressed as M10(XO4)6(Y)2, where M, X and Y may vary [80]. 
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Figure 1-8: Projection of (A) unit cell of HA; (B) arrangement of [Ca(1)O6] (C) sequence of [Ca(1)O6] and 

[PO4]; (D) sequence of [Ca(1)O6] and [Ca(2)O6] and also [PO4] in the HA [81]. 

Besides, M ions can also include monovalent cations such as Na+ and K+ or trivalent cations like Eu3+, 

while PO4
3- can be replaced by CO3

2- and HPO4
2- and OH- can be substituted by O2-, S2- and CO3

2-. 

Numerous types of HA have been reported, but those with varying morphologies, such as plates, 

nanofibers, nanorods and nanotubes, are the most frequently studied. However, several synthesis factors 

such as pH, temperature, templates used, etc., could influence the properties of HA. For intense, HA with 

different morphology, size and phase composition was investigated by adjusting the pH, temperature and 

duration of hydrothermal treatment are shown in Figure 1.9.  



42 
 

 

Figure 1-9: Effect of pH, temperature and duration of hydrothermal treatment on the phase, morphology 

and particle size of the HAP powder [82]. 

The stoichiometric HA is a white powder, while naturally occurring HA may have a brown, yellow, or 

green coloration similar to that of dental fluorosis stains. The mechanical properties of HA are influenced 

by various factors such as porosity, density, crystal size, sinterability and phase composition. The 

bending, compressive and tensile strength values of HA ceramics range from 38 to 250 MPa, 120 to 150 

MPa and 38 to 300 MPa, respectively. The young's modulus of dense HA ceramics varies from 35 to 120 

GPa, depending on residual porosity and impurities, while Weibull's modulus ranges from 5 to 18, 

reflecting the brittleness of the material. The Vickers hardness of dense HA ceramics is typically in the 

range of 3 to 7 GPa. The mechanical properties of HA bioceramics are strongly influenced by the 

microstructure and sintering ability, with densely sintered bodies having finer grains being tougher and 

stronger than porous ones with larger grains [83]. 

Hydroxyapatite (HA) has been successfully used as bone scaffolds due to its favorable biological 

properties such as biocompatibility, bioactivity, osteo-conduction, bioaffinity, osteointegration and 

osteo-induction (in certain conditions). As HA contains mainly calcium and phosphate ions, no adverse 

local or systemic toxicity has been observed in any study. Following implantation, newly formed bone 
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adheres directly to HA through a carbonated calcium-deficient apatite layer at the bone implant interface. 

The HA surface also supports the adhesion, growth and differentiation of osteoblastic cells and new bone 

is deposited through the creeping substitution from the adjacent living bone. Additionally, HA scaffolds 

can serve as delivery vehicles for cytokines that have the ability to bind and concentrate bone 

morphogenetic proteins (BMPs) in vivo [84].  

The interaction between apatite and biological tissues is crucial for successful tissue regeneration. HA 

has demonstrated the ability to directly bond with bone and exhibits osteoinductivity. The specific 

mechanism behind bone induction by synthetic materials remains unclear, although factors such as 

microporosity, surface area, geometry and topography have been identified as important, with 

microporosity having a positive effect on ectopic bone formation. The biodegradation of HA occurs when 

the surrounding biofluids undergo changes and biomolecules are adsorbed onto the surface of the 

material. The physicochemical dissolution process is influenced by factors such as the surface area to 

volume ratio, fluid convection, acidity and temperature. The rate of dissolution is usually inversely 

proportional to the Ca/P ratio, purity, crystal size and surface area of the HA [85].  

The degree of porosity plays a significant role in determining the bioactivity of bone scaffolds, which in 

turn influences the rate of bone regeneration, local environment and equilibrium of new bone at the site 

of repair. The pore interconnectivity, geometry, topography and porosity influence osteogenesis, which 

synergistically enhances the osteoconductivity and inductivity potential of bone graft. Several studies 

have been conducted in recent years to understand the potential of HA to induce bone growth [86]. 

The biological apatite is characterized by their nano-sized plate-like crystals, which are typically a few 

nanometers thick and a few tens of nanometers long are shown in Figure 1.10. Nano-sized HA has been 

widely recognized as a promising strategy to address the limitations of conventional forms, owing to 

their large surface area to volume ratio and unusual chemical/electronic synergistic effects. It is 

anticipated that nanocrystalline HA exhibits enhanced bioactivity and dissolution rates as compared to 

its coarser crystals. Furthermore, nanostructured biomaterials have been demonstrated to promote 

osteoblast adhesion and proliferation, osseointegration and deposition of calcium-containing minerals on 

their surface [87]. 
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Figure 1-10: The hierarchical structure of collagen and hydroxyapatite as main constituents of bone 

tissue. 

Furthermore, biological HA is significantly different from synthetic HA in terms of chemical 

composition, due to multiple ion exchanges within the local microenvironment, e.g., Mg2+, Zn2+, K+, 

Sr2+, Fe2+, Mn2+, Mo3+, Cu2+, Ni2+ and CO3
2− (Figure 1.11).  This doping significantly affects a lot of 

powder features including particle size, morphology, crystallinity, thermal stability, solubility and 

degradation rate. Therefore, ionic substitution during the synthesis was proposed as a valuable approach 

to modulate some features of HA, possibly enhancing the degradation rate and the densification by 

sintering to improve the mechanical properties [88].  

 

Figure 1-11: The doping of hydroxyapatite with many other ions. 
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1.5.2.1. Ion-Doping 

To mimic the chemical composition of biological HA containing trace ions, different ions such as Mg2+, 

Sr2+, Zn2+, Mn2+, Fe2+, Ag2+ and CO3
2− can be engaged into synthetic HA lattice (Table 1-VII). These 

ions are capable to influence the crystallinity, grain size, morphology and surface characteristics of HA 

powders which alter the bioactivity, mechanical and solubility of HA scaffolds. Moreover, the thermal 

treatment of ion-doped HA frequently generates bi-phasic materials mainly composed of HA and β-

tricalcium phosphate (β-TCP), inside of which foreign ions partially replace calcium ions. Overall, the 

presence of β-TCP in HA scaffolds enhance the degradation rate due to its higher solubility, which could 

accelerate bone formation and osseointegration and superior mechanical properties upon implantation 

compared to pure HA [89].   

In particular, the Mg2+ and Sr2+ substitution into HA structure has been extensively studied due to their 

important role in the human body, since Mg2+ and Sr2+ ions are considered as particularly essential trace 

elements that are naturally found in human bones and play an important role in stimulating osteoblast 

differentiation and inhibiting the formation of osteoclasts [90-94].  

 

Table 1-VII: Most common ions substitution and their influence on HA structure and biological 

properties of hydroxyapatite. 

Ions Role in HA Structure Effect on Biological Interaction 

Mg Replace Ca2+ in lattice of HA, increased crystallinity, 

stabilizes the structure. 

Improves bone cell adhesion, 

proliferation, and differentiation. 

Zn Serves as an antioxidant and guards against harm to cells. Promotes osteoblast activity and 

enhance bone formation. 

Sr Replace Ca2+ in lattice of HA, increases solubility. Increases bone growth and reduces 

resorption. 

F Substitute OH- ions in the HA lattice and increases 

hardness. 

Inhibits bone resorption, reduce 

mineralization defects, and promotes 

bone formation. 

Si Replace Ca2+ in lattice of HA, Enhances the crystalline 

structure of HA, reduces degradation, and enhances the 

mechanical characteristics. 

Facilitates the process of bone 

mineralization and stimulates bone 

growth. 

Fe Plays a role in oxygen transport and electron transfer. Enhances bone formation and wound 

healing. 

Cu Enables collagen formation and bone remodeling. Facilitate bone mineralization and 

improve bone strength. 

Mn Participates in enzyme activation and free radical 

scavenging. 

Stimulates osteoblast activity and bone 

formation. 

 

Magnesium is recognized as the primary ion capable of replacing calcium in biological apatite at a level 

of approximately 1% by weight. The role of Mg2+ ions in bone metabolism extends beyond bone 
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formation, encompassing participation in biochemical reactions and regulation of bone growth and 

metabolism. Magnesium phosphates exhibit a higher dissolution rate compared to calcium phosphates. 

Mg has been demonstrated to impede the formation of crystalline minerals, such as hydroxyapatite, 

whereas more soluble phases, such as brushite, exhibit minimal susceptibility to Mg influence. In 

particular, Mg substitution with Ca in excess of 10% inhibits the precipitation of hydroxyapatite in 

alkaline solutions and amorphous calcium phosphate or whitlockite, the Mg polymorph of β-tricalcium 

phosphate, forms instead. The incorporation of magnesium into HA results in enhanced protein 

adsorption and cell adhesion on their surface. Moreover, Mg-HA exhibits intrinsic antibacterial activity 

[95, 96]. Several synthesis approaches can be implemented to obtain Mg-doped hydroxyapatite such as 

such as wet chemical synthesis [97], hydrothermal [98], sol-gel [99] and microwave method [100]. 

Strontium (Sr2+) is a natural constituent of bones and teeth and have affinity with Ca2+ ions, thereby 

functioning as a calcium-mimetic entity with cells, influencing similar biochemical and cellular 

pathways. At low concentrations, strontium inhibits osteoclast activity, reduces bone resorption, 

stimulates osteoblast proliferation and enhances bone formation. Consequently, incorporating strontium 

into HA shows potential for locally treating bone conditions resulting from metabolic diseases, such as 

osteoporosis. A variety of techniques, such as the introduction of strontium salts in wet synthesis 

processes or using Sr-doped inorganic reactants in solid-state reactions at high temperatures, can be used 

to produce Sr-doped bioceramics. Replacing Ca2+ ions with Sr2+ ions in the crystal lattice of calcium 

phosphates typically induces lattice distortions due to the larger ionic radius of Sr2+ compared to Ca2+. 

This affects the physicochemical properties of calcium phosphates; for example, Sr2+ ions stabilize the 

β-tricalcium phosphate polymorph during thermal synthesis reactions. Additionally, previous studies 

have suggested that strontium doping leads to mechanical reinforcement, possibly due to the increased 

strength of interatomic bonds within the CaPs crystal lattice compared to calcium [29].  

1.5.3. HA Synthesis Methods  

Recent research has focused on development of synthesis processes to control the structure, size, 

morphology and crystallinity of HA nanoparticles, in order to address issues such as low surface area, 

low mechanical strength and reduced biocompatibility and bioactivity that can impede their use in 

various applications. The synthesis methods of HA nanoparticles were classified as follows (Figure 1.12): 
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Figure 1-12: Different synthesis methods of HA nanoparticles 

Wet Synthesis 

Aqueous solutions of different chemicals containing phosphate and calcium ions are used to synthesize 

hydroxyapatite (HA) crystals via precipitation. Wet chemical processes can be performed using several 

technical approaches, including conventional chemical precipitation, hydrolysis, sol-gel, hydrothermal, 

emulsion and sonochemical methods. Wet chemical methods offer precise control over particle size and 

morphology and are considered the most promising techniques for producing nanoscale HA particles 

based on statistical analysis. Nevertheless, certain wet procedures are unsuitable for large-scale HA 

production due to difficulties in controlling the crystallinity and phase purity of nanoparticles, as well as 

the technical complexity and time-consuming details involved [101]. 

Dry synthesis 

Dry methods, which do not involve the use of solvents, can be classified into two main categories: solid-

state synthesis and mechanochemical processes. These techniques offer the advantage of producing 

highly crystalline HA using relatively inexpensive raw materials. However, solid-state synthesis is 

associated with the production of large particle sizes, while the mechanochemical process yields HA with 

low phase purity. Recently, the progress in the preparation of HA via dry methods, particularly solid-

state synthesis, has been relatively slow [102]. 

Synthesis from natural sources 

Over the last decade, HA has been extracted from range of natural materials, including bone waste, 

eggshells, exoskeletons of marine organisms, naturally derived biomolecules and bio membranes. 

Biogenic sources are becoming increasingly popular due to the superior physicochemical properties of 
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the resulting HA. However, certain materials are limited to producing HA blocks or large-sized particles, 

highlighting the need for additional research in this area. The field of biogenic HA production is expected 

to receive greater attention in the coming years [103]. 

High-temperature synthesis 

These methods, which have the advantage of preventing the formation of unwanted CaP phases, are 

utilized to generate HA with excellent chemical homogeneity and high crystallinity. There are two 

potential approaches for high-temperature HA synthesis: the combustion method and the pyrolysis 

process. The combustion method has received more attention than the pyrolysis process. However, the 

primary drawbacks of these methods are the limited control over processing variables and the generation 

of secondary aggregates, particularly during pyrolysis [104]. 

Combination synthesis 

Hybrid methods, which combine two or more distinct procedures, have emerged as new strategies for 

synthesizing HA nanoparticles. Combinations such as hydrothermal–mechanochemical, hydrothermal–

hydrolysis and hydrothermal–microemulsion have gained attention, along with hybrids employing 

microwave methods. While these combination procedures have opened up exciting possibilities for 

improving the characteristics of HA nanoparticles, many current methods have limitations in terms of 

economics, performance and biological interactions. Complicated and expensive processes, diverse 

materials required for synthesis, aggregation and agglomeration, wide particle size distribution and 

various phase impurities in the crystal structure are common issues. Little effort has been made to scale 

up these methods or evaluate the biological interactions of the prepared nanoparticles. To address these 

issues, future studies should establish practical synthesis routes for use in the biomaterials industry, 

consider all aspects of an effective and feasible synthetic route and examine the biological characteristics 

of the prepared powder. Innovative and practical combinations, such as mechanochemical–solvothermal 

or microwave–assisted sol–gel processes, may be developed. Additionally, the synthesis of nanoparticles 

with new characteristics, such as novel 3D morphologies, presents an interesting challenge for future 

research [80, 105]. 

1.5.4. α-tricalcium phosphate (α-TCP) 

Recently, there is a growing interest on α-tricalcium phosphate (α-TCP, α-Ca3(PO4)2) as a potential 

material for various applications such as injectable hydraulic bone cements, biodegradable bioceramics 

and composites used in bone healing. The phase equilibrium diagram of the CaO–P2O5 system exhibits 

three polymorphs, namely β-TCP, α-TCP and α′-TCP, which correspond to the composition Ca3(PO4)2. 

α-TCP can be synthesized by the process of heating the low-temperature polymorph β-TCP or by 
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thermally crystallizing amorphous precursors with appropriate composition above the transition 

temperature [106]. The α-tricalcium phosphate (α-TCP) phase has the potential to remain in a metastable 

condition at ambient temperature, with its stability range being significantly impacted by ionic 

substitutions. α-TCP has comparable biocompatibility to β-tricalcium phosphate (β-TCP), although has 

higher solubility. Moreover, α-TCP undergoes fast hydrolysis, resulting in the formation of calcium-

deficient hydroxyapatite. This characteristic renders α-TCP a valuable component in the formulation of 

self-setting osteotransductive bone cements, as well as biodegradable bioceramics and composites used 

in bone healing applications [107]. 

The crystalline structure of α-TCP was initially recognized as being analogous to that of the mineral 

glaserite (K3Na (SO4)2) by Dickens and Brown in 1972. Mathew et al. further investigated this 

relationship in 1977 and more recent studies by Yashima and Sakai have provided more insights into this 

subject [108]. The crystal structure of α-TCP is classified as monoclinic and it belongs to the space group 

P21/a. Table 1-VIII and Figure 1.13 present the cell parameters (a, b, c, α, β and γ), cell volume (V), 

number of formula units per cell (Z), volume per formula unit (V0), theoretical density (D th) and the 

projections of the unit cells along the [0 0 1] direction for α-TCP and its polymorphs β-TCP and α′-TCP. 

Table 1-VIII: Structural information regarding α-TCP and its various polymorphs [107]. 

Property  Ca3(PO4)2 polymorph  

α′-Ca3(PO4)2  β-Ca3(PO4)2  α-Ca3(PO4)2  

Symmetry Hexagonal Rhombohedral Monoclinic 

Space group P63/mmc R3C P21/a 

a (nm) 0.53507(8) 1.04352(2) 1.2859(2) 

b (nm) 0.53507(8) 1.04352(2) 2.7354(2) 

c (nm) 0.7684(1) 3.74029(5) 1.5222(3) 

α (°) 90 90 90 

β (°) 90 90 126.35(1) 

γ (°) 120 120 90 

Z 1 21 24 

V (nm3) 0.19052(8) 3.5272(2) 4.31(6) 

V0 (nm3) 0.19052(8) 0.1680(2) 0.180(6) 

Dth (g cm−3) 2.702 3.066 2.866 
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Figure 1-13: A schematic representation of the projections of the α-TCP, β-TCP and α′-TCP unit cells 

along the [0 0 1] direction [107]. 

In Figure 1.14, Ca2+ is represented as green, whereas P5+ is represented as magenta. For the sake of 

clarity, the representation of O2- has been omitted. The abbreviations C-C and C-A refer to the cation-

cation column and cation-anion column, respectively. The unit cell of α-TCP has a rhombus that is 

inscribed with a thin solid line. This rhombus outlines a cell that is linked to the cell of hydroxyapatite. 

The unit cells of α-TCP and its polymorphs include Ca and PO4 ions that are arranged in columns along 

the [0 0 1] direction.  There are two different types of columns present in α-TCP, first type referred to as 

C-C, exclusively consists of calcium cations. The second type, known as C-A, includes both calcium 

cations and phosphate anions (PO4). Each C-C column is surrounded by six C-A columns. Additionally, 

a total of six C-A columns surround each C-A column, with the pattern alternating between C-C and C-

A columns.  
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Figure 1-14: Representation of fractional projections of the α-TCP, β-TCP and α′-TCP unit cells on the bc 

plane, demonstrating the arrangement of component atoms in columns coordinated along the [0 0 1] 

direction [107]. 

The unit cell of α-TCP, shown in Figure 1.14, has a rhombus that is inscribed with a thin solid line. This 

rhombus represents a cell that is closely linked with the structure of hydroxyapatite and OH columns 

have the potential to replace the C-C columns located at the corners of the cell. Comparatively, the Ca-

PO4 columns identified in hydroxyapatite may be regarded as highly distorted C-A "columns". Each of 

these columns is surrounded by three C-A columns, like α-TCP, as well as two C-C columns and one 

OH column [27].  

The main difference in the structural composition of α-TCP and β-TCP is due to the absence of C-C 

columns in the latter.  In β-TCP, there are two distinct categories of C-A columns. A column containing 

the sequence ...–P–Ca–Ca– P–... and B columns with the order ...–P–Ca–Ca–Ca–P–P–..., in this 

arrangement, each A column is surrounded by six B columns and each B column is surrounded by two 

A and four B columns. In contrast, α'-TCP is composed of alternating C-C and C-A columns, similar to 

the arrangement observed in α-TCP (Figure 1.14). 

The α-TCP crystal structure exhibits are less densely packed as compared to β-TCP, while being more 

densely packed than α′-TCP. This difference is evident from the volumes per formula unit (V0) and the 

calculated theoretical density values shown in Table 2 for these three substances. The noted differences 

in packing densities across the three polymorphs may be linked to both thermodynamic factors and their 
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respective temperature stability ranges. Furthermore,  it should be expected that, in a physiological 

setting, the process of dissolution and degradation of the "looser" alpha-tricalcium phosphate (α-TCP) 

structure occurs at more quickly compared to beta-tricalcium phosphate (β-TCP), as has been 

experimentally proved [109]. 

1.5.5. α-TCP synthesis methods  

Several routes have been reported for the preparation of α-TCP [110, 111], It is usually synthesized by 

the thermal conversion of a precursor with a molar ratio of Ca/P approximately equal to 1.5. These 

precursors can be either calcium-deficient hydroxyapatite (CDHA), amorphous calcium phosphate 

(ACP), β-TCP or mixture of Ca and PO4 containing reagents. The conversion process can be carried out 

by either using a previously obtained precursor or by a solid-state reaction of a mixture of solid precursors 

at elevated temperatures. In addition, self-propagating high-temperature synthesis and combustion 

synthesis have also been used [112]. 

Solid-state reaction between solid precursors is the most effective and common synthesis approach for 

the synthesis of α-TCP. Standard rules for solid-state reactions are followed, such as the milling of solid 

precursors to decrease particle size, increase contact area and mix them well. Wet milling is often the 

preferred method. After the milling process, a mixture of powders may be subjected to direct heating 

above the transformation temperature or alternatively, it can be pre-pressed to enhance the particles 

interaction. The suggested reaction temperatures indicated a range of 1250 to 1500°C, while the dwell 

period varied from 2 to 48 hours. Many studies propose the use of quenching as a preventive step against 

the reversion of the α-phase, despite the commonly known reconstructive nature of the first order α → β 

transition and the significant observed value of the apparent activation energy for the β ↔ α 

transformation, which is 1.0467 MJ mol−1. On the other hand, the α-TCP synthesised often exhibited 

small amounts of other crystalline phases, primarily β-TCP or HA [113]. 

1.6. Bone Scaffolds  

Scaffolds are three-dimensional structures that are designed to support and guide the growth of new tissue 

or organs in regenerative medicine. They provide a framework for cells to adhere, proliferate and 

differentiate, ultimately leading to tissue formation. Scaffolds act as temporary templates, allowing cells 

to repopulate damaged or missing tissue and then gradually degrade as the new tissue develops. They are 

essential tools in tissue engineering and regenerative medicine, offering the potential to restore function 

and heal various injuries or diseases [114].  
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Bone scaffolds are porous 3D biomaterials designed to mimic the structure and function of natural bone. 

Such a mimicry, in terms of chemical composition, porous structure and mechanics, should promote and 

facilitate the physiological processes related to new bone formation and vascularization. Therefore, bone 

scaffolds can play a crucial role in orthopaedic surgery by providing a bioactive framework for new bone 

formation, promoting tissue ingrowth and facilitating the regeneration of damaged or missing bone. It 

ensures a favourable environment for cell attachment, proliferation, differentiation and do not elicit 

adverse immune responses or toxicity when implanted in the body. Bone scaffolds should have suitable 

mechanical properties to withstand physiological loads during the healing process. It should provide 

structural support, especially in load-bearing applications, allowing for proper tissue integration and 

functional recovery. It should also exhibit bioactivity, which refers to its ability to stimulate and promote 

the attachment and growth of bone-forming cells, such as osteoblasts. Bioactive scaffolds can enhance 

the recruitment of osteogenic cells, trigger osteogenesis and facilitate the deposition of new bone. In 

addition to these essential characteristics, the scaffold’s architecture and porosity are crucial 

considerations. The scaffold should have an interconnected pore network that allows for nutrient 

diffusion, oxygen supply and waste removal. The pore size and distribution should be tailored to facilitate 

cell infiltration and vascularization, supporting the formation of new blood vessels and promoting 

efficient tissue regeneration [115]. 

Before to figure out, what the ideal bone scaffolds requirements are, it is compulsory to understand the 

material and biological properties in this context. Tables 1-IX and 1-X, describe the basic material, 

mechanical and biological requirements that a bone scaffold must possess. 

Table 1-IX: Bone scaffold requirements [116]. 

 

 

 

 

 

 

Biological 

properties 

Osteogenicity: capacity of a bone scaffold to stimulate the secretion and mineralization of 

Extracellular matrix by bone cells and the transformation of uncommitted mesenchymal cells 

into pre-osteoblast lineage. 

Osteoconductivity: property of a bone scaffold characterized by a surface that is bioactive and 

encourages the attachment and migration of cells, in addition to their ability to penetrate the 

construct. 

Osteoinductivity: capability of a bone scaffold to not only maintain bone development, but to 

stimulate bone growth through the production of growth factors or hormones. 

Biocompatibility: the capacity of a bone scaffold to interact with the body without triggering 

an immunological response or rejection. 

Vasculogenic ability: the capacity of a bone scaffold to allow and/or support vasculogenesis to 

occur within the construct. 

https://www.hindawi.com/journals/bmri/2013/458253/tab3/
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Material 

properties 

Mechanical Stability: the ability of a bone scaffold to retain an appropriate structure while still 

possessing a final compression strength that is comparable to that of bone. 

Biodegradability: the capacity of a bone scaffold to be resorbed organically without producing 

harmful byproducts. In order to prevent any potential gaps in regeneration, the rate of bone 

degradation need to be equal to the rate of bone formation. 

Architecture: the ability of a bone scaffold to have a very open permeable structure that is 

linked throughout its construct. This facilitates increased cell density, nutrient/growth factor 

delivery within the scaffold and adhesion surface area. 

Pore size/porosity: the quality of a bone scaffold should consist of pores of a particular size and 

porosity percentage that are comparable to previously established guidelines. The ideal particle 

size is between 300 and 900 um and the total permeability is between 60 and 99%. 

 

Table 1-X: Importance of mechanical stability in critical bone defects. 

Mechanical 

properties 

The ultimate strength of cortical bone can range nearly from 100 to 230 MPa. In order to 

prevent the implant from being crushed or failing, surgical fixation is necessary for any 

scaffold that does not meet that strength. An ideal scaffold would require compressive strength 

ranging from 50 to 100 MPa, tensile strength between 5 and 20 MPa, and shear strength 

between 2 to 10 MPa, which is comparable to that of natural bone tissue. The stiffness of the 

material ought to mimic that of natural bone, which generally ranges from 0.1 to 10 GPa, in 

order to ensure compatibility with the underlying bone and promote cell development. The 

degradation rate, which should be compatible with bone regeneration, ought to be 1 to 3 mm 

each month. Due to mechanosensory properties of bone, it is believed that a cyclically loaded 

scaffold will promote faster healing. 

Surgical 

fixation 

To avoid movement between the fractured ends of the bone, current bone tissue-engineered 

structures require surgery fixation of the extremities. This promotes the development of a 

callus and subsequent ossification. Screws, hardware and intramedullary nail anchors are 

examples of surgical fixation devices. Most of the time, metals like titanium or titanium 

compounds are used to make them. 

Stress 

shielding 

A condition that results from the introduction of surgical fixing devices in load-bearing bones. 

Metals can sustain almost all of the weight because they have a greater elasticity and 

compression strength than other materials. Consequently, the fractured bone is unable to detect 

a substantial change in mechanical activity, which results in a gradual decrease in bone density 

over a period. 
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The development of biomimetic scaffolds, bioactive molecules and stem cell delivery methods have been 

encouraged. Currently, there is a significant prerequisite for bone regeneration to repair the structure and 

functional properties of the craniomaxillofacial and spinal bone defects. There are three crucial factors 

such as scaffolds, cell and signalling molecules for the development of bone scaffold, need to be taken 

into consideration shown in Figure 1.15. The ideal bone scaffolds for bone regeneration applications 

must have excellent biocompatibility, as well as adequate mechanical properties and interconnected 

porosity help in cell growth and metabolism [117]. The usage of synthetic bone scaffolds in bone 

regeneration is a promising approach for craniomaxillofacial and spinal bone defects since it serves as a 

framework and play an important role in regeneration of defected sites by promoting biocompatibility, 

osteoinductivity and osteoconductivity. Various biodegradable and non-biodegradable bone scaffolds 

have been developed for specific craniomaxillofacial and spine defects to facilitate an appropriate 

biological environment [118]. 

 

Figure 1-15: Ideal bone scaffolds requirements [31] 

Bone scaffolds can be fabricated from various materials, including natural or synthetic polymers, 

ceramics, cements, metals, or a combination of these materials. The choice of scaffold material depends 

on factors such as the desired mechanical properties, biocompatibility, degradation rate and the specific 

application in tissue regeneration. In particular, bioceramic and bone cement with their biocompatibility 

https://link.springer.com/article/10.1007/s10965-022-02928-4/figures/1
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and biodegradability, offer potential advantages for these applications. They can be developed as 3D 

porous matrices that provide a favourable environment for bone regeneration, facilitate osseointegration 

and provide mechanical support until the restoration of form and function in the affected areas [119, 120] 

[121]. Bioceramic are mainly preferred to repair or replace damaged bone in the craniomaxillofacial 

(CMF) defects and bone cement is often utilized for spinal defects due to their unique properties such as 

self-setting ability, good injectability, moldability and increased reactivity. These cements can be injected 

directly into the defect site of any shape and size without any surgery and have the ability to self-harden 

in situ when injected, providing mechanical strength sufficient for supporting the normal physiological 

activities of the bone. Injectable bone-healing cements has gained significant attention due to their 

minimally invasive techniques [122].  

1.6.1. Bioceramic scaffolds  

In the last decade, bioceramics have been considered an ideal candidate for bone substitution because 

they exhibit excellent mechanical properties and biocompatibility, making them ideal for scaffold 

applications to replace dental and orthopaedic defects. Bioceramics have some extra features such as 

porosity, structure, composition, low thermal conductance and temperature resistance, making them 

suitable for medical applications [123]. 

One major classification of bioceramics relies on the biochemical reactions occurring between the 

implanted scaffold and the surrounding tissue, particularly on the increasing capacity to be resorbed upon 

implantation in vivo. Bioceramics can be classified as bioinert, bioactive or bioresorbable materials based 

on their chemical composition and their interaction with bone tissue and cells as well as biodegradability. 

Bioinert ceramics such as zirconia, alumina and silicon nitride are not able to interact with bone tissue 

or cells and thus it remains as a foreign body in biological environment. Inert bioceramics have minimal 

adverse reactions on bone tissue or in body after coming into contact with biological environment region. 

These bioceramics have low reactivity as compared to other scaffolds made by other material such as 

polymer, metallic and resorable ceramics. So, the biocompatibility of bioinert ceramics can be modified 

by surface modification, ion-doping and coating [124].  

In contrast, bioactive ceramics have the ability to interact with surrounding bone tissues and cells. Among 

all the bioactive ceramics, bioglass, calcium phosphate and calcium silicate are considered an attractive 

candidate for bone regeneration applications due to their excellent bioactivity. Calcium phosphate and 

bio glasses are the most commonly used bioceramics for orthopedic applications due to their 
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osteoconductivity and osteo-stimulation properties. Bioactive glasses are composed of silicon-based 

material, are known to promote bioactivity. Calcium phosphate particularly hydroxyapatite are being 

increasingly used for orthopedic applications, due to its similar composition to human bone [123]. 

Bioresorbable bioceramics represent a further improvement in their long-term interaction with 

surrounding tissues, because in addition to their chemical similarity to the mineral component of bone, 

they are able to be gradually resorbed and replaced by new bone tissue over time. The in vivo behaviour 

of ceramic bone substitutes includes three main steps, solubility: if the compound is soluble in 

physiological conditions, dissolution and removal can occur; the dissolution kinetics, related to the speed 

at which the particular ceramic is removed from the body; and conversion into another compound via a 

dissolution–precipitation mechanism. Bioresorbable bioceramics are represented by calcium sulphates 

(Plaster of Paris) and calcium phosphates, especially with different ions doping such as  Sr, Mg, Si and 

Zn, which can improve their biological activity [125]. However, there are some drawbacks of calcium 

phosphates, such as their poor mechanical strength, differences between the bone regeneration and 

degradation rate, inflammatory reaction of synthetic bioceramics and limited in growth due to pore size 

[123]. There are different types of bioceramics that are being investigated are shown in Table 1-XI. 

Table 1-XI: Significant physical properties of the most common bioceramics [126]. 

Material Density 

(g/cm
3
) 

Tensile 

strength 

(MPa) 

Compressive 

strength (MPa) 

Modulus 

(GPa) 

Fracture 

toughness 

(MPa m
1/2

) 

Hardness 

(Knoop) 

Tricalcium 

phosphate 

3.14 40-120 450-650 90-120 1.2 N/A 

Hydroxyapatite 3.1 40-300 300-900 80-120 0.6-1.0 400-4500 

Bioglasses 1.8-2.9 20-350 800-1200 40-140 ~2 4000-5000 

SiO
2
 glass 2.2 70-120 N/A ~70 0.7-0.8 7000-7500 

Wollastonite glass 

ceramic 

3.07 215 1080 118 2 N/A 

Zirconia ceramics 5.6-5.89 500-650 1850 195-210 5-8 ~17000 

Al
2
O

3
 3.85-3.99 270-500 3000-5000 380-410 3-6 15000-

20000 

Si
3
N

4
 3.18 600-850 500-2500 300-320 3.5-8.0 ~22000 

Silicon carbide 3.10-3.21 250-600 ~650 350-450 3-6 ~27000 
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Carbon fiber 1.5-1.8 400-5000 330-360 200-700 N/A N/A 

Graphite 1.5-2.25 5.6-25 35-80 3.5-12 1.9-3.5 N/A 

Glassy carbon 1.4-1.6 150-250 ~690 25-40 N/A 8200 

The mechanical properties of bioceramics, including compressive strength, stiffness, fracture toughness 

and fatigue resistance, represent the key factors for effective bone regeneration. These criteria include 

“static” mechanical properties (e.g., stiffness, hardness, strength), as well as “dynamic” mechanical 

properties (e.g., fatigue cycle resistance, crack propagation stability and fracture toughness). A major 

concept in defining mechanical properties of ceramics is the difference between strength and toughness. 

They are frequently considered to be overlapped, despite the fact that they are mutually exclusive strength 

is a stress representing the intrinsic capability of a material to resist to irreversible deformations, while 

toughness refers to the energy required to induce a fracture [127]. Toughness can also be determined 

using fracture mechanics methods, which determine the critical value of a crack-driving force, such as 

the stress intensity K, strain-energy release rate G, or nonlinear elastic J-integral, required to initiate 

and/or propagate a previously formed crack. However, the intrinsic brittleness of ceramics basically 

limits the capability to improve the toughness, primarily because they cannot be toughened by promoting 

plasticity [128]. 

The compressive strength of the human cortical bone is reportedly in the range 90–209 MPa, while the 

reported flexural strength is 135–193 MPa [129]. The mechanical strength of bioceramics is reported to 

be in the range of cortical and cancellous bones. In particular, fracture toughness is important because it 

refers to the ability of the scaffold to contrast the propagation of a crack defect. Hence, compressive 

strength and fracture toughness are relevant properties to be considered for effective bone regeneration 

[130]. The particle size, composition, porosity and crystallinity of bioceramics significantly affect their 

mechanical performance an increase of porosity and particle size leads to the decrease of mechanical 

properties [131]. The bone tissue exhibits outstanding mechanical performance thanks to its hierarchic 

structure, making it both lightweight and strong. The toughness and flexibility of bone tissue can be 

ascribed to the complex biomineralization of collagen fibers with apatitic crystals, associated to the multi-

scale hierarchical architecture. The fracture toughness of cortical bone (KIc=2–12 MPa∙m0.5) is higher 

than that of ceramics. Numerous methods have been developed over time to measure the fracture 

toughness and hardness [132]. The low fracture toughness and poor mechanical strength of bioceramics 

limit their usage in load-bearing applications. Porous bone scaffolds strive to closely replicate the 

intricate structure of natural bone. However, a significant challenge arises due to the inherent brittleness 
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of ceramics, which lack plastic behavior, poses a notable limitation that researchers are actively engaged 

in exploring strategies to address this limitation and enhance the mechanical properties of ceramic 

scaffolds [129]. 

1.6.2.  Bone cements 

Low-temperature self-hardening techniques for the production of bioactive bone cement has been 

extensively studied for injectable orthopaedic procedures such as spinal fusion, vertebroplasty and 

kyphoplasty [133] (Figure 1.16). The term "cement" is a misnomer, since it often refers to a material that 

bonds two things together. Bone cements do not possess inherent adhesive features; rather, they depend 

on the establishment of a strong mechanical interlock between the rough bone surface and the prosthesis. 

In 1870, Themistokles Gluck used a knee prosthesis composed of ivory, which was fixed using a cement 

mixture consisting of plaster and colophony. Otto Rohm and Kulzer were key players in the early stages 

of research and development related to the physical qualities and applications of bone cement [134]. 

In 1958, famous English surgeon John Charnley performed the first complete hip arthroplasty using bone 

cement [135]. He used cold-cured polymethyl methacrylate (PMMA) to attach an acrylic cup to the 

femoral head and to secure a metallic femoral prosthesis. This was a significant breakthrough in the 

development of Orthopaedic surgical techniques. Charnley was also the first to recognise that PMMA 

might be used to fill the medullary canal because of its excellent compatibility with bone shape. During 

the 1970s, the United States food and drug administration (FDA) approved the use of bone cement in the 

fixing of hip and knee prosthetics. Later on, bone cement has gained great popularity for fixing prostheses 

to healthy bone, with significant shifts observed in the patterns of bone cement use [134, 136].  

In the past few decades, vertebral fractures resulting from trauma or osteoporosis-related bone weakening 

have primarily been treated using vertebroplasty and kyphoplasty surgeries. However, complete spine 

bone regeneration remains an unresolved clinical need, primarily due to the lack of bone cements that 

possess optimal bioactivity, osteoconductivity and bioresorption properties.  

Bone cements are commonly classified into two main categories based on their composition: those made 

of polymers, particularly acrylic formulations and those composed of calcium phosphates [137]. 
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Figure 1-16: bone cement for different functions. 

Acrylic bone cement, also known as (poly methyl methacrylate) (PMMA) has been extensively used to 

secure total joint replacement prostheses to the periprosthetic bone. The development of contemporary 

PMMA bone cements may be traced back to the patent by Degussa and Kulzer, (1943), who described 

the process of polymerization of methyl methacrylate (MMA) at ambient temperature, provided a co-

initiator, such as a tertiary aromatic amine, is included [138]. Acrylic bone cement is typically composed 

of two distinct components: a liquid and a powder. These two components are combined in the operating 

room temperature until they achieve a dough-like consistency, which can then be employed to stabilize 

a joint replacement prosthesis or infused into damaged vertebral bodies. The primary constituent of 

acrylic bone cement is methyl methacrylate (MMA), which is an ester of methacrylic acid [139]. 

Although PMMA-based cements have favourable properties in terms of handling, setting periods and 

mechanical performance, but they lack osteogenic and bioresorbable properties. To address the 

shortcomings of PMMA cements in terms of exothermic polymerization hardening and chemical 

composition, Brown and Chow developed calcium phosphate cements (CPC) in the 1980s. Particularly, 

CPCs are a promising material due to excellent bioactivity and biodegradability and demonstrate a 
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physiological hardening at 37°C, while also allowing for the incorporation of biomolecules. It is in the 

form of powder and liquid component, upon mixing, undergoes a setting process resulting in the 

formation of hydroxyapatite as the primary phase and sometimes mixed with unreacted particles and 

other phases. They have been extensively studied, due to their desirable biological features, potential 

resorbability, molding abilities, simple manipulation and close resemblance to chemical composition of 

bone inorganic phase [140]. 

1.6.2.1. Calcium phosphate cements (CPCs) 

Calcium phosphate bone cements (CPCs) are recognized for their in vivo self-setting ability, which 

makes them advantageous for use as injectable materials in minimally invasive surgeries [141]. CPCs 

may be classified based on a number of factors, including as the number of components present in the 

solid phase, the type of the setting reaction and the type of the final product shown in Table 1-XII. 

Table 1-XII: Classification of CPC. 

 Apatitic CPC                                                      Brushitic CPC 

Single Component                          Multiple 

Components 

Reactive α -TCP TTCP + DCPA/DCPD β-TCP + MCPM.MCPA 

Reaction 

type 

Hydrolysis Acid-Base 

Reaction 3α - Ca3(PO4)2 + H2O → 

Ca9(HPO4)(PO4)5(OH) 

Ca4(PO4)2O + 2CaHPO4 

→  Ca10(PO4)6 (OH) 

β-Ca3(PO4)2 + Ca (H2PO4)2 . H20 

+ 7H20 → 4CaHPO4 . 2H20 

Many formulations of calcium phosphate cements (CPCs) have been developed and they may be 

classified into two different types depending on the resulting product: brushite (DCPD) and apatite (HA 

or CDHA) cements. Brushite and apatite CPCs are formed by mixing one or more calcium phosphate 

powders with aqueous solutions. This process leads to the dissolution of the initial calcium phosphates, 

followed by the precipitation of DCPD, HA, or CDHA crystals, depending on the powder compositions 

and the subsequent setting reactions. During precipitation process, the formation of fresh apatitic crystals 

occurs, which then undergoes physical entanglement. This entanglement phenomenon leads to the 

hardening or setting of the crystals at body temperature [133]. 
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Apatite cements can be synthesized by the combination of single or multiple components with aqueous 

solutions, which then undergo hydrolysis or acid-base reactions, respectively [142]. Calcium-deficient 

hydroxyapatite (CDHA) is the final product in the first case, whereas stoichiometric hydroxyapatite (HA) 

is the final result. Some examples are shown below: 

Hydrolysis of metastable α-TCP: 

3 α-Ca3(PO4)2 + H2O →Ca9(HPO4)(PO4)5(OH) 

The acid-base reaction occurs between tetra calcium phosphate (TTCP), which has basic properties and 

di calcium phosphate anhydrous (DCPA) with acidic characteristics: 

Ca4(PO4)2O + CaHPO4→Ca5(PO4)3(OH) 

Brushite CPC is synthesized by an acid-base reaction involving tricalcium phosphate (TCP), which is 

almost neutral and monocalcium phosphate monohydrate (MCPM), which is acidic: 

β-Ca3(PO4)2 + Ca(H2PO4)2·H2O + 7H2O →4 CaHPO4∙2H2O 

The liquid-to-powder ratio (LPR) and the particle size of the initial powder are two crucial elements that 

significantly influence the final CPCs features are shown in Table 1-XIII. The setting time, injectability, 

cohesion, mechanical characteristics and porosity of harder calcium phosphate cements (CPCs) are also 

influenced by LPR ratio. The setting time, as defined by ISO/DIS 18531 for CaPs, refers to the time from 

the start of the blending process of powdered agent and liquid agent to the hardening of the cement. This 

parameter significantly affects the clinical viability and injectability of both apatite and brushite cements. 

The final surface morphology of brushite or apatite crystals and the total porosity of the final scaffolds 

are influenced by both particle size and the liquid-to-powder ratio (LPR). These factors have an impact 

on the mechanical performance, resorbability and overall bioactivity of the scaffolds [143]. The decrease 

in the particle size of calcium phosphates (CaPs) leads to an increase in the surface area, which in turn 

influences the reaction kinetics, which results in the formation of small needle-shaped crystals, as 

compared to larger plate-shaped crystals that are frequently observed when larger CaP precursor particles 

are used. Furthermore, porosity can be related to the amount of liquid phase used. Consequently, an 

increase in LPR leads to a decrease in the amount of liquid phase, resulting in an increase in porosity. 

This effect of LPR shows the difference between brushite and apatite cement in relation to microstructure 

porosity. Specifically, the consumption of water during the setting reaction of brushite cement is greater 

than that of apatite cement, resulting in the formation of larger crystal sizes. Consequently, the total 

porosity of brushite cement is reduced, while the average pore size is increased compared to apatite 
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cements. The porosity of calcium phosphate cement (CPC) is usually within the range of nano- to sub-

micrometer sizes. This porosity enables the flow of physiological fluids through the cement's 

microstructure. However, the size of these holes is insufficient to support the formation of bone tissue. 

Consequently, porogens are often used to address this limitation [140]. 

Table 1-XIII: Influence of particles size and liquid/powder ratio on the particle’s morphology and pore 

size distribution [95]. 

 Particle Size Liquid-to-Powder Ratio 

Fine Particles Coarse Particles Low L/P High L/P 

Final crystal 

morphology 

Needle-like crystals Plate-like crystals Low inter-

aggregate distance 

High inter-

aggregate distance 

Pore size 

distribution 

Fine Coarse Fine Coarse 

 

As mentioned above, increasing porosity causes mechanical strength to decrease, thus it is necessary to 

find a compromise between mechanical performance and porosity level. 

Various modifications have been researched and applied to injectable CPCs in order to improve both 

their physicochemical, mechanical and biological properties for clinical applications, as illustrated 

schematically [122] in Figure 1.17. 
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Figure 1-17: Brief overview of the improvement approaches put forward for calcium phosphate cements 

[122]. 

The combination with polymeric and additives solutions has been extensively studied to improve their 

cohesiveness and injectability while maintaining adequate mechanical properties and setting time. 

Chitosan, a natural amino polysaccharide, has been used to modify the physical properties of CPCs, 

including injectability, setting time, rheology and in vivo bioactivity. Other natural polymers such as 

sodium alginate, collagen, gelatine, hyaluronic acid and cellulose derivatives such as methylcellulose 

(MC), (hydroxypropyl methylcellulose (HPMC) and carboxy methylcellulose (CMC)) have also been 

utilized as liquid phases for CPC formation. These additives have been shown to improve the mechanical 

properties and degree of CPC bioactivity. Indeed, the addition of various additives to CPCs has been 

shown to improve their physicochemical and biological properties [144], making them more suitable for 

clinical applications. For example, the addition of glycerol has been shown to improve the injectability 

and workability of CPCs, while strontium carbonate has been used to enhance their osteo-inductive 

properties. Polyethylene glycol (PEG) has also been utilized to improve the cohesion and setting time of 

CPCs and the addition of a foaming agent has been shown to promote the formation of interconnected 

pores within the cement, which can be beneficial for bone regeneration. β-dicalcium silicate has also 

been investigated as an additive to improve the mechanical properties and bioactivity of CPCs [145]. 



65 
 

Overall, the addition of various additives and biopolymers has allowed for the customization and 

optimization of CPCs for specific applications, bringing them closer to clinical use in orthopaedics [146]. 

One of the primary limitations hindering the clinical use of CPCs refers to their poor mechanical 

properties, hence restricting their applicability to situations with mild or non-load-bearing requirements. 

Some commercial bone cements developed by α-TCP are listed in Table 1-XIV. The detail physio-

chemical and biological properties of α-TCP-based bone cements are discussed in previous reviews [147-

149]. 

Table 1-XIV: Commercial bone cements developed using α-TCP. 

Brand name Manufacturer Powder composition 

Calcibon® Biomet, Europe α-TCP + DCP + CC + PHA 

Norian SRS® Norian, USA α-TCP + CC + MCPM 

Mimix® Biomet, USA α-TCP + TTCP 

MCPC Biomatlante, France α-TCP + ACP + BCP 

Cementek® Teknimed SA, France α-TCP + TTCP 

Biopex® Mitsubishi Materials Co., Japan α-TCP + TTCP + DCPD + HAp 

Callos™ Skeletal Kinetics, USA α-TCP + CC + MCPM 

 

1.6.2.2. Drug Delivery  

One notable benefit of CPCs is its ability to self-harden at room temperature. This characteristic, when 

combined with its inherent porosity, enables the incorporation of drugs, biologically active compounds 

and cells, resulting in the development of drug delivery materials. A significant advantage of using CPCs 

as a carrier of active substances is their non-exothermic setting reaction, which is beneficial for 

temperature-sensitive drugs. Typically, drug loading strategies for implanted materials involve 

incorporating drugs into the material before fabrication, trapping drugs into basic drug carriers such as 

nanoparticles and adding them to the implantable material, immersing the scaffold into a drug solution, 

physically adsorbing drugs onto the material, or coating the scaffold in a polymeric or composite solution. 

CPCs have been used to deliver anti-cancer drugs since the 1990s (Figure 1.18) [150]. The rate at which 

the drugs are released is dependent upon the functionalization, microstructure and resorbability of the 

CPCs matrix. 
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Figure 1-18: Apatite cement for drug delivery. 

Drug incorporation in CPCs can occur through various methods, such as mixing the drug in the powder 

phase, dissolving it in the liquid phase, or editing the cement with microencapsulated drug forms. If the 

drug is to be incorporated in the liquid phase, it must be soluble in it. For instance, in the study by Ginebra 

et al., a water-soluble meth acrylamide, poly(4-HMA), was used as a model drug. However, in most 

cases, the drug is mixed with the cement powder during the powder phase incorporation method. The use 

of microparticles as drug delivery vehicles offers another advantage, as it can prolong the lifetime of the 

delivery system and reduce the initial burst release of the drug [151]. 

Drug release kinetics can be categorized based on how the drug elution is regulated. These categories 

include diffusion, adsorption-desorption, breakage of chemical bonds and materials erosion. In diffusion-

controlled release, the drug is integrated into a matrix material, which is typically non-biodegradable or 

degrades more slowly than the release of the drug. On the other hand, chemical processes control drug 

release when the drug is integrated into a biodegradable material, which is connected to the kinetics of 

the material degradation. The drug solubility, microstructure and porosity of the material also 

significantly affect drug release. Increased porosity typically leads to increased drug release, while any 
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changes to the pore structure during the elution period can ultimately impact the overall release pattern 

[152]. 

1.7. Fabrication methods for bioceramic scaffolds   

Several processing techniques to prepare bone scaffolds with complex shapes and morphology have been 

proposed and described in literature, including replica method, sacrificial template and direct foaming 

method [153]. In addition, 3D printing was proposed as effective method for the preparation of scaffolds 

with controlled morphology and porosity [154]. All these processes involve the precise manipulation of 

slurries, whose flow behaviour is highly affected by the content of solid particles and their degree of 

agglomeration. The viscoelastic properties and state of dispersion of such colloidal systems are related 

to attractive and repulsive forces between the surface of the particles [155].  

1.7.1. Preparation of bioceramic slurries 

A comprehensive rheological characterization of bioceramics-based slurries is highly desired, as smart 

and precise adaptations to the process conditions are mostly required. In this respect, the inter-particle 

repulsion can be considered as main actor in tuning the flow behavior of slurries. Furthermore, other 

factors greatly affect the rheology of bioceramic slurries, including the calcination temperature, the 

powder content, the amount of dispersant agents and ion-doping for bioceramics [156]. 

Ionic substitution during synthesis is also a valuable approach to modulate some features of slurries. 

These ions are capable to influence the crystallinity, grain size, morphology and surface characteristics 

of bioceramic material powders which alter the bioactivity, mechanical and solubility of scaffolds [89, 

157-159]. In this context, the development of stable and fully injectable slurries for 3D printing 

technology still represents a big challenge. 

Additive manufacturing process could be the most promising technique to have the potential to 

manufacture bulk bioceramic scaffolds having 3D complex shapes through carefully controlling the 

extruded material. In particular, the preparation of ceramic suspensions with adequate rheological 

properties for extrusion-based 3D printing requires a careful optimization of the physical characteristics 

of bioceramics and various process parameters such as zeta potential, viscosity and elastic modulus [160, 

161].  

1.7.2. Porous bioceramic scaffolds 

Tailored porosity in materials allows for the emergence of a wide range of desirable qualities and features 

that are not possible in conventionally dense materials. Many processing techniques were developed for 
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preparing porous ceramics and they have been the subject of substantial research over the last several 

centuries for a number of different applications. Because of the extreme difficulty in mimicking natural 

bone qualities, artificial bone replacements are among the most demanding applications [162]. Because 

of its high biocompatibility, capacity to facilitate new bone formation and adhesion and near resemblance 

to the inorganic element of bone, hydroxyapatite (HA) is commonly regarded as the material of choice 

for bone and tooth regeneration [163]. While several scaffold development methods have been studied 

so far, producing HA scaffolds with a pore structure that mimics bone and appropriate mechanical 

strength is still difficult. Partial sintering, sacrificial fugitives, replication patterns and direct foaming are 

the classic methods described in the literature for developing microporous ceramics are showed in Figure 

1.19 [78]. 

 

Figure 1-19: Different processing techniques for the development of porous bone scaffolds 
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Partial sintering 

For decades, the gold standard method for producing porous ceramics has been the partial sintering of 

powder compact. A homogeneous porous structure is produced when sintering is stopped before the 

material has fully densified as a result of the high-temperature thermal treatment inducing surface 

diffusion or evaporation-condensation reactions. The pore size and porosity may be modified by altering 

the starting powder size and the level of partial sintering. 

Sacrificial fugitives  

The sacrificial template method typically involves preparing a biphasic composite out of a continuous 

ceramic powder matrix as well as a dispersed sacrificial stage that is first uniformly distributed across 

the matrix before being removed to produce pores within the microstructure. The amount of agents’ 

present determines the degree of porosity. This method is very helpful for achieving a high degree of 

open porosity. 

Replica Templates 

The Replica method was the first technique utilized to create macroporous ceramics. In this method, a 

ceramic suspension is impregnated into a polymeric cellular structure to create a macroporous ceramic 

with the same shape as the original template. Because of its adaptability and ease of implementation, this 

strategy has been found to be very effective. The rheological properties of the ceramic solutions (shear-

thinning), the inclusion of binders or plasticizers in the prior suspension to prevent the strut breaking 

during pyrolisis and the ultimate thermal treatment factors (like heating rate and high temperature) are 

all crucial features that must be carefully regulated and controlled. Thus, one drawback of this approach 

is that, after thermal treatment, the struts often crack, drastically reducing the mechanical effectiveness 

of the structure. 

Direct foaming 

The direct foaming technique, in which a gas (such as air) is incorporated into a ceramic solution before 

drying and sintering, has been described as a simple and low-cost procedure that can provide pore 

volumes in the range of 40-97%. Directly foamed ceramics have a total porosity that is directly related 

to the volume of gas introduced into the foaming suspension or liquid medium. However, the stability of 

the wet foam just before setting determines the pore size. 
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The mechanical strength of cellular structures prepared by direct foaming is typically much greater than 

that achieved by conventional template-based approaches, mostly because of the drastically decreased 

incidence of flaws in the cell struts. Because of the large gas-liquid interface present in liquid foams, 

these systems are unstable from a thermodynamic viewpoint. Destabilization of wet foams occurs from 

a number of physical processes that work together to lower the free energy of the whole system. The 

main processes of destabilization are known as drainage, coalescence and Ostwald ripening. Drainage is 

the physical separation of the gaseous and liquid phases of the foam due to the force of gravity, with the 

lighter gas bubbles rising to create a denser foam layer on top and the heavier liquid phase accumulating 

at the bottom [31]. 

When the thin films produced by drainage are insufficiently stable to keep contacting cells apart, the 

result is the connection of nearby bubbles, which is known as coalescence. The stability of the thin films 

is determined by the attractive and repulsive interactions between the bubbles (Fig. 1.19d). Coalescence 

is facilitated by attractive van der Waals forces and may be prevented by introducing steric and/or 

electrostatic repulsion between the interacting bubbles. While foams may be tailored to minimize 

drainage and coalescence processes, the Ostwald ripening phenomena can eventually occur, leading to 

system destabilization due to the Laplace pressure difference between bubbles of various sizes. The 

coarsening process may be slowed by the adsorption of surfactants and biomolecules at the gas-liquid 

interface, which reduces the interfacial energy [162]. 

 3D-Printing 

Additive manufacturing technology can develop customized scaffolds that are highly desired to repair 

damaged tissue [164]. Among various additive manufacturing techniques, selective laser sintering, 

stereolithography, 3D printing and direct-ink writing are the most commonly used for the development 

of bioceramic scaffolds [165, 166]. These fabrication methods are generally categorized as powdered-

based and suspension-based. In powdered-based methods such as 3D printing and selective laser 

sintering, bioceramic particles are spread over a printing bed and locally bonded by a binder and laser, 

while in suspension-based methods such as stereolithography and direct-ink writing, fine bioceramic 

particles are dispersed in a liquid phase to form paste or ink [167]. Among these techniques, direct ink 

writing is faster and cost-effective where the complete process, including fabrication, drying and 

sintering can be done within a day [168]. It involves extrusion of water-based suspension with high 

ceramic powder content, layer by layer from moving nozzle, that has a capacity to maintain its physical 
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integrity and support its weight without distortion (Figure 1.20). However, the challenge is to develop a 

ceramic slurries that is well suited for deposition process, with shear thinning behavior and capacity to 

retain its structure after extrusion [169]. Slurries must have high rigidity and fluid-like consistency during 

passing through narrow nozzle. Generally, 50 wt% to 60 wt% of powder content is used for slurry 

preparation, this high powder content prevents crack formation in scaffolds during drying and sintering. 

Slurries should have a tailor viscoelastic characteristic (homogenous) to favor the continuous flow 

through narrow nozzle, while maintaining strength of extruded slurries. However, surface of ceramic 

particles can be modified by dispersing agents to prevent aggregation in slurries. The most popular 

dispersing/binding agent used in direct ink-writing is methylcellulose-based binders that are nonionic 

and promote the shear-thinning behavior [170]. 

Direct ink writing has been considered as one of the most extensively investigated techniques for the 

development of bioceramic scaffolds for bone regeneration applications. A wide range of structures for 

bioceramic scaffolds have been successfully fabricated and subjected to both in-vitro and in-vivo testing.  

The versatility of the direct ink writing technique is a fascinating feature, enabling the printing of a wide 

array of bioceramics that range from calcium phosphates and bioactive glasses to calcium silicates. 

Particularly, this technique provides precise control over lattice arrangement, pore dimensions and pore 

orientations. Furthermore, it offers the advantage of cost-effective operation, enhancing its appeal as a 

versatile and efficient fabricating method [164]. 
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Figure 1-20: Schematic diagram of common additive manufacturing techniques including 3D printing 

(3DP), stereolithography (SL), direct-ink writing (DIW) and selective laser sintering (SLS) for the 

development of 3D bioceramic scaffolds. 

Despite the excellent bioactive properties of bioceramics, the major disadvantages of them are their low 

mechanical strength and fracture toughness due to brittleness. These features typically restrict their use 

to non-load bearing bone applications.  

However, several approaches have been developed to improve the mechanical properties of bioceramics 

[95]. The accurate processing of toughened bioceramic composites involves many steps, from raw 

materials to the semi-finished processing, including the synthesis of powders, controlled drying, 

calcination, the debonding of organic components, the addition of second phases and thermal sintering. 

The intrinsic features of the ceramic powders significantly influence each physical (e.g., density, 

porosity), microstructural (e.g., shape of grains, grain size, grain boundaries), mechanical (e.g., strength, 

hardness, toughness, resistance to fatigue failure,) and chemical (e.g., dissolution, hydrolysis) property 

of the final bioceramic composite scaffold [171]. 

A promising approach for the toughening of bioceramics is the addition of fibers into the matrix. The 

manipulation of fibers can be performed by the solution powder mixing technique to prepare polymer–

carbon composite materials or biomimetic mineralization to improve the biocompatibility and bone 

inductivity [172]. 



73 
 

The preparation of bioceramic powders involves several approaches, classified into dry and wet chemical 

methods. The formulation technique has a significant impact on surface characteristics, powder 

morphology, stoichiometry and crystallinity. Dry methods involve three main types of chemical 

reactions: thermal decomposition, oxidation/reduction and solid-state reactions. In contrast, various 

methods can be used for the liquid or wet reaction of bioceramic powders such as hydrothermal synthesis, 

precipitation, liquid drying and sol–gel synthesis [173]. The preparation of bioceramic powders, in 

particular hydroxyapatite, mainly involves wet chemical methods, especially hydrothermal synthesis and 

solid-state reactions [174].  

Essential criteria for the effective preparation and reinforcement of bioceramic scaffolds are the 

homogeneous mixing of the matrix and reinforcement phase and a controlled particle size distribution to 

optimize the packing density of particles while avoiding agglomeration. 

The consolidation of bioceramic scaffolds is modulated by thermal treatments capable of improving the 

interactions among the particles. Sintering is a high-temperature treatment that can compact the ceramic 

particles of a pre-shaped green body or powder to consolidate a solid structure [175]. The major goal of 

sintering is densification; fine and uniform microstructure and bioceramics are typically sintered at 

temperatures ranging from 500 to 1200°C. The high temperature of sintering provides adequate energy 

to force material transport processes such as the migration of grain boundaries via the diffusion of atoms 

or evaporation–condensation phenomena, with the aim of reducing the superficial energy of ceramic 

particles and eliminating the pores. The sintering can be performed in different atmospheres, including 

inert gas or air [176]. 

Semi-finished processing techniques for bioceramic composites involve a myriad of techniques, 

including hand layup, spray up, injection molding, resign transfer molding, compression molding, 

filament winding and pultrusion, according to the type of filler (particles, whiskers and fibers) [177]. A 

recently reported approach also explored the possibility to increase the toughness of bioceramics by 

introducing a large and controlled density of dislocations, thus leading to local plasticity [178]. It was 

observed that conventional sintering, the standard densification method for ceramics, actually yields 

ceramics virtually free of dislocations and dislocation sources. In other words, the brittleness of ceramics 

appears as merely a consequence of the established conventional production method. 
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1.8. Toughening Strategies for bone scaffolds 

The brittleness of calcium phosphate based bioceramics and cement, significantly limits their 

applications because in addition to strength, adequate toughness is required to sustain the biomechanical 

loads. Any crystallographic defect or irregularity within the crystal structure represents the main cause 

for dislocations, the mechanisms of which are related to the Peierls–Nabarro (PN) barrier energy that 

defines the fracture toughness of a material. Metals contain mobile dislocations, leading to local plasticity 

and desirable toughness, while ceramics are characterized by the immobility of dislocations and low 

fracture toughness, especially at room temperature. In this respect, the high-strength ionic bond typical 

for ceramic structures plays a crucial role, limiting atomic slip systems [179]. 

The mechanical properties of bioceramics and bone cement can be improved by including additional 

biocompatible phases. The dispersion of bioceramics secondary phase such as fibers, whiskers and 

particles improves their toughness and also affects their inflammatory response [177]. The 

homogenous distributed secondary phase enhances the integration with bone tissue, hence lowering 

inflammation by minimising the accumulation of stress and the start of cracks. Non-

homogenous dispersion, however, might result in particle irritation and activation of macrophages, 

followed to initiate the inflammatory reaction [180]. 

The mechanisms for increasing the toughness of ceramics can be classified as either intrinsic or extrinsic. 

Intrinsic toughening is primarily related to plasticity, that is, enlarging the plastic zone, mainly against 

the initiation of a crack. Conversely, extrinsic toughening acts to limit an initiated crack, reduce the stress 

and strain fields at the crack tip, preventing further opening, including crack bridging by fibers or ductile 

phases in composites. A significant increase of flexural strength, flexural modulus and fracture toughness 

of ceramic dental composites was also reported through the addition of zirconia-silica (ZS) or zirconia-

yttria-silica (ZYS) nanofibers (2.5 wt % or 5.0 wt %). Bioceramic composites made from HA and TZP 

(tetragonal zirconia polycrystal) powders coated with Al2O3 also exhibited significantly higher strength 

and fracture toughness, due to the integration of ZrO2 (15 vol %) and Al2O3 (30 vol %) [181]. 

The microstructural and mechanical changes of Al2O3 matrixes, after the incorporation of Cr2O3, was 

also studied, resulting in improved hardness and elastic modulus, while fracture toughness deteriorated 

with the addition of 2 mol % Cr2O3 particles. It was also reported that Zr–Ti–Nb–Cu–Be glasses 

containing 42–67 vol % dendrites exhibited 100–160 MPa√m toughness at tensile yield strengths of 1.1–

1.5 GPa. A monolithic and amorphous Pd–Ag–P–Si–Ge glass alloy with 1.5 GPa tensile strength and 
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200 MPa∙m0.5 toughness properties was also recently reported; its properties were a result of the 

generation of shear band after loading, which resembles large-scale plasticity. Nevertheless, it has 

drawbacks related to critical processing and production costs [182]. Moreover, researchers produced 

novel dental restorative composites by using hydroxyapatite whiskers. They reported that the efficiency 

of reinforcement depends on the filler morphology. Hydroxyapatite has good wettability with polymer 

which leads to increased toughness in comparison to nano-size HA powder [182].  

The mechanical performance of bioceramics and cement are closely related to several factors, including 

microstructure, chemical composition, ionic impurities and structural defects. The strategies to improve 

the toughness or fracture strength of ceramics refer to the capacity to control or limit the propagation of 

cracks along the powder particles and grains. Several methods have been reported to improve the 

toughness of ceramics, including crack-bridging, crack-deflection, microcrack-induced toughening, 

generation of phase transformations and reduction of the defect size (Figure 1.21). 

 

Figure 1-21: Different strategies to improve the toughness of bioceramics and cements [123]. 

Moreover, the basic scaffold structure can be combined with polymer coatings, or interpenetrating 

polymer-bioactive ceramic microstructures can be formed to improve the toughness of the ceramic as a 

simple and effective approach. 
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1.8.1. Phase Transformation 

Toughening phenomena related to phase transformation are well known for zirconia-containing 

composites, where the phase transition from the tetragonal to monoclinic phase is the essential 

mechanism behind the enhanced toughness of zirconia used for the development of dental and orthopedic 

implants. This approach is based on stress induced phase transformations, which are mainly responsible 

for microstructural additional compressive stresses during the propagation of cracks, which increase the 

crack growth resistance KIc [183]. 

Similar to precipitation hardening, the stabilization of particles in a metastable and thermodynamically 

unfavorable state requires overcoming an energy nucleation barrier. In this case, the modulation of 

particle volume can be achieved by the application of adequate tensile stress at the crack tip. Phase 

transformation is initiated by the presence of sufficiently large elastic energy. As the particle was 

metastable prior to the transformation, the decrease in stress due to an increase in volume does not hamper 

the process of transformation. Moreover, compressive stress in radial direction and tensile stress in 

circumferential direction around a particle are superimposed to the external load during the 

transformation. These compressive residual stresses may result in the reduction of stress on the crack and 

hence may partially or completely close the crack. In addition, as the tensile stress is applied in 

circumferential direction around a particle it can generate microcracks, further leading to the dissipation 

of energy [184]. 

The stress induced transformation is also related to the free enthalpy reduction. The addition of 

hydrostatic tensile stress strongly decreases the enthalpy of the phase with a larger volume. This, in turn, 

increases the driving force for the transformation, enabling the particle to overcome the nucleation barrier 

[185]. 

1.8.2. Defect Size Reduction 

The main limitation of calcium phosphate material’ is mechanical properties related to their brittleness. 

Ceramics generally exhibit higher compressive strength than tensile strength, essentially due to 

limitations in stress concentrations and crack propagation when micropores are flattened instead of 

dilated. Bioceramics are characterized by very limited strain to failure and toughness, compared with 

ductile material counterparts (e.g., metals, polymers). Tensile stress could cause a fracture to propagate 

through the material, often causing failure in ceramic material. Many defects can occur during the 
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production, finishing and application of ceramic because of the foreign particles, porous regions, or large 

grain sizes. A great research effort has been dedicated to the design of ceramic microstructures with 

increased toughness and damage tolerance. In this context, the reduction of defect sizes can also be 

obtained by the incorporation of various ions such as nickel, silver, tantalum and strontium. Some 

requirements for reducing the size of defects include an efficient, fast and reliable fine grinding, a 

compact design and the versatility of the process [78]. 

The fracture mechanics of bioceramics and cement is mainly affected by the powder particle size 

distribution. Grain size is usually tuned towards monomodal or multimodal distributions, in order to 

increase the packing density of particles. It was reported that the largest grain may control the size of 

largest flaw. Alternatively, grain size can be measured at the fracture origin. The microstructure is 

affected by multiple factors (e.g., powder impurities, thermal treatments of powders, sieving size), 

complicating the possibility to understand the role of each factor. This methodology has been in use for 

the production of ceramics to obtain a more homogenous microstructure [29]. 

1.8.3. Crack Deflection 

The propagation of cracks in bioceramics and cement is a critical issue that can cause sudden failure of 

large structures. Crack deflection can be used as a strategy to increase the toughness of bioceramics. 

Some local areas in the bioceramics and cement exhibit low resistance to crack propagation, resulting in 

crack deflection. In particular, when a crack is deflected, the surface of the crack increases, leading to 

more energy required for crack propagation and an increase of fracture toughness. The prediction of a 

crack path as the crack approaches a fiber can be based on an energy criterion or a stress criterion. 

Young’s modulus mismatches are also reported as mechanisms of crack deflection. The microstructural 

paths for crack propagation in bioceramics and  cement generally reflect the grain boundaries [186]. 

The evaluation of crack deflection by disks, rods and spheres showed that (1) increased toughness as a 

result of crack deflection is dependent on particle shape and volume fraction and is independent of 

particle size; (2) a rod-shaped morphology is the most effective, followed by disk and sphere, for 

increasing the toughness. An increase in volume fraction of up to 20% increases the toughness, however, 

very little increase was observed with a higher volume fraction. The toughness significantly increases 

when using rods compared to toughness without deflecting particles. Another cause of crack deflection 

is partial bridging by grains, occurring when a grain/whisker causes the deflection of a crack around it, 

hence leaving the grain/whisker to bridge the crack. Interactions between crack bridging and crack 
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deflection in silicon nitride containing rod-shaped grains and whiskers toughened alumina were 

observed, demonstrating that crack deflection is crucial for the development of crack bridging [187]. 

1.8.4. Microcrack Formation and Crack Branching 

Stress-induced microcrack formation and crack branching represent irretrievable deformation 

phenomena associated with energy dissipation. Microcracks appear to debond at a poorly bonded matrix 

particle interface. The stress energy near the tip of the fracture can result in the formation of micro cracks 

at weak areas in the calcium phosphate material, for example, due to the undesired orientation of grain 

boundaries. It was observed that a microcrack can decrease crack resistance at the macrocrack tip, which 

encourages crack progression. The microcrack’s effect on fracture propagation can be examined in two 

ways: energy dissipation owing to microcrack generation and change in local stress intensity factor by 

simulating the interaction of microcracks with the main cracks. The crack shielding phenomena has a 

role in microcrack toughening because of two aspects: the material’s lower elastic modulus as a result of 

microcracking and the microcracking-induced dilatation [188]. 

1.8.5. Crack Bridges Formation 

A variety of reinforcing phases can improve the fracture toughness of bioceramic and bone cement 

composites. The reinforcement in this case bridges the crack surfaces that effectively pins the crack and 

increases resistance for any further extension of the crack. It was observed that these reinforcing phases 

bridge the crack in the region behind the crack tip. When the two opposing crack surfaces interact during 

crack propagation, an increase in energy dissipation occurs during the propagation of a crack. This 

behavior was observed in coarse-grained microstructures with intercrystallite crack propagation. 

Different varieties of ceramic whiskers (high-strength crystals with length/diameter ratios of 10 or more), 

particulates, or fibers can be added to the matrix material of the host in order to generate a composite that 

can improve fracture toughness. This reinforcement strategy relies on two different mechanisms: (i) the 

presence of additional particles or fibers represents a deflection stimulus for opening cracks, against its 

propagation; (ii) in case of weak bonds between the matrix and reinforcement phase, crack propagation 

energy can be absorbed by pulling out the fiber from its original location, thus preventing crack 

propagation by forming a bridge in a crack and holding the two face together [189]. 
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Particles 

Crack bridging is generally induced by the addition of particles that can confer ductile behavior (e.g., 

particles with lower Young’s Modulus), as in this condition, additional work is required to achieve 

deformations and crack propagation. Moreover, the addition of ductile particles in bioceramics or cement 

can also significantly increase their fracture toughness by forming crack bridging behind the crack tip 

via a discontinuous but strong reinforcing second phase that imposes a closure force on the crack. The 

mathematical description of non-linear fracture processes and stress transfer across cracks was proposed 

in the Dugdale–Barenblatt model, useful for estimating the effect of particles addition in increasing 

toughness. This model encounters the behavior of crack extension when intersecting the particles: the 

primary crack propagation is impeded by particles, thus retarding its interaction with the surrounding 

cracks [190]. 

The doping of HA with strontium-doped particles can improve the mechanical properties. The 

compressive strength was improved from 50 MPa to 66.57 MPa up to 5 mol % Sr/(Sr + Ca) doping. The 

incorporation of Sr2+ in HA lattice replaces Ca2+ with Sr2+ and form a Ca10−nSrn(PO4)6(OH)2 (Sr-HA). 

This decreases the crystallization size and crystallization rate of HA and changes the lattice constant 

[191]. 

The addition of titanium particles was also proposed as a promising approach to improve the mechanical 

properties. Titanium and its alloys are considered as some of the most attractive and important materials 

due to their unique properties, such as high tensile strength, resistance to body fluid effects, flexibility 

and high corrosion resistance. They exhibit a unique combination of strength and biocompatibility, which 

makes them suitable for biomedical applications. Commercially pure titanium (Ti) is prominent in dental 

implants and Ti-6Al-4V is dominant in orthopedics applications [192]. 

Whiskers 

A whisker is a single crystal in the form of a fiber. Whiskers can be considered as a sub-group of random 

fibers, possessing shorter lengths compared to conventional fibers. They are defect free and thus stronger 

and stiffer than fibers. Due to these properties, there is a more pronounced difference in the mechanical 

properties of a whisker when compared to bulk materials. Materials are crystallized on a very small scale 

for the production of whiskers. Internal alignment within each whisker is observed to be extremely high. 
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The processes that cause toughening in whisker-reinforced ceramics are considered to be fundamentally 

similar to those in ceramic matrix reinforced with aligned continuous fibers [193]. 

Nanosheets 

Recently, regenerative medicine focused on nanosheets applications owing to their excellent 

biocompatibility and unique mechanical and physicochemical properties. Two-dimensional (2D) 

structures of nanosheets (e.g., 1–100 nm thickness) are characterized by a large surface-to-volume ratio, 

ultrathin structure and enhanced mechanical strength, which can be substituted with a large number of 

functional biomolecules. They express a greater ability to interact with polymers through hydrophobic 

interaction, Van der Waals force, physical adsorption and electrostatic attraction. The mechanical 

strength and biocompatibility of scaffolds can be improved by combinations of nanosheets with ceramics 

polymers [194, 195]. 

Nanosheets are categorized into monolayered hydroxide nanosheets (MLDHs), polymeric nanosheets, 

metallic nanosheets and nonmetallic nanosheets. Metallic and non-metallic nanosheets are used for tissue 

engineering. They have desirable features for tissue engineering, such as biocompatibility, mechanical 

strength and photothermal and colloidal stability. Molybdenum disulfide (MoS2), manganese dioxide 

(MnO2) and magnesium phosphate (MgPO4) are frequently used metallic compounds, while the 

commonly used non-metallic components include graphene (GN), graphene oxide (GO) and black 

phosphorus (BP) [196, 197]. 

Graphene oxide nanosheets (GOns) have improved mechanical ability, a large surface-to-volume ratio, 

protein adsorption and biocompatibility, all of which are important properties required in tissue 

engineering. Surface roughness, protein absorption, hydrophilicity and cell adhesion can be improved by 

adding extracellular matrix (ECM) components such as Col and HAp to the above nanostructured 

composites [198]. 

Molybdenum disulfide (MoS2) nanosheets exhibit excellent mechanical properties, including 300 GPa 

Young’s modulus, a tensile strength of over 23 GPa and excellent elasticity. Graphene nanosheets are 

mostly used to strengthen HAp scaffolds. After nanosheets were incorporated into the scaffolds, the 

elastic modulus of the composite was increased by 40% to 141 ± 8.50 GPa and the fracture toughness 

was increased by 80% to 1.06 ± 0.03 MPa [199]. Plasma spray was used to create a graphene nanosheet 

(GNS) reinforced HA on Ti6Al4V substrate. The resulting GNS/HA composite coating has increased 
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strength and toughness, with ~32.3% and ~54.7%, increases in fracture toughness and indentation yield 

strength, respectively. The composite coating’s improved strength and toughness were attributed to 

synergetic toughening and strengthening mechanisms such as load transfer, graphene nanosheet (GNS) 

pull-out, GNS inter-layer sliding, crack branching and GNS bridging. Moreover, the frequent crack 

deflection when a crack comes into contact with GNS could tailor the trade-off between strength and 

toughness through crack branching and GNS bridging [200]. 

Fibers 

Fibers in ceramic matrix composites (CMC) help increase the fracture toughness, due to their excellent 

mechanical properties. Different types of fibers on the basis of length, i.e., particulates and fiber network, 

continuous fibers and short fibers, can be used for the processing of ceramic matrix composites. For 

bridging by brittle short fibers, an increase in interfacial shear forces is observed until it either causes the 

particle to break or debond from the matrix [201]. This interfacial debonding, when followed by the 

subsequent frictional pulling out process, has a great impact on the toughness of the material. Hull and 

Clyne (1996) expressed the fracture energy related to fibers pull-out with the following formula: 

 

where G represents the interfacial shear strength, r is fiber radius, l is pull-out length and N is the number 

of fibers per unit area. 

In bioceramics or cement, the mechanism for fiber reinforcement involves fiber bridging the crack after 

its appearance due to stress, impeding its further propagation. Furthermore, the frictional sliding of fibers 

against the matrix during pullout further consumes the applied force that results in increased fracture 

toughness. The addition of different types of fibers (e.g., carbon, e-glass, aramid and polyglactin) 

increased the strength of bioceramics or cement  and resulted in an increase of approximately two orders 

of magnitude in the fracture work [202]. 

Carbon fibers are the preferred choice among researchers compared to all other types of fibers due to 

their high strength-to-weight ratio, thermophysical properties, sorption and high elastic modulus. Carbon 

fibers are crystalline filaments of carbon that have a regular hexagonal pattern of carbon sheets. 

Moreover, due to their inherent biocompatibility (in vivo and in vitro), they are extensively used in the 
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production of artificial heart valves, purulent wounds, in the treatment of bone fractures and for making 

bio composites. Carbon fibers are produced by high temperature conversion during the pyrolysis of 

carbon-rich precursors [203]. 

The fracture toughness of bioceramic or cement composites can be increased by adding carbon fibers. A 

300% increase in fracture toughness of alumina-single-walled carbon nanotubes (SWCNTs) composites 

was reported [204]. In another report, a 69% improvement in fracture toughness for silica-CNT 

composites by loading only 0.05 wt % CNTs was obtained [205]. A significant increase in the fracture 

toughness of BaTiO3-CNTs composites was described when loading 0.5, 1 and 3 wt %, respectively 

[206]. Wang also reported a moderate improvement of 15% for ZrB2-SiC-multi-walled carbon nanotube 

(MWCNT) nanocomposite (2 wt %) [206]. He successfully manufactured composites comprising of 

micrometer-sized carbon fibers (CFs) and also made biocompatible nanocrystalline calcium 

hydroxyapatite that contained carbon fibers by 1.0, 2.0 and 5.0 wt %. Moreover, he reported the 

manufacturing of a HA-carbon fiber composite via hot pressing by using high temperature, pressure and 

argon atmosphere. The resulting composite had improved fracture toughness and strength [207]. In 

another instance, the microabrasion resistance of carbon fiber based reinforced and non-reinforced 

hydroxyapatite was worked on. Commercial grade Hap and carbon fibers were used by hot pressing. The 

researchers used a temperature of 1000–1150°C and 25 MPa pressure with 15 min pressing time in an 

argon atmosphere. Most researchers have used the microhardness indentation method to measure fracture 

toughness (KIc) of carbon-based bioceramic or cement composites due to the small sample sizes [208]. 

A chemical treatment performed to activate the fiber surface to improve the adhesion adhesion with 

surrounding matrix concerned the conditioning of the fibers surface, using molecules such as carboxylic 

acid, sulfuric acid, nitric acid, alkali, formaldehyde and isocyanate [209, 210]. 

The main drawbacks associated with the use of fiber-reinforced bioceramics or cement include the 

tendency of fibers to agglomerate due to their high Van-der-Walls forces of interaction among carbon 

particles and light weight and the low interfacial adhesion between the fibers and the matrix. This 

tendency to agglomerate has obstructed their application in various fields. In this context, surface 

functionalization/modification processes that can reduce this agglomeration tendency and increase the 

fiber–bioceramics interfacial adhesion through covalent or ionic bonding were proposed [207]. Several 

functionalization strategies were reported for fibers, including wet oxidation (oxidation using potassium 
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permanganate, hydrogen peroxide, sulfuric acid, nitric acid, etc.), dry oxidation (oxidation by using 

plasma, air, ozone, etc.), surface adsorption and encapsulation [211]. 

The oxidation of carbon fibers can be carried out in both wet and dry conditions. Strong acids, such as 

H2SO4, HNO3 or a mixture of the two with a strong oxidant, i.e., KMnO4, is used for the wet oxidation 

of CFs and ozone or reactive plasma is used for the oxidation of CFs in dry conditions. Wet oxidation is 

the most cost-effective process for the surface modification of CFs. A few studies have indicated that the 

addition/activation of some functional groups on CF surface favors the bonding between material and 

carbon fibers; in particular, defects caused by oxidants on the surface of carbon fibers are stabilized by 

bonding with hydroxyl (-OH) or carboxylic acid (COOH) [211, 212]. 
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CHAPTER 2: DEVELOPMENT OF MECHANICALLY     

REINFORCED POROUS APATITE SCAFFOLDS 

Calcium phosphates, particularly hydroxyapatite (HA) have been widely investigated and recognized as 

suitable material to develop scaffolds for bone regeneration applications, mainly due to optimal chemical 

mimicry with the natural inorganic component of bones [1-9]. In addition to chemical mimicry, the 

presence of wide open and interconnected porosity represents a major factor contribution to the complete 

integration of the scaffold with the surrounding biological tissue and the achievement of effective 

mechanical stability, overtime. 

In spite of such a great potential, the main drawback associated to hydroxyapatite is its intrinsic 

brittleness poses significant limitation to their clinical use, as it can result in irreparable mechanical 

damages and sudden failure of the scaffolds. This is a major reason making the regeneration of load-

bearing bone defects such as maxillofacial regions and spine region, a still unmet clinical need of great 

socio-economic relevance [10-13]. The maximum fracture toughness of dense HA bioceramics is 

reported as approximately 1.0 MPa·m1/2, which is only half of the minimum reported fracture toughness 

of cortical bone, previously reported in the range 2.0-12.0 MPa·m1/2 [14]. In fact, the human cortical bone 

can be considered as a composite material mainly composed by type-I collagen and biological HA. 

However, biological HA significantly differ from synthetic, stoichiometric HA in terms of chemical 

composition and bio-functional abilities, due to multiple substitutions of Ca2+ and PO4
3- ions with various 

foreign ions such as Mg2+, Zn2+, K+, Sr2+, Fe2+, Mn2+, Mo3+, Cu2+, Ni2+, and CO3
2− which in biological 

HA are relevant drivers and modulators of the bone tissue metabolism[15, 16].   

To mimic the chemical composition of biological HA, various foreign ions can be introduced into the 

HA crystal lattice during synthesis, seeking to improve key biologically relevant features of HA-based 

biomedical devices. In particular, the doping with Mg2+ and Sr2+ ions is considered as particularly 

relevant, since they are major bioactive player in the processes of new bone formation and turnover [10]. 

These ions are capable to influence the crystallinity, grain size, morphology, thermal stability and 

degradation rate of HA powders which reflect on the bioactivity, mechanical and solubility of HA 

scaffolds [17-20]. Ion-doped HA has been widely studied in terms of their microstructure, mechanical 

and biological properties because can provide combined benefits when doped at appropriate 

concentration [21-24]. The ion doping of HA powders also affects the surface charge of the particles, 

resulting in different flow behavior of the slurries [25, 26]. In particular, considering the preparation of 
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hydroxyapatite slurries, previous studies highlighted that the ion doping in apatite reduces the 

crystallinity extent, inhibits the grain growth and alter the surface state in terms of charged groups, thus 

affecting the affinity with water and in turn the rheological properties[27-30]. 

Several processing techniques have been described in literature to prepare porous bone scaffolds with 

complex shapes and morphology, including replica method, sacrificial template and direct foaming 

method [31, 32]. Moreover, 3D printing was established as an effective method for the preparation of 

scaffolds with controlled morphology and porosity  [33, 34]. The design of porous bioactive scaffolds 

based on hydroxyapatite basically involves the preparation of powders, then manipulated in form of 

aqueous slurries, that are ternary systems involving water, powder particles and organic dispersants. For 

this reason, the preparation of stable, homogeneous and handleable colloidal dispersions of powders in 

water is required to prevent final structural defects. The flow behaviour of hydroxyapatite slurries is 

mainly affected by the content of solid particles, due to the attractive and repulsive forces between the 

surface of the particles and their degree of agglomeration [35, 36]. The capability to prevent the 

agglomeration of powder particles is mandatory to control the homogeneity of the slurry and the final 

scaffolds, avoiding density gradients or undesired air entrapping [37].  

On this basis, a significant contribution of my research activity was focused on rheological 

characterizations of hydroxyapatite (HA) slurries, towards the fine control of the rheology based on 

powder amount, calcination temperature, dispersant amount as well as ion-doping and then on a forming 

process based on direct foaming of ceramic suspensions. 

In terms of mechanical reinforcement, a useful approach to enhance the mechanical properties of 

bioceramics, such as the energy required for fracture generation, is reported as the incorporation of 

secondary phases (e.g. zirconia, bioglass, fibers, HA whiskers) [10]. Among the various reinforcement 

materials, carbon fibers has been considered as an excellent choice due to its remarkable strength, 

excellent biocompatibility and toughening performance [38]. Carbon fibers (CF) have found extensive 

applications in clinical biomedicine owing to their inherent biocompatibility, chemical stability, 

favorable mechanical characteristics, low density and resistance to corrosion [39] [40, 41]. Some studies 

reported moderate inflammatory response of carbon fibers in the body. In the majority of cases the 

inflammatory responses were associated with considerable length and a high aspect ratio of carbon fibers, 

can be diminished by other factors like homogenous dispersion in biocompatible and bioactive materials 

such as apatite’s [42] .  
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In this contest, I investigated novel approaches for the reinforcement of HA scaffolds by addition of 

fibers, particularly carbon and alumina fibers into the apatite slurries as toughening agents. 

2.1. Materials and Methods 

2.1.1. Rheology of hydroxyapatite slurries  

Commercial HA powder (Merck, Germany) was used as a starting material in this study. The XRD 

patterns exhibited pure apatite phase (JCPDS Card No. 09-0432). The HA powders were thermally 

treated at 800°C and 1000°C (heating rate=100°C/h, dwell time=1 hour) and sieved under 150 µm. Then, 

the preparation of slurries was performed by dispersing HA in distilled water, by using the alkali-free 

polyelectrolyte polymer “Dolapix CA” (Zschimmer and Schwartz, Germany) as dispersant agent, 

according to a previously reported route [43].  

Several combinations of slurries prepared with HAcom (non-thermally treated powders), HA800 and 

HA1000 were characterized to investigate the effect of different calcination temperature (T), powder 

amount (P) and dispersant amount (D) on the flow behaviour of slurries, according to Table 2-I. The 

dispersant was calculated as dispersant/water ratio (vol%). 

Table 2-I: Composition of slurries with respective sample codes. 

Sample Code Powder Dispersant/water 

(vol%) wt% (vol%) 

24/0 50 (24) 0 

24/0.2 50 (24) 0.2 

24/2 50 (24) 2 

16/0 37 (16) 0 

16/0.2 37 (16) 0.2 

16/2 37 (16) 2 

6/0 17 (6) 0 

6/0.2 17 (6) 0.2 

6/2 17 (6) 2 

2.1.2. Rheology of ion-doped hydroxyapatite slurries  

Stoichiometric HA was synthesized by co-precipitation method [44, 45], using calcium hydroxide 

(Ca(OH)2, Sigma Aldrich, St. Louis, MO, USA) and orthophosphoric acid (H3PO4, Sigma Aldrich) as a 

raw material shown in Figure 2.1. In particular, an aqueous solution of 3 mM Ca(OH)2 (99%) was 
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prepared in a 500 mL Florence flask and stirred for 30 min at 40°C. Then, a dilute 1 mM H3PO4 (95%) 

aqueous solution was added to the continuously stirred calcium hydroxide solution, with controlled 

peristaltic pump (1 ml/min). The mixture was stirred for a further 2 h, followed by aging overnight at 

room temperature. After this, the precipitates were washed with distilled water until the pH = 7. The 

resulting precipitate was dried overnight at 40°C to remove excess water and sieved below 150 μm.  

For the synthesis of ion-doped HA [46-48], the same route was repeated by introducing salts 

(MgCl2∙6H2O and SrCl2·6H2O, Sigma Aldrich) containing the doping ions in appropriate amounts to 

prepare Mg-doped HA (Mg/(Ca+Mg) = 5 mol%), Sr-doped HA (Sr/(Ca+Sr) = 5 mol%) and co-doped 

Mg-Sr-HA (Mg/(Ca+Mg+Sr) = Sr/(Ca+Mg+Sr) = 2.5 mol%).  

Various combinations of slurries were prepared by dispersing stoichiometric and ion-doped HA powder 

in milliQ water upon addition of an anionic polyelectrolyte as dispersant agent (Dolapix CA, 25 wt% of 

active ingredient, density 1.1 g/mL, Zschimmer and Schwartz, Germany). Slurries with different powder 

amounts and dispersant amounts calculated with respect to the total slurry weight were studied, according 

to Table 2-II. 

Table 2-II:Composition of stochiometric and ion-doped HA slurries, with respective sample codes   

Sample Code Powder Dispersant 

(wt%) 

Water 

(wt%) wt% (vol%) 

49/0 49 (23) 0 51 

49/3 49 (23) 3 48 

49/6 49 (23) 6 45 

33/0 33 (13) 0 67 

33/3 33 (13) 3 64 

33/6 33 (13) 6 61 

The correlation of the zeta potential (ζ) with rheological behavior with a comprehensive compositional 

parameter for the dispersant was achieved by introducing the parameter β defined as the mass of active 

dispersant molecule ( ) per unit of total surface area of the powder: 

     (1) 

where SSA is the specific surface area of the powder and  is the mass of powder. 
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Figure 2-1:schematic diagram of Ion-doped HA synthesis and their rheological characterizations 

2.1.3. Mechanically reinforced HA scaffold with fibers 

Reinforced HA scaffold with carbon fibers: Carbon fiber-reinforced HA composite was prepared by 

pressureless sintering. For the development of composite, commercial HA powder were calcinated at 

1000°C for 1 hour and sieved under 150 µm. Carbon fibers (C.F) with tensile strength of 3500 MPa and 

average diameters 7 μm (TohoTenax Co, Ltd) were ultrasonically cleaned in acetone at room 

temperature, washed by distilled water until the pH=7, referred to untreated C-fibers. 

To enhance the surface properties, the C-fibers were treated with a combination of various acids at 100°C 

for 1 hour [49], shown in Table 2-III. Then, treated C-fibers were thoroughly washed with distilled water, 

before testing the surface characteristics of different C-fibers in order to remove physically absorbed 

acids or residues.   

Table 2-III: Combinations of different acids for surface activation of carbon fibers. 

Sample Code Acid solutions Volume ratios 

A HNO3 10 

B HNO3: H2SO4 6:4 

C HNO3: H2SO4 : H3PO4 2: 4 : 4 

D HNO3: H2O2 8: 2 

E  3*HCl: 1*HNO3 (aquaregia) 7.5: 2.5 

F Control (untreated) 10 

Then, acids-activated C-fibers were immersed in CaCl2 solution and then, added into buffered Phosphate 

solutions [50] (Figure 2.2).  
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Figure 2-2: Activation and mineralization of carbon fibers 

Mineralized C-fibers were manually cut up to 2-3 mm and mixed into HA slurries by wt% ratio of HA: 

H2O: Dispersant: C-fibers (72: 23: 4: 1). The resulting fibers containing slurries were dried in dedicated 

moulds at room temperature for 24 hours and sintered at 1200°C for 1h in N2 atmosphere.  

Reinforced HA scaffold with alumina fibers; Alumina fibers with two different compositions were 

explored for the development of alumina-fiber reinforced HA composite, showed in Table 2-IV.  

Table 2-IV: Alumina fibers blanket with different composition. 

Fiber type Al2O3  

(wt%) 

SiO2 

(wt%) 

Fe2O3 

(wt%) 

CaO 

(wt%) 

Alumina-Silica Blanket 56 27 <1 11 

Pure alumina saffil blanket 96 3 <1 0 

 

a. The slurries containing hydroxyapatite and alumina-silica fibers were prepared by varying the HA 

content, upon the addition of dispersant and fibers amount. The alumina-silica fibers were added to the 

slurry by two different methods, namely impregnation and mixing. The impregnation method involved 

the addition of alumina blankets into HA slurries, followed by manual deformation of the resulting 

composite, to achieve complete impregnation. 

Conversely, the mixing method involved the addition of chopped small pieces of blankets during the 

mixing procedure of a slurry with a high-energy planetary ball mixing device or high-energy shear-

mixing device without grinding media. 
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Different combinations of slurries were prepared by mixing HA powder calcinated at different 

temperatures, dispersant and alumina blanket amount, to analyse the mechanical strength of alumina 

fibers reinforced HA composite, shown in Table 2-V.  

Table 2-V: Combination of samples for mechanical strength tests with respective sample codes. (*) 

Replica method; (**) Direct foaming method 

Sample Code Calcination 

Temperature 

(°C) 

Slurry composition  

(wt%) 

Alumina fibers (wt%) wrt 

HA powder 

HA Water Dolapix 

C1 - 52 43 5 20 

C2 - 52 43 5 40 

D1 (*) 1000 73 23 4 
 

D2 1000 52 43 5 15 

D3 1000 67 27 6 
 

D4 1000 67 27 6 30 

D5 1000 77 19 4 26 

D6 (**) 1000 64 32 4 15 

 

b. Similarly, several combinations of pure alumina fibers-reinforced HA slurries were prepared by 

mixing HA powder, dispersant and fibers (2-3mm) amount using high energy share mixing, shown in 

Table 2-VI. 

Table 2-VI: Combinations of alumina fibers reinforced HA slurries 

Sample code HA 

(wt%) 

Water 

(wt%) 

Dolapix 

(wt%) 

Alumina Fibers (wt%) 

 wrt powder 

A0 72 22 6 0 

A2 72 22 6 7 

A5 72 22 6 17 

A10 72 22 6 34 

 

Then, the final fiber-reinforced HA slurries were dried at room temperature in dedicated moulds and 

sintered at 1200°C for 1h.   
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Direct Foaming Method 

Sample D6 in Table 2.V was prepared using direct foaming process. HA powder calcined at 1000℃ was 

dispersed in distilled water with a dispersant and chopped alumina fibers (2-3mm), in 250ml zirconia jar 

containing 6 zirconia balls (15mm diameter), a high-energy ball milling (Pulverisette 6, Fritsch, 

Germany) treatment were used for 30 minutes at 400 rpm to prepare the slurry. Following this, foaming 

agents containing 1.87 wt% Olimpicon A (Olimpia Tensioattivi, Italy) and 0.87 wt% W53 (Zschimmer 

and Schwartz, Germany) were added to slurry in proportion to the powder amount. After 5 minutes of 

continuous mixing at 400 rpm, a foamed suspension was formed, poured into paper moulds and dried for 

2 days at room temperature to produce stable ceramic foams.  

Replica Method 

Macroporous apatitic specimens prepared by replica method (coded as D1 in Table 2. V) were used as 

control samples for compressive strength tests. Briefly, commercial HA powders were mixed in distilled 

water with dispersant through energy shear mixture. Then, cellulose sponges were impregnated into 

slurries. To achieve the appropriate infiltration of the slurry, various techniques of sponge manipulation, 

including wringing out, rolling up and twisting were performed. Subsequently, the sponges underwent a 

drying process under gentle vacuum circumstances at a temperature of 37°C. Then, it was followed by 

sintering, in order to remove the organic matrix of the sponge and simultaneously enhance the structural 

integrity of the final apatite-based formations, while preserving the original shape of the sponge.  

 

Figure 2-3: Impregnation of Cellulose sponge in HA slurry. 

Finally, the sample were subjected to a high-temperature thermal treatment, as indicated in Table 2-VII, 

which included an initial debonding phase, remove the organic matrix (sponge) and simultaneously 

enhance the structural integrity of the final apatite-based formations.  
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Table 2-VII: Sintering cycle 

Temperature (°C) Temperature rate (°C/h) 

25 - 1250 100 

1250 1 h (dwell time) 

 

Three specimens (size: 2 cm x 1 cm x 1cm) were prepared for compression test. The relative porosity of 

each specimen was calculated according to geometric method with the theoretical density of HA (3.16 

g/cm3).  

2.1.4. Characterizations 

The phase composition of samples were investigated by X-Ray diffraction (D8 Advance, Bruker, 

Karlsruhe, Germany, equipped with a LINXEYE detector using monochromator CuKα radiation) in the 

2θ range 10° to 80° with a scanning step of 0.02°. The lattice parameters refinement was performed 

according to the Rietveld method. The Fourier-transform infrared spectroscopy (FTIR) was performed 

by a spectrometer (Nicolet IS5, Thermo Fisher Scientific, U.S.A.) to investigate the presence of specific 

functional groups. For FTIR analysis, sample were grinded with 5% KBr in an agate mortar and 

compressed to small pellets, analysed within range from 500 to 4000 cm−1. Thermogravimetric 

analysis were performed using Simultaneous Thermal Analyzer TG-DSC (STA 449 F3 Jupiter, Netzsch 

Geraetebau) within temperature range (20-1200℃) under N2 atmosphere.  Particles size distribution was 

analysed using an X-ray instrument based on the Stokes’ sedimentation equation (SediGraph 5100 

instrument, Micromeritics, USA), by dispersing of powder into aqueous solutions of sodium 

hexametaphosphate (0.05 wt%). The specific surface area (SSA) was calculated by nitrogen adsorption, 

with Brunauer–Emmett–Teller (BET) method (Surfer, Thermo Scientific, USA). The porosity of the 

powders was evaluated by Thermofinnigan 240 Pa on the intrusion of mercury through controlled 

pressure (0.1-200 MPa). Inductively Coupled Plasma-Optical Emission Spectroscopy (ICP-OES) (5100. 

Agilent) was used to determine the elemental composition of the powders. Field Emission Scanning 

electron microscopy (FE-SEM) (Zeiss-SIGMA, Carl Zeiss Microscopy GmbH) was employed to study 

the morphology of the powders. 

The stability of HA slurries was assessed by pH and ζ-potential measurements, as well as viscosity and 

viscoelasticity tests. The zeta potential (ζ) was studied as indicator of the colloidal stability of the slurries, 

https://www.sciencedirect.com/topics/biochemistry-genetics-and-molecular-biology/thermogravimetric-analysis
https://www.sciencedirect.com/topics/biochemistry-genetics-and-molecular-biology/thermogravimetric-analysis
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as the electrostatic repulsion between particles comes directly related to the value of ζ, resulting in a more 

stable slurry with increasing the dispersant amount. The pH and Zeta potential of suspension was 

measured by zeta potential (DT-310, Dispersion Technology Inc.). The viscosity of HA slurries was 

measured with a Bohlin CVOR controlled stress rheometer (Bohlin Instruments Limited) with a rough 

parallel plate geometry (25 mm diameter) and 1000 μm gap size between plate and lower disk. The shear 

viscosity data were recorded as a function of shear rate applying a sequence of discrete steps, after 60 s 

of equilibration step time, in stress viscometry mode. Continuous shear stress measurements were 

performed by increasing shear rate in the range 0.1–1000 Pa. To improve the reproducibility of the tests, 

the slurries were pre-sheared for 30 seconds at an appropriate shear rate. The measurements were carried 

out at a constant temperature of 25°C, with a solvent trap to prevent water evaporation during the tests. 

Dynamic tests were performed in an oscillatory mode, to investigate the linear viscoelastic region 

(LVER), that is the range of proportionality between stress and strain until non-linearity and 

microstructural breakages. The amplitude sweep tests were performed at a constant frequency of 1 Hz, 

with increasing the shear stress in the range 0.1-1000 Pa. In this way, 1, 10 and 25 Pa was selected as 

adequate stress for HA1000, HA800 and HACom respectively, preventing microstructural damage and 

used as constant during the frequency sweep in the range 0.1-10 Hz.  

The mechanical properties of samples were evaluated by compressive and 4-point bending tests. Five 

parallelepiped specimens with size/volume (1 x 1 x 2 cm / 2 cm3) for compressive strength and five 

rectangular specimens with dimension (1 x 1 x 6 cm / 6 cm3) for 4-point bending strength of each sample 

were prepared, grinded and polished. A schematic illustration and equation for compressive tests is 

presented in given Figure 2.4. 

  

Figure 2-4: schematic illustration and equation for compressive tests 

where  is compression strength (MPa), F is applied load (N) and A is area (cm2) of the specimen. 
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A schematic illustration and equation for 4-point bending tests is presented in given Figure 2.5.  

 

Figure 2-5: schematic illustration and equation for 4-point bending tests 

where  = Bending strength (MPa), F = load (N), l = support span (mm), b = Width of test sample (cm) 

(b>d), d = Height of tested sample (cm). 

A Zwick Roell Z050 machine was used to perform compressive and 4 point-bending tests, in 

displacement control, with a speed of 1 mm/min.  

2.2. Results and Discussion 

2.2.1. Rheology of hydroxyapatite slurries  

The XRD, FTIR and SEM analysis of non-calcinated HA and calcinated HA powders are reported in 

Figure 2.6. The XRD spectra of HA_0, HA_800 and HA_1000 show strong peaks at 2θ values of 25.87°, 

31.78° and 32.98 which are characteristic peaks of pure HA according to JCPDS Card No. 09–0432. The 

thermally treated powders exhibited higher crystallinity, confirmed higher intensity of the peaks, peak 

narrowing and splitting with increasing the diffraction angles, ascribed to the coalescence of small grains 

through grain boundary diffusion [24]. The A complete assignment of FTIR bands of non-calcinated and 

calcinated HA powders confirmed the pure HA, in absence of phase transformation (Figure 2.6 b), in 

agreement with XRD results. The FTIR peaks detected between 560-620cm-1 correspond to P-O bending, 

while peaks at 1091cm-1 are attributed to stretching of PO3
-4. Moreover, a broad peak at 3435 cm-1 is 

attributed to H-O-H group [51]. The intensity of peaks increase, while also sharpening, with increasing 

calcination temperatures of HA, indicating heigh degree of crystallinity in the resulting calcined powder 

[52]. 
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Figure 2-6: Physico-chemical characterization of HA: a) XRD, b) FTIR, c) morphology of HA800, d) 

morphology of HA1000 (scale bar = 20μm) 

The morphology of HA powders was also investigated by SEM (Figure 2.6 c & d), demonstrating that 

particle size and grain growth significantly increased with increasing the calcination temperature [53]. 

The specific surface area (SSA), particle size and crystalline size of HA powders were calculated in Table 

2-VIII. The calcination of HA powder resulted in a significant decrease of specific surface area as 

compared to the non-calcinated HA due to particles densification and coalescence.  

Table 2-VIII: Effect of different calcination temperatures on the crystalline size and SSA of HA powder 

Calcination 

(°C) 

Particle size (μm) SSA 

(m²/g) 

Crystalline 

size (nm) 

Crystallinity 

(%) d10 d50 d90 

0 - 0.48 3.30 96.88 24 11 

800 0.32 1.12 2.86 29.24 65 34 

1000 0.51 1.52 5.05 5.12 97 80 

The HA slurries can be defined as ternary systems involving aqueous dispersions of powder particles and 

dispersants. Here, we introduced some physically relevant parameters to describe their preparation and 

characterization: 
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   (1) 

where Vp refers to the volume of powder and Vs to the overall volume of the slurries and  

   (2) 

where md refers to the Dolapix active molecule mass and Ap to the specific surface area (SSA) of the 

powder content (mp) in the sample (Ap = SSA ∙ mp). 

Two other parameters were also introduced, according to an operative point of view. 

   (3) 

where mp refers to the mass of powder and mW
0 to the mass of water and  

   (4) 

where Vd.sol refers to the volume of Dolapix and VW
0 to the mass of water. 

Furthermore, a dependance among the parameters can be also identified as follows. 

       (5) 

where ρw and ρp refers to the densities of water (1 g/cm3) and HA (3.16 g/cm3), respectively and 

       (6) 

where  refers to the concentration of dispersant active molecule (25 wt%) and  refers to the 

density of Dolapix (1.1 g/cm3). 

The effect of calcination temperature, powder and dispersant amount on the colloidal stability of the HA 

slurries was determined by zeta potential and pH measurements (Figure 2.7).  
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Figure 2-7: a) zeta potential; b) pH as function of β for non-calcined and calcined HA powder 

In particular, the parameter β was introduced, defined as the mass of active dispersant molecule ( ) per 

unit of total surface area of the powder. 

As increasing calcination temperature up to maximum value 1000°C, the slurries become more stable, 

resulting in decreased of corresponding absolute zeta potential curve due to repulsion of large HA 

particles. As shown in Fig. 2.7 (a), the HA1000 suspension with powder concentration 24 vol% showed 

a absolute minimum zeta potential value. The amount of dispersant used was referred to the particle 

specific surface area, because the degree of stabilization also depends mainly on the amount of dispersant 

adsorbed on the solid particle’s surfaces. Additionally, it is worthwhile to consider this parameter with 

the comparison of specific surface area of calcined and non-calcined HA powder.  

The zeta potential of HA slurries was decreased as amount of dispersant “Dolapix CA” increased, so 

consequently maximum zeta potential in absolute value was observed at 2.43mg/m2 of β. Meanwhile, 

the pH of slurries leads toward average value 9 by increasing dispersant amount shown in Figure 2.8.  
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Figure 2-8: pH as function of zeta potential for non-calcined and calcined HA powder 

The effect of solid loading on the flow behavior of slurries prepared from calcinated HA at 0, 800 and 

1000°C were thoroughly investigated by measuring the viscosity against shear-stress. Figure 2.9. shows 

the viscosity-shear rate curves of slurries prepared from different volume percentage such as 6, 16 and 

24 vol% of solid loading of HA, respectively.  We observed that viscosity of all the prepared slurries 

shown in Table 3.1, was decreased significantly as increasing the shear rate from 0.1 to 1000 pa, that 

exhibit the shear thinning behavior of slurries. At 0.1pa, the continuous phase liquid was immobilized 

within large flocs network of HA slurries. At specific high shear rate, the flocs network breaks down into 

small and more order flocs in trapped liquid phase, suddenly a large drop in viscosity was observed. 

Additionally, it is clearly demonstrating that, for a given shear rate, an increase in the slurry solid loading 

results in a significant rise in the slurry viscosity. Figure 2.9 a. shows the viscosity-shear stress curves of 

slurries prepared from different volume percentages (6, 16 and 24 vol%) of solid loading of non-

calcinated HA. The maximum solid loading of non-calcinated HA was observed 24vol%, because of 

more flocculated behavior of non-calcinated HA slurry as compared to calcinated HA slurry.  

A significant decreased in the viscosity was observed in same range of shear stress when calcinated HA 

at both 800 and 1000°C slurries were studied.  This significant reduction in viscosity is corelated with 

large reduction in specific surface area and specific increase in particle size of HA powder after treating 

at 800 and 1000°C. It was observed that the tremendous improvement in the flow behavior of calcinated 

HA slurries. However, the highest solid loading for calcinated HA at 1000°C was found to be 39vol%. 

Because calcination at high temperature changes the physical properties of power give the chance to 

prepare the high solid loading slurries.  
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Figure 2-9: Viscosity-shear rate relationship of slurries prepared with a) non calcinated HA, b) HA 

calcinated at 800°C and c) HA calcinated at 1000°C. 

The same results are also qualitatively represented in Figure 2.10, where viscosity was calculated at 

constant shear stress 10Pa against dolapix/water (vol%) with different solid loading. It is appreciable that 

with increasing the solid content both dispersant and calcination temperature play crucial role in tuning 

the viscosity, particularly the thermal treatment, showed a tremendous effect on rheological properties 

of HA slurries.  

 

Figure 2-10: viscosity as a function of “β” at shear stress 10pa for the HA slurries to studies the effect of 

solid loading, calcination temperature and dispersant amount. 

To highlight the differences between the behaviour of the slurries of various calcinated powders, as well 

as the effect of the solid loading and dispersant amount, the rheological data were also co-related with β 

coefficient (Figure 2-11). 
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Figure 2-11: Viscosity – β relationship of HA slurries 

As a general behaviour for all the slurries, the viscosity increases with increasing solid phase. For low 

solid loadings, the distance between particles in slurries allows water molecules to flow easier, thus 

reducing the stress required to move the slurry. At higher solid loadings, less liquid is available between 

the particles, causing the particles to collide and stick together, leading even to massive agglomeration. 

The lowest viscosity was observed by HA1000 slurry prepared with solid loading 24 vol% and 2 vol% 

of dispersants, in agreement with its lower specific surface area. However, at 6 vol% the HA1000 slurries 

have the lowest viscosity. The calcination temperature is capable to vary the physical properties of 

powders, namely reducing the SSA, allowing the preparation of higher solid loading slurries.  

In addition, dynamic frequency sweep measurements of slurries were performed in order to understand 

the flow behaviour of prepared slurries by non-calcinated and calcinated HA at 800 and 1000°C.  These 

experiments examine the elastic and viscous moduli against frequency sweep at controlled shear stress 

10Pa for different solid loading of non-calcinated and calcinated HA at 800 and 1000°C with various 

vol% of solid loading and dispersant amount. Nevertheless, it is widely recognized that the estimation of 

the yield strength of a ceramic suspension can be achieved through the analysis of dynamic stress sweep 

curves. One potential approach for measuring the yield strength of a ceramic suspension involves 

identifying the point at which the elastic modulus curve intersects with the viscous modulus curve [54]. 

Figure 2-12a shows the elastic moduli as a function of frequency at constant shear stress for different 

volume percent (6, 16, 24 vol%) of solid loading of HA and Figure 2.12b shows the elastic moduli as a 

function of frequency at constant shear stress for non-calcinated and different calcinated HA slurries.  
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Figure 2-12: Elastic moduli as a function of frequency (a) for different powder content (b) for non-

calcinated and different calcinated HA slurries at constant shear stress. 

Minor changes in dispersant amount were associated to significant variations of the rheological properties 

of HA slurries. The calcination temperature had also a significant contribution on suspension stability, 

while dispersant showed a clear transition as the powder concentration increased. This improvement in 

rheological behaviour is ascribed to large decrease in the specific surface area of HA powder by heat 

treatment. It was observed that the surface area of the non-calcinated HA powder, that was approximately 

96 m2/g, was significantly decreased to 29 m2/g and 5 m2/g for powder heat-treated at 800 and 1000 ℃, 

respectively. In addition, the non-calcinated powder is distinguished by a large pore volume percentage 

when compared to those heat-treated at 800 and 1000 ℃ [24, 37]. Figure 2.13 shows the elastic moduli 

was calculated at constant frequency 1Hz against dolapix/water (vol%) with different powder 

concentrations. It is appreciable that with increasing the solid content both dispersant and calcination 

temperature play an important role in tuning the elastic moduli, particularly the thermal treatment, 

showed a tremendous effect on rheological properties of HA slurries.  
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Figure 2-13: Elastic moduli as a function of dispersant/water for non-calcinated and different calcinated 

HA slurries at constant frequency 1Hz for different powder content. 

Based on the results, it is feasible to prepare HA slurries with a substantial solid loading of 39vol% using 

HA powder subjected to heat treatment at 1000°C, exhibiting favourable rheological properties suitable 

for casting and 3D printing process.  

The calcination treatment of the HA powder resulted in the formation of more rounded particles 

intercalated to micron-size pores (Figure 2.14) because of thermal activation of surface diffusion 

processes, which only slightly reduced the initial powder particles' coalescence and prevented grain 

growth. SEM pictures indicate that HA grains are tightly linked together and have a spherical pore 

structure, demonstrating that the calcination treatment was successful in conserving enough driving 

energy to produce widespread surface and grain-boundary diffusion and full neck growth between 

particles. 

 

Figure 2-14: SEM image of surface of a) HA calcinated at 800°C and b) HA calcinated at 1000°C bodies 
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2.2.2. Rheology of ion-doped hydroxyapatite slurries 

The stoichiometric and ion-doped HA powders exhibited similar XRD diffraction patterns, in accordance 

with JCPDS Card No. 09–0432, with no secondary crystalline phases (Figure 2.15).  The XRD patterns 

exhibits strong peaks at 25.87°, 28.96°, 31.77°, 32.90°, and 39.85° values, which correspond to the planes 

of the HA crystal lattice. The XRD pattern of MgHA has strong peaks at 25.87°, 28.96°, 31.74°, and 

34.04° angle. The observed peaks have a resemblance to the peaks seen in the XRD pattern of HA, but 

with a minor shift towards lower angles. This suggests that the introduction of magnesium ions has 

caused a slight expansion of the HA lattice because of smaller ionic radius of strontium compared to 

calcium. The XRD pattern of SrHA has main peaks at 2θ values of 25.87°, 29.28°, 31.81°, 32.99°, and 

39.84°, which have been somehow displaced towards higher angles. This suggests that the incorporation 

of strontium ions has caused a slight contraction of the size of the HA lattice due to larger ionic radius 

of strontium compared to calcium. While XRD pattern of MgSrHA has significant peaks at 25.84°, 

31.71°, 32.88°, and 34.01°, positioned in between the XRD patterns of MgHA and SrHA. This suggests 

that the presence of magnesium and strontium ions has caused an intermediate effect on the HA lattice. 

This intermediate effect is likely due to the combined influence of the smaller ionic radius of magnesium 

and the larger ionic radius of strontium. 

 

Figure 2-15: XRD analysis of stoichiometric and ion-doped HA. 

The analysis of the crystal structure by Rietveld analysis (Table 2-IX) reported slightly modified cell 

parameters in ion-doped HA with respect to the stoichiometric HA, in compliance with partial 

substitution of calcium with foreign ions [55]. In particular, a slight decrease of c axis was associated to 

Mg-doping [56], while higher cell volume were calculated for Sr-doped HA [57]. Here, the co-doping 
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with Mg and Sr was associated to higher volumes, even if lower than reported [58]. Given the constant 

c/a, no significant lattice distortions were observed with ion-doping. 

Table 2-IX: Refined lattice parameters and calculated cell volume for HA and ion-doped HA. 

 a-axis (Å) c-axis (Å) c/a (-) Vol (Å3) 

HA 9.4297 6.8953 0.731 530.99 

MgHA 9.4357 6.8860 0.730 530.94 

SrHA 9.4496 6.9159 0.732 534.83 

Mg-Sr-HA 9.4521 6.9000 0.730 533.88 

The FTIR analysis also presented the typical patterns of hydroxyapatite (Figure 2.16). The vibrational 

bands appeared at 562 and 603 cm−1 were ascribed to O-P-O bending, while peaks at 962 and 1034 cm−1 

were both attributed to the stretching of PO3
-4, despite a slight calcium deficiency. In addition, the peaks 

at 874, 1339 and 1456 cm−1 associated to CO3
2− group were also found in all patterns. The peak at 632 

cm-1 and the broad peak at 3427cm-1 were attributed to OH- or structural H2O [59, 60]. The doping of 

Sr2+ or Mg2+ ions did not cause a shift in the position of the characteristic bands, but it affected the 

intensity of the broad peak at 3427cm-1 associated to OH -1, indicating that the samples had slight calcium 

deficiency due to the ion doping [61]. 
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Figure 2-16: FTIR analysis of stoichiometric and ion-doped HA. 

The weight loss ( 4-6%) observed by TGA (Figure 2.17) below 200°C is attributed to the evaporation 

of physiosorbed/structural water; the one recorded at higher temperatures was ascribed to the evaporation 

of carbonate groups [27] also confirmed in FTIR analysis. 

 

Figure 2-17: Thermogravimetric analysis (TGA) of stoichiometric and ion-doped HA. 

The thermal analysis revealed the highest weight losses for SrHA, perhaps caused by the strain and 

disruption in the lattice structure of HA owing to the incorporation of bigger Sr2+ instead of the native 

Ca2+  [62]. These flaws may serve as starting points for thermal decomposition by the breaking of bonds 

and the release of chemically bonded water molecules during heating. SrHA exhibits a higher 

susceptibility to carbonation compared to pure HA and MgHA. Sr2+ serve as nucleation sites for the 

formation of carbonate, resulting in higher weight loss due to decomposition of carbonates at higher 
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temperature. Mg-doped HA showed the highest weight loss below 200°C, possibly ascribable to the 

higher affinity of Mg2+ exposed at the surface with water[63]. 

The elemental composition confirmed the presence of the doping ions in amounts very close to the 

nominal composition of the starting mixture (Table 2-X), as well as the calcium-deficiency, with 

Cations/P mole ratios lower than 1.67 as shown by FTIR analysis. 

Table 2-X: Elemental analysis of stoichiometric and ion-doped HA. 

Sample Ca/P 

(mol%) 

(Ca+Mg+Sr)/P 

(mol%) 

Mg/(Ca+Mg) 

(mol%) 

Sr/(Ca+Sr) 

(mol%) 

HA 1.64±0.01 1.64±0.01 0 0 

MgHA 1.54±0.01 1.61±0.01 4.91±0.02 - 

SrHA 1.52±0.00 1.61±0.00 - 5.29±0.03 

Sr-Mg-HA 1.53±0.01 1.57±0.01 2.41±0.07 2.67±0.07 

The specific surface area (SSA), particle size distribution and porosity of stoichiometric and ion-doped 

HA powders were measured (Table 2-XI).  

Table 2-XI: Particle size, specific surface area and porosity measurements. 

Sample Particle size (μm) SSA 

(m²/g) 

Porosity 

(%) d10 d50 d90 

HA 0.24 0.68 5.15 115.95 51.35 

MgHA 0.32 0.72 3.44 87.29 60.91 

SrHA 0.24 1.37 10.21 94.06 44.50 

MgSrHA 0.23 0.64 4.59 85.86 40.77 

The specific surface area of powders decreased with ion doping compared to the stoichiometric HA. The 

different specific surface area is ascribable to different particle size and porosity of the HA particles [64, 

65] (see Table 2. XI). MgHA powder with greater medium particle size (d50) than the stoichiometric HA 

exhibits a corresponding increase of porosity due to the increased interparticle spacing and reduced 

densification efficiency associated with larger particles, while MgSrHA powder exhibits the opposite 

effect.  

The microstructure of the powders evidenced a size range 50-100 nm for the samples and a transition 

from needle-like to rod-like morphology of the particles in the case of ion-doped HA [66, 67], as reported 

in Figure 2.18. 
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Figure 2-18: SEM micrographs of HA (a), MgHA (b), SrHA (c) and MgSrHA (d). Figure scale bars = 1 

µm, Inset scale bar = 200 nm. 

Two concentrations of HA slurries, 33 wt% and 49 wt%, were selected for rheological 

study because they represent two crucial phases in the manufacturing of HA ceramics. With a 

concentration of 33 wt%, the slurry maintains a relatively fluid consistency, which is crucial for 

processing methods such as vat photopolymerization [68-70]. The slurry, when it reaches a concentration 

of 49 wt%, exhibits a higher viscosity, which is essential for processing techniques like extrusion [71] 

and compression moulding [72]. Highly concentrated ceramic slurries are crucial for the development of 

scaffold due to more viscous and consistent mixture, which is important for fabricating complex-

shape scaffolds through various fabrication techniques like injection moulding and 3D printing. The 

increased particle packing density further improves the mechanical strength, resilience, and elasticity 

modulus of the scaffolds, allowing them to withstand the stresses and strains experienced inside the 

human body. 
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The colloidal stability of the slurries, as estimated by the measured  potential values, increased with 

increasing the amount of dispersant and the extent of Mg2+ ions incorporated into HA, especially in the 

case of 33 wt% slurries (Figure 2.19).  

 

Figure 2-19: ζ potential as function of β for slurries with increasing powder amount of stoichiometric and 

ion-doped HA: a) 33 wt% and b) 49 wt%. 

The variation of β was obtained by keeping constant the amount of powder and increasing the amount of 

dispersant. Positive zeta potentials were obtained in absence of dispersant (i.e., β = 0); significant 

variations were obtained by adding even small amounts of dispersant, up to values in the range -30 to -

40 mV, according to good stability of sample.  

Viscosity-shear stress curves and 3D surface response of the stoichiometric and ion-doped HA slurries 

at different solid loading (33 and 49 wt%) and dispersant amount (0, 3, 6 wt%) were collected (Figure 

2.20). 
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Figure 2-20: Viscosity curves as a function of shear stress and 3D surface plots for the effect of solid 

loading and dispersant on the viscosity at a shear stress of 5 Pa for HA (a), MgHA (b), SrHA (c) and 

MgSrHA (d) slurries. 

At low shear stresses the high viscosities for the more concentrated suspensions (49 wt%) is the result of 

the aggregation of the solid particles to form complex three-dimensional networks. Upon increasing the 

shear stress, the viscosity of the slurries gradually decreases, due to the partial to complete breaking of 

agglomerates, thus revealing a shear-thinning behavior of the slurries, except for the ones of 

stoichiometric HA whose viscosity remains almost constant till the highest stresses applied. The liquid 

within agglomerates remains locally immobilized at low shear stresses, but when shear stress rises, it is 

released decreasing the friction in the flow direction. The stoichiometric and ion-doped HA slurries 

showed significant variation in viscosity in relation with their zeta potential and specific surface area, 

particularly at the highest solid loading (49 wt%). The stoichiometric HA slurries exhibited the highest 

viscosities as compared to ion-doped HA at constant solid loading and dispersant concentration, possibly 

caused by particle flocculation. The MgHA and MgSrHA slurries exhibited lower viscosities, possibly 

ascribable to the higher zeta potential (in absolute value) and lower SSA, associated also to the higher 

affinity of Mg ions with water molecules [73]. At the lowest solid loading (33 wt%) the viscosities are 

several orders of magnitude lower (even lower than 1 Pa∙s) and a Newtonian behavior is observed. The 

3D surface response graphs of stoichiometric and ion-doped HA slurries come helpful in observing the 

significant increase in viscosity at constant shear stress (5 Pa) passing from 33 to 49 wt% of solid loading. 

On the other hand, the increase of dispersant in the range 0-6 wt%, significantly decreased the viscosity 

of the slurries, mainly due to the efficient role of the anionic polyelectrolyte absorbed on the surface of 
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the particles in reducing the mean agglomerate size. It was also noticed that the dispersant amount was 

more effective at the highest solid loading. 

Considering stoichiometric HA, the threshold of solid loading to obtain a homogeneous and flowable 

paste was represented by 49 wt% (i.e., 23 vol%). Interestingly, higher maximum solid loading was 

experienced for ion-doped HA slurries (e.g. 59 wt%), mainly ascribable to the lower SSA.  

The oscillatory tests performed on stoichiometric and ion-doped HA slurries to investigate their 

viscoelastic behavior are shown in Figure 2.21 and Figure 2.22. In Figure 2.20, typical results of the 

amplitude sweep tests on stoichiometric and ion-doped HA slurries for the formulation 49/0 are plotted; 

in such tests the shear stress was gradually increased from 1 to 1000 Pa at constant frequency of 1 Hz. 

The critical shear stress at which the moduli decrease occurs at different values for the different slurries, 

but a linear viscoelastic behavior was observed between 1 and 100 Pa of shear stress for all the slurries, 

except for the MgSrHA, for which the breaking of agglomerates occurred at lower stress (around 50 Pa). 

A shear stress of 5 Pa was selected as amplitude of oscillation in the frequency sweep tests for all the 

samples.  

 

Figure 2-21: Mechanical moduli curves as a function of shear stress for 49/0 slurries: (a) HA, (b) MgHA, 

(c) SrHA and (d) MgSrHA. 

The effect of solid loading and dispersant amount on the elastic moduli of the materials as a function of 

shear stress are shown in Figure 2.21. The more diluted slurries (33 wt%) have elastic moduli around 1-
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10 Pa and their values are almost not dependent on the dispersant amount. Conversely, the addition of 

small amounts of dispersant in the concentrated (49 wt%) ion-doped HA slurries significantly decreased 

the values of elastic moduli, even more than stoichiometric HA slurries, bringing them from values 

around 105 Pa down to values similar to the ones for the diluted slurries with the addition of 6 wt% of 

dispersant, except for the MgHA slurry.  

 

Figure 2-22: Elastic moduli curves as a function of stress and 3D surface plots for the effect of solid 

loading and dispersant on the elastic moduli at a shear stress of 5 Pa for HA (a), MgHA (b), SrHA (c) and 

MgSrHA (d) slurries. 

The dependence of elastic moduli on frequency of oscillation for the different slurries was also studied 

to investigate the stiffness of the materials (Figure 2.23). Also in this case, the effect of the dispersant on 

the more diluted slurries (33 wt%) is negligible, while the addition of small amounts of dispersant in the 

more concentrated slurries (49 wt%) significantly decreases the value of the elastic moduli. In general, 

we observed that for the samples at 33 wt% of solid loading (33/0, 33/3, 33/6) and for the samples at 49 

wt% with the highest amount of dispersant (49/6) the elastic modulus increases with the frequency of 

oscillation, while the samples 49/0 (and the samples 49/3 for the HA and MgSrHA slurries) the elastic 

modulus is constant with the frequency. This suggests a transition between a solid-like behavior to a gel-

like behavior by changing solid loading and dispersant amount. 
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Figure 2-23: Elastic moduli curves as a function of frequency and 3D surface plots for the effect of solid 

loading and dispersant on the elastic moduli at the frequency of 5 Hz for HA (a), MgHA (b), SrHA (c) and 

MgSrHA (d) slurries. 

To highlight the differences between the behavior of the slurries of different powders, as well as the 

effect of the solid loading and dispersant amount, the rheological properties previously collected have 

been variously compared. In Figure 2.24 is shown the dependence of viscosity on solid loading at 

different concentration amounts for the slurries of the four powders. 

 

 

Figure 2-24: Viscosity (at shear stress 5 Pa)-solid loading curves of stoichiometric and ion-doped HA 

slurries with dispersant. (a) 0 wt%, (b) 3 wt% and (c) 6 wt%. 

The common features of all slurries is that the viscosity increases with increasing solid phase. For low 

solid loadings, the distance between particles in slurries allows water molecules to flow easier, thus 

reducing the stress required to move the slurry. At higher solid loadings, less liquid is available between 

the particles, causing the particles to collide and stick together, leading even to massive agglomeration. 

The lowest viscosity was observed for MgSrHA slurry prepared with solid loading 49 wt% and 0 and 3 
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wt% of dispersant, in agreement with its lower specific surface area. However, at 6 wt% the MgHA and 

SrHA slurries have the lower viscosities. The ion-doping in HA result in change the physical properties, 

low SSA and high zeta potential which allows the preparation of higher solid loading slurries.  

The effect of powder amount on the elastic modulus of slurries was also studied (Figure 2.25). 

Comparable elastic modulus for stoichiometric and ion-doped HA slurries were observed for slurries 

prepared with highest solid loading, in absence of dispersant. Upon addition of 3 wt% of dispersant, a 

significant decrease in elastic modulus was observed for ion-doped HA slurries at 49 wt%, while at 6 

wt% all the slurries show the same elastic modulus. 

  

Figure 2-25: Elastic moduli (at frequency 5 Hz) - solid loading curves of stoichiometric and ion-doped HA 

slurries with dispersant. (a) 0 wt%, (b) 3 wt% and (c) 6 wt%. 

The effect of dispersant amount on viscosity and elastic modulus of stoichiometric and ion-doped HA 

slurries prepared at 33 and 49 wt% is highlighted in Figure 2-26.  
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Figure 2-26: Viscosity and elastic modulus of stoichiometric and ion-doped HA slurries at different solid 

loading 

The results revealed that the viscosity and elastic modulus of the high concentrated slurries decreased 

with increasing amount of dispersant, while is slightly affected for the more diluted ones. Moreover, the 

effect of dispersant on ion-doped HA slurries was greater than on stoichiometric HA slurries. The 

dispersant adsorbed on solid particles prevents agglomeration that could cause inhomogeneities into the 

slurry.  

2.2.3. Mechanically reinforced HA scaffold with fibers 

Reinforced HA scaffold with carbon fibers 

The XRD analysis of carbon fibers and calcinated HA powders are shown in Figure 2.27 a. The XRD 

patterns exhibited pure HA, with the most prominent peaks corresponding to the (211), (300) and (310) 

crystallographic planes, as already explained in sub-chapter 2.2.1. 

The SEM micrographs of CF and calcinated HA are shown in Figure 2.26b and 3.26c. Micrograph shown 

in Figure 2.26c, revealed the presence of well-coalesced hydroxyapatite (HA) grains that are interspersed 

within micron-sized pores. 
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Figure 2-27: (a) XRD (b&c) SEM images of C-fibers and HA, Figure scale bars = 10 µm, Inset scale bar = 

1 µm. 

C-fibers were protected from decomposition at high temperatures by activation/mineralization of C-

fibers. The mineralization of C-fibres by chemical treatments aimed to activate the C fiber surface with 

COO- groups, suitable for further linking with Ca2+ ions and subsequent reaction with PO4
-2 groups to 

achieve fiber coating with HA. This approach is being carried out by using microwave reactors. SEM 

images of C-fibers after activation through mineralization demonstrate a notable increase in surface 

roughness, as shown in Figure 2.28. The smooth surface of C-fibers undergoes a transformation to 

become grooved following the oxidation process, provided deposition sites for the calcium phosphate 

coating. The surface roughness of carbon fibres enhances their adherence to the matrix by increasing the 

available bonding area for interfacial interactions between the fibres and the matrix. The formation of 

grooves or pits on the fibre surface due to oxidation serves as attachment points for the matrix, resulting 

in a reinforced connection and increased strength of the composite material. Moreover, the presence of 

roughness on the fibres might enhance their surface energy, hence enhancing adhesion via the formation 

of hydrogen bonds with the matrix [74]. 
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Figure 2-28: SEM images of mineralized carbon fibers (scale bars = 10 µm) 

The nature of functional groups on surafce of carbon fibers before and after mineralization  was examined 

by FTIR analysis shown in Figure 2.29. The strong absorbance of C-fibers makes it necessary to use a 

very low concentration of C-fibers in a KBr powder. The untreated and treated C-fibers was observed to 

have the stretching vibration of C–H of methyl and methylene groups in the range of 2800–2980 cm−1 

and the C–C as well as C=C stretching vibration centered at about 1050–1100 cm−1 and 1580–1699 cm−1, 

respectively. After the oxidation treatment of C-fibers with different acids combinations, the broad peak 

was observed at about 3433 cm−1 is assigned to the stretching vibration of hydroxyl groups. New peaks 

appear at 1368 and 1729 cm−1 corresponding to the stretching vibration of C–O and C=O (carboxylic 

groups, COOH), respectively, which confirm that the surface of C-fibers has been oxidized and etched 

by the oxidized treatment [23].  
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Figure 2-29: XRD of mineralized carbon fibers 

SEM images of C-fibers reinforced HA composite before and after sintering are shown in Figure 2.30. 

C-fibers was observed on the surface of the composite, exposed to N2 gas flux, were unaffected, while 

C-fibers embedded in the matrix disappeared after heat treatment. It was hypothesized that 

decomposition of C-fibers occurs in an oxidative environment activated by HA at high temperatures. 

Besides, such degradation induced the formation of microporosity in the matrix, as shown by SEM 

images. 
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Figure 2-30: SEM images of C-fibers reinforced HA composite before and after sintering.  

Mineralized C-fibres introduced into the HA matrix was also decomposed when subjected to high 

temperature treatment. Due to several technical difficulties in manipulation and processing of the C-

fibers, also giving problems in achieving good dispersion of the fibers and also with the purpose to limit 

excessive complexity in the process, the addition/impregnation of 3D-fibrous structures (alumina + 

>10% silica), hereinafter called blankets, was considered for the reinforcement of HA.  

Reinforced HA scaffold with alumina fibers 

I. The XRD patterns of alumina-silica fibers before thermal treatment exhibited amorphous structure 

(Figure 2.31 a). Conversely, after thermal treatment at 1200°C for 1h a lot of phases were detected, thus 

the thermal decomposition of fibers was hypothesized, possibly due to the presence of silica ≥ 27 wt%.  

The micrograph of the sintered alumina-fiber hydroxyapatite composite showed that the fibers had been 

completely oxidized and were not visible in the micrograph.  
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(a) (b)            

Figure 2-31: (a) XRD and (b) SEM images of alumina-silica fibers reinforced HA composite before and 

after thermal treatment 

Figure 2.32. shows the maximum compressive strength, fracture toughness and porosity of the alumina 

reinforced HA composite. The work of fracture was calculated from the area under the force-

displacement curve. The area of fractured zone was dividing into numerous small rectangles and 

determined by a definite integral method between two points. Then, the total area was added to obtain 

the work of fracture. The samples without alumina-silica fibers e.g., D1 and D3 sample, were 

significantly brittle and easier to break during cutting/polishing, while the samples containing fibers were 

easy to cut without fracturing.  

 

Figure 2-32: Maximum compression strength, work of fracture and porosity of alumina-silica fibers 

reinforced HA composite. 
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The maximum compressive strength and work of fracture (WOF) increased with increasing the powder 

content, while the porosity decreased (Table 2-XII) [75]. The higher powder content led to a more 

compact material with less empty spaces, enhancing its capacity to withstand compressive forces and 

tolerate fracture growth [76]. In particular, the sample D5 containing 77 wt% powder content exhibited 

the highest compressive strength and WOF (56 MPa and 801 kJ/m3).  In general terms, the porosity is 

inversely related to the compressive strength, where the interrelation is shown by equation. 

                            

where σ represents the compressive strength, k is a constant that is the compressive strength of the 

material with no porosity and p is the porosity fraction.  

Considering the sample “D1-Engipore” porous as a control, fibers containing samples exhibited higher 

maximum compressive strength and lower porosity. Moreover, the mixing of alumina-silica fibers in HA 

slurries resulted in a decrease the viscosity of slurries, was considered particularly promising towards the 

manipulation of high-loaded slurries.  This behaviour is strongly related to the interaction forces between 

the particles and particles-fibres dispersed in water, particularly the equilibrium between the electrostatic 

repulsive and Van der Waals attractive forces [77]. 

The stress-strain curves related to the mechanical tests are shown in Figure 3.33.   

 

Figure 2-33: Work of fracture of the alumina reinforced HA ceramics 

The compressive strength curves of samples without fibers exhibited typical brittle behaviour [78], as 

significant drops of compressive strength values were experienced with increasing strain in the range 

0.02-0.04, associated with the generation and propagation of longitudinal cracks. The comparison 

between samples “Engipore-D1” and “Foamed D6” comes particularly interesting, as the presence of 
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alumina silica fibers attenuated the propagation of cracks of brittle materials, while also increasing the 

strain range associated to the final failure of the samples. 

Table 2-XII: Summary of the mechanical tests. (*) commercial direct foaming, (**) experimental direct 

foaming 

Sample 

Code 

Calcination 

Temperature 

(°C) 

Slurry 

composition 

(wt%) 

Alumina 

fibers (g) 

Work of 

Fracture 

(kJ/m3) 

Porosit

y (%) 

Compressive 

Strength (MPa) 

H

A 

Wat

er 

Dola

pix 

C1 - 52 43 5 10 146.1 50.3 3.5 

C2 - 52 43 5 20 129.4 55.5 4 

D1(*) 1000 73 23 4 - 206.9 80.9 3.1 

D2 1000 52 43 5 8 39.5 68.8 0.9 

D3 1000 67 27 6 - 598.3 41.6 34.8 

D4 1000 67 27 6 20 512.3 42.7 24.5 

D5 1000 77 19 4 20 801.2 36.8 55.8 

D6 (**) 1000 64 32 4 10 100.5 81.3 1.4 

The samples D3, D4 and D5 exhibited significantly higher compressive strength and WOF due to their 

lower porosity, resulting from higher initial powder content. Nevertheless, all the samples displayed 

brittle behavior, except for D4, which demonstrated extended range of strain before reaching failure. 

Overall, alumina silica fiber-reinforced HA composite exhibited lower maximum compressive strength, 

compared to the control sample of HA without fibers. However, the high-temperature sintering treatment 

of fiber-reinforced HA composite at 1200°C for 1h resulted in fibers decomposition and formation of 

secondary phase, as confirmed by X-ray diffraction analysis. This was ascribed to the presence of more 

than 20wt% of silica as secondary phase, which possibly lowered the melting point of the fiber construct.  

The SEM images of reinforced HA without and with alumina silica fibers were shown in Figure 2.34. 

The micrographs exhibited a range of porosity from macro- to micro levels for samples D1 and D6. In 

particular, the porosity in the D1 sample appeared to be extensively interconnected pores with spherical 

shape, while in the D6 sample, it was less interconnected, potentially attributable to a higher 

concentration of powder and the inclusion of fibers.  The identification of fibers was particularly critical, 

possibly confirming their thermal decomposition within the samples. 
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Figure 2-34: The morphology of the HA ceramics without or with Alumina Fiber 

II. Due to the thermal decomposition of alumina-silica fibers, we attempted a new type of alumina fibers 

(SiO2<5wt%), thermally stable up to 1600°C to achieve proper mechanical reinforcement of apatite 

scaffolds. Figure 2.35 shows the XRD of alumina fibers with and without heat treatment and SEM images 

of alumina fibers reinforced HA composite. We found a pure phase of alumina before and after sintering 

treatment.  However, upon thermal treatment up to 1200°C for 1h, these new fibers also exhibited brittle 

character.  
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(a) (b)  

Figure 2-35: XRD and SEM images of old (a) and new (b) alumina fibers reinforced HA before and after 

high-temperature treatment 

The maximum compressive strength and porosity of both control HA samples without fibers and fibers-

reinforced HA samples with different amounts of alumina fibers are shown in Figure 2.36. The control 

samples (A0) exhibited significantly higher maximum compression strength (≈40.63 ± 5.01 MPa). 

However, they also exhibited extreme brittleness, with the occurrence of splinters upon fracture. 

Conversely, the maximum compression strength of fiber-reinforced HA composite was observed 

significantly lower, and it exhibited a distinctly different fracture behavior then control.  In contrast to 

the control's splintering, the fiber-reinforced composites demonstrated a damage-tolerant structure, 

lacking splinters, owing to the promotion of micro void formation, particularly evident with up to 20wt% 

of added fibers. As the fiber content increased further, there was a significant improvement in 

compressive strength, accompanied by a reduction in porosity. Considering the control, both the 

maximum compressive strength and overall porosity decreased, attributed to microstructural interactions 

between the fibers and powder particles. 

 

Figure 2-36: Compressive tests of alumina-fibers reinforced hydroxyapatite samples: a) compressive 

strength, b) maximum compressive strength, c) porosity 

In this context, it was observed that the incorporation of fibers into the slurry, followed by drying and 

sintering, can cause microstructural defects, resulting in a reduction of the maximum compressive 
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strength. However, as the fiber content increased, the compressive strength also increases, but still lower 

than control sample of HA without fibers.   

4-point bending tests 

In accordance with compressive strength results, the 4-point bending tests highlighted a significant 

increase of bending strength by increasing the amount of alumina fibers, shown in Figure 3.37. During 

the 4-point bending tests, the samples experienced a combination of both compression and tensile 

stresses, making these test more representative than compression tests. The preparation of samples 

without fibers (A0) proved to be challenging, especially during the drying phase, leading to compromised 

specimen integrity. In particular, the 4-point bending stress exhibited significantly higher values by 

increasing the amount of fibers, as illustrated in Figure 2.37b.   

remov 

Figure 2-37: Four-point bending tests of alumina-fibers reinforced hydroxyapatite samples: a) 

compressive strength-displacement curve, b) maximum strength, c) porosity 

However, it was pointed out that the preparation and manipulation of such fiber-concentrated slurries 

was particularly difficult, especially to prevent the formation of agglomerates as well as uncontrollable 

drying of the slurry, resulting in a noticeable decrease of mechanical performance compared to the control 

sample without fibers.   
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2.3. Conclusions 

The aim of this work is to develop mechanically reinforced HA composites with fibers. Various 

formulations of HA slurries were prepared and characterized to investigate the effect of calcination 

temperature of powder, powder content and dispersant amount as well as ion-doping on the flow behavior 

of hydroxyapatite slurries. Stoichiometric and ion-doped HA were synthesized by wet method. The 

calcination treatment of powders resulted in a significant reduction of specific surface area and reactivity, 

especially up to 1000°C. So, at constant powder amount, the resulting slurries exhibited reduced 

aggregation, improved colloidal stability and higher absolute zeta potential values with increasing the 

calcination temperature of powders. The yield points of concentrated slurries were observed to be 

inversely correlated with calcination temperature at constant powder amount. However, the highest solid 

loading for calcinated HA at 1000°C was found to be around 39 vol%, definitely higher than the highest 

solid loading for non-calcinated HA which resulted around 24 vol%. It was observed that with increasing 

the solid content, both dispersant and calcination temperature play an important role in tuning the 

viscosity. Ion-doped HA slurries such as Sr-doped HA, Mg-doped HA and Mg-Sr co-doped HA slurries, 

exhibited lower viscosities compared to stoichiometric HA slurries at constant powder and dispersant 

amounts, possibly ascribable to altered surface charge and functional groups, also reflecting into 

significantly higher chemical affinity of ions with water molecules and higher zeta potential, in absolute 

value. Amplitude sweep tests of all the slurries were performed to determine the respective linear 

viscoelastic region (LVR), thus indicating the shear stress range preventing significant alterations in the 

sample powder network. Then, frequency sweep tests were performed, according to LVR, to examine 

the elastic (G’) and viscous (G”) modulus against frequency range (0.1-10Hz) at constant shear stress. 

All slurries exhibited dominant elastic modulus (G’) over viscous modulus (G”) across the entire range 

of frequencies tested, except HA calcinated at 1000℃ that exhibited viscous modulus dominant over 

elastic modulus. On this basis, I could observe that with increasing the powder content, both dispersant 

and calcination temperature of the powder play an important role in tuning the elastic moduli. Moreover, 

I found that the effect of dispersant amount was more prominent on ion-doped HA slurries than on 

stoichiometric HA slurries, significantly decreased the values of elastic modulus, bringing them to values 

similar to the ones for the diluted slurries.  

Moreover, the scaffolds obtained by such slurries generally exhibit a brittle mechanical behavior. In this 

context, I investigated novel approaches for the reinforcement of hydroxyapatite scaffolds. The 

reinforcement of HA scaffolds with carbon fibers exhibited some limitations, possibly related to the 
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thermal decomposition of fibers in oxidative environment. In view of that, reinforcement of 

hydroxyapatite with alumina fibers was considered more suitable than carbon. Alumina fiber-reinforced 

HA composite exhibited lower maximum compressive strength and flexural strength, compared to the 

control sample of HA without fibers. However, the high-temperature sintering treatment of fiber-

reinforced HA composite at 1200°C for 1h resulted in fibers decomposition and formation of secondary 

phase. Interestingly, the introduction of alumina fibers in HA slurries resulted in a decrease of viscosity: 

this behaviour was considered particularly promising towards the manipulation and development of high-

solid loaded slurries. Due to the thermal decomposition of alumina-silica fibers, we attempted a new type 

of “pure” alumina fibers (SiO2< 5wt%), thermally stable up to 1600°C to achieve proper mechanical 

reinforcement of apatite scaffolds. However, upon thermal treatment up to 1200°C for 1h, these new 

fibers also exhibited brittle character, resulting in a noticeable decrease of mechanical performance 

compared to the control sample without fibers. With increasing the amount of alumina fibers, the 

compressive strength increases, but still lower than control sample of HA without fibers.  In conclusion, 

both carbon and alumina fibers decomposed after thermal treatment, preventing structural homogeneity 

and integrity, inducing microstructural defects which in turn caused the decrease of maximum 

compressive and flexural strength. 
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CHAPTER 3: DEVELOPMENT OF POROUS APATITIC BONE CEMENT 

REINFORCED WITH FIBERS. 

Calcium phosphate cements (CPC) are obtained by mixing a precursor powder with a liquid phase thus 

obtaining a paste that can be molded prior to self-hardening. Among inorganic precursors for apatitic CPCs, 

α-tricalcium phosphate (α-TCP) is especially interesting as a bioactive material because of its ability to 

react with water and set at body temperature, without any temperature or pH change during setting, thus 

transforming in nanocrystalline, calcium deficient apatite (CDHA) with a composition close to the mineral 

component of human bones and a microporous diffuse porosity [1].  

For these reasons, α-TCP has been widely investigated as adequate precursor for bone cements due to its 

biocompatibility, high reactivity, bioresorbability and potential to achieve high mechanical strength upon 

hardening. Its synthesis involves a high temperature thermal treatment between 1100 and 1500°C, followed 

by rapid quenching. High-temperature synthesis tends to produce a more crystalline and mechanically 

stable α-TCP phase, making it suitable for load-bearing orthopedic applications. As crystalline precursors 

can limit hydraulic and biological reactivity, I investigated the synthesis of α-TCP at much lower 

temperatures [2].  

In order to improve features of the apatitic bone cement, such as osteointegration, mechanical properties 

and implantation efficacy, CPCs can be doped with small amounts of ions that are found in natural bone 

minerals. Particularly, Mg and Sr are trace elements naturally found in human bones and play an important 

role in modulating cell behavior and natural bone turnover [3]. Sr-doped CPCs gained increasing interest 

due to potential anti-osteoporotic character provided by Sr2+ ions, while Mg is one of the most important 

elements for living organisms, as an essential regulatory factor for coordination of water molecules, pH and 

calcium ions intake in cells. CPCs are interesting for functionalization with various drugs and biomolecules, 

particularly due to their nanostructure offering high specific surface area for cell attachment and 

conduction, towards the generation of multifunctional devices with enhanced therapeutic ability [4]. In 

addition, carbon fibers (CF) have the advantages of high mechanical properties and excellent 

biocompatibility, so that it is considered as a good candidate for the reinforcement of bone scaffold as a 

toughening agent.  

This activity involves three main goals including:  

i) Apatitic cement from precursors obtained by low and high-temperature processing.  

ii) Magnesium-doped apatite cement with intrinsic antibacterial properties.  

iii) Mechanically reinforced magnesium and strontium-doped apatite cement with carbon fibers. 
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3.1. Apatitic cements from precursors obtained by low and high-temperature processing. 

The phase equilibrium diagram of the system CaO–P2O5 reveals the presence of three distinct polymorphs 

corresponding to the tricalcium phosphate composition Ca3(PO4)2 known as α-TCP, β-TCP and α’-TCP 

phases, based on the temperature [5-7]. The α’-TCP phase is only present at temperatures above 1430℃ 

and currently lacks practical significance as it has not been stabilized at room temperature. The β-TCP 

phase remains stable up to 1120℃, while above this temperature, it undergoes a transformation into the 

monoclinic α-TCP. However, the synthesis of α-TCP phase by solid state reaction is a difficult process as 

its thermodynamically stable within temperature range 1130-1470℃, has to be rapidly cooled by quenching 

to avoid the β-TCP phase formation [8].  

Indeed, metastable α-TCP can also be obtained by an alternative method involving the heating of 

amorphous tricalcium phosphate (ΑCP). Despite the fact that the maximum temperature during this 

formation process is significantly lower than the stability domain of α-TCP (1130 to 1470°C), it is still 

possible to produce α-TCP by heating ACP within the temperature range of 650 to 700°C [9]. This method 

offers a cost-effective approach and expands the low-temperature domain for α-TCP formation, which helps 

in limiting grain growth and sintering. Despite these advantages, the potential of low-temperature a-TCP 

in cement production has been barely exploited when compared to the conventional high-temperature 

process [10].  

The objectives of this study were to compare the structural, physicochemical and hydraulic reactivity of α-

TCP obtained through two different routes: high-temperature solid-state reaction at 1400°C and “low-

temperature” conversion from amorphous calcium phosphate at 650°C (LT-αTCP). In addition, I 

investigated the crystallization and phase evolution of ACP partially substituted with Mg2+, Sr2+, Si2+ and 

co-doped with Sr2+and Si2+ as well as effect of citrate. Then, cement was prepared by mixing low and high 

temperature precursor powder in setting solution (5wt% NaHPO4, 2wt% Na-Alginate) with liquid-to-

powder (L/P) ratio equals to 0.8. Moreover, addition of 4wt% carbon fibers with 5mm-length in both 

cements were investigated to enhance mechanical properties. 

3.1.1. Materials and methods 

Amorphous calcium phosphate (ACP) was synthesized by precipitation method involve quick mixing of 

aqueous solution of Ca(NO3)2·4H2O (15.25 g in 160 mL of water)  with a aqueous solution of (NH4)2HPO4  

(5.10 g in 400 mL of water) at room temperature and keep pH close to 10 by adding NH4OH 30%. The 

resulting precipitate was filtered, washed and lyophilized for 48 hours. Then ACP were thermal treated at 

different temperature 500, 550, 600, 650, and 700℃. In particular, ACP was converted into α-TCP at 

650℃, referred as low temperature α-tricalcium phosphate (LT- αTCP) 

For the synthesis of ion-doped ACP, the same route was repeated by introducing salts (MgCl2∙6H2O, 

SrCl2·6H2O, SiO2 Sigma Aldrich) containing the doping ions in appropriate amounts to prepare Mg-doped 

ACP (Mg/(Ca+Mg) = 2 mol%), Sr-doped ACP (Sr/(Ca+Sr) = 2 mol%), Si-doped ACP (Si/(Ca+Si) = 2 
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mol%)  and co-doped SrSi-ACP (Sr/(Ca+Si+Sr) = Si/(Ca+Si+Sr) = 1 mol%). Sodium-citrate were also 

added in 2mole% with respective calcium, in Sr-doped ACP solutions to investigate the effect of citrate on 

stability of ACP and then αTCP. 

While, high-temperature α-tricalcium phosphate (HT-αTCP) was synthesized by a solid-state reaction [11] 

of calcium phosphate dibasic (CaHPO4, Sigma Aldrich, US) and calcium carbonate (CaCO3, Sigma 

Aldrich, US) mixture with a molar ratio of 2:1. Subsequently, the mixture was thermally treated at 1400°C 

for 1 h, followed by rapid cooling. The resulting powder was milled in ethanol (98%, Sigma Aldrich, US) 

using a planetary ball milling (Pulverisette 6 classic line, Germany) with alumina grinding balls (2 mm 

diameter) at 400 rpm for 50 min. Ethanol was evaporated using a rotavator with a vacuum pump.  

Then, cements were prepared by mixing precursor powder synthesized at two different temperature, in 

setting solution with liquid-to-powder (L/P) ratio equals to 0.8. Setting solution was prepared by mixing 5 

wt% of sodium phosphate dibasic dihydrate (Na2HPO4∙2H2O, Fluka, UK) and 2 wt% sodium alginate 

(Sodium Salt of Alginic Acid from Brown Algae, Sigma Aldrich, US) in water.  

In addition, 5mm carbon fibers of 4wt% were mixed in both powder before mixing in setting solution. The 

compressive strength of the calcium phosphate cement (CPC) with and without carbon fibers were 

investigated by cylindrical specimens, after being hardened in Teflon moulds for 30 minutes, the specimens 

were left in a thermostatic bath for 72h. Five cylindrical specimens for each sample were prepared, with a 

diameter of 6 mm and a height of 12 mm in Teflon moulds. 

3.1.2. Characterizations 

To analyze the phase composition of samples, XRD were used to investigate the diffraction peaks on a D8 

Advance diffractometer (Bruker, Karlsruhe, Germany), with CuKα radiation, in 2θ range of 10° to 80° with 

a scanning step of 0.02°. The average crystal size was determined using the Scherrer equation (D=kλ/ 

B∙cosθ), where D represents the crystalline diameter (Å), k is the Scherrer constant (≈0.9), λ is the X-ray 

wavelength ≈1.5406 Å, θ is the Bragg angle and B represents the full width at half maximum intensity of 

the observed peak. 

To investigate the chemical composition and functional groups, Fourier-transform infrared spectroscopy 

(FTIR) was performed using a Nicolet IS5 spectrometer (Thermo Fisher Scientific, U.S.A.). The samples 

were ground with 5 wt% KBr in an agate mortar, compressed into tablets and analysed in the spectral range 

of 500 to 4000 cm−1. 

The specific surface area (SSA) was calculated using the Brunauer–Emmett–Teller (BET) method (Surfer, 

Thermo Scientific, United States) by nitrogen adsorption at a relative pressure of 0.03 Torr. 

Particle size distribution was determined by dispersing the powder in aqueous solutions of sodium 

hexametaphosphate (0.05 wt%). The measurements were performed using an X-ray instrument based on 

the Stokes sedimentation equation (Sedigraph 5100 instrument, Micromeritics, US). 



144 
 

The Thermofinnigan 240 Pa instrument was used to measure the porosity of the powders by the intrusion 

of mercury under controlled pressure (0.1-200 MPa). 

Thermogravimetric analysis were performed using Simultaneous Thermal Analyzer TG-DSC (STA 449 F3 

Jupiter, Netzsch Geraetebau) under the N2 atmosphere within temperature range (20-1200℃). 

Elemental composition analysis of the powders was performed using Inductively Coupled Plasma-Optical 

Emission Spectroscopy (ICP-OES) with an Agilent 5100 instrument. 

The morphology of the powders was studied using Field Emission Scanning Electron Microscopy (FE-

SEM) using the Zeiss-SIGMA instrument (Carl Zeiss Microscopy GmbH) at 20 kV acceleration voltage. 

The initial and final setting times of the cement formulations were investigated using the Gillmore needles 

apparatus, following the guidelines in the standard ASTM C266-99. 

Zwick Roell Z050 machine was used to perform compressive tests in displacement control, with a speed of 

1 mm/min. 

3.1.3. Results and Discussion 

The X-ray diffraction analysis of ACP powders exhibited the typical patterns of amorphous calcium 

phosphate phases, showing broad peaks in the angular range 30-50̊. Thermogravimetric (TGA) analysis of 

ACP powders is shown in Figure 3.1a, exhibits two obvious mass losses. The first below ~500°C was 

related to the evaporation of adsorbed structural water and second occurred above 500℃ was referred to 

the decomposition of calcium carbonate. The intense exothermic peak start at 710°C was observed in the 

DSC heat-flow curve, attributed to the transformations and crystallization of the ACP into α-TCP.  

To investigate the structural changes of ACP powder upon heating, 1 g of the powder was subjected to 

constant temperatures in an oven at different temperature points 550, 600, 650 and 700°C for 1 hour (Figure 

3.1b) [2][12]. 

https://www.sciencedirect.com/topics/biochemistry-genetics-and-molecular-biology/thermogravimetric-analysis
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Figure 3-1:(a) TGA/DSC of amorphous calcium phosphate (b) XRD (d) FTIR analysis of calcinated 

amorphous calcium phosphate at different temperatures points (550, 600, 650, 700℃), and (c) phase 

composition % of αTCP and βTCP at 650℃ and 700℃. 

Table 3. I show 2θ angle, planes of calcinated amorphous calcium phosphate in the XRD spectra. Based on 

the XRD results, ACP remains in its amorphous state until 600°C and the level of crystallinity of calcinated 

amorphous calcium phosphate increases with increasing calcination temperature. The crystallization into 

α-TCP occurs between 600 and 650°C, is lower temperature than the crystallization peak observed in the 

thermal analysis, a difference often observed between dynamic and static heating modes. Afterward, the 

metastable α -TCP starts to recrystallize into the stable β-TCP phase and both α and β phases coexist 

between 700 and 800°C (Figure 3. 1 c). This sequence of thermodynamically unstable phase forming first 

aligns with the Ostwald step rule.  
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Table 3-I: The 2θ angle spacing and planes of calcinated amorphous calcium phosphate. 

2θ: α-TCP 

JCPDS 29-359 

Plane 2θ: ACP_650℃  

12.10 031 12.12 

14.02 201 14.05 

14.41 002 14.51 

17.09 131 17.12 

22.13 201 22.15 

22.89 132 22.78 

24.10 261 24.13 

29.66 361 29.71 

30.70 100 30.73 

31.26 335 31.27 

34.46 203 34.53 

 

The wavenumber, type of bond, and functional groups of calcinated amorphous calcium phosphate at 

different temperatures points (550, 600, 650, 700℃) based on FTIR spectroscopy is given in Table 3. II. 

Table 3-II: FTIR band assignment and functional groups of calcinated amorphous calcium phosphate. 

Wavenumber (cm⁻¹) Type of bond Functional groups 

3429 O-H bending H-O-H 

1035, 1024 P-O stretching PO₄³⁻ 

961 C=O stretching CO₃²⁻ 

594, 580 P-O stretching PO₄³⁻ 

564 P-O-H stretching PO₄³⁻ 

 

XRD pattern of the HT-αTCP revealed the typical phases of α-TCP at 2θ angle of 22.15°, 22.91°, 24.12°, 

30.72°, and 31.28°, according to JCPDS. NO  29-0359 (Figure 3.2a and Table 3-III).  

 

Figure 3-2: (a) X-ray diffraction pattern; (b) FTIR-ATR spectrum; (C) SEM micrograph, of α-TCP (scale 

bar = 500 nm) 
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Table 3-III: The 2θ angle spacing and planes of α-TCP. 

2θ: α-TCP 

JCPDS 29-359 

Plane 2θ: α-TCP 

22.13 201 22.15 

22.76 162 22.76 

22.89 132 22.91 

24.10 261 24.12 

29.66 361 29.71 

30.70 100 30.72 

31.26 335 31.28 

34.46 203 34.21 

 

The FTIR spectrum and complete assignment of FTIR bands of the HT-αTCP is shown in Figure 3.2b and 

Table 3-IV, presented the characteristic bands of the OH-1, PO4−(V4) and PO4−(V3). The SEM micrograph 

of α-TCP shows a plate-like particle are shown in Figure 3.7c.  

Table 3-IV: FTIR band assignment and functional groups of α-TCP. 

Wavenumber (cm⁻¹) Type of bond Functional groups 

3429 O-H bending OH 

1035, 1024 P-O stretching PO₄³⁻ 

594, 580 P-O stretching PO₄³⁻ 

564 P-O-H stretching PO₄³⁻ 

 

The specific surface area of LT-αTCP was observed to be significantly higher than that of α-TCP 

synthesized at high temperature (HT-αTCP); such a feature was the main cause of a reduced initial setting 

time are shown in Table 3-V.   

Table 3-V: SSA, Initial and final setting time of LT and HT-αTCP. 

Samples SSA (m2/g) Initial setting 

minutes 

Final setting 

minutes 

LT- αTCP 12.46 7 22 

HT- αTCP 3.03 18 35 

The reactivity of a-TCP powders was investigated in deionized water at 37 ℃ using pH measurements over 

a period of approximately 12 hours. The hydrolysis reaction was stopped after 12, 48 and 96 hours by 

immersing the powders in ethanol, followed by XRD analysis (Figure 3.3). The initial event seen in all 

cases was powder dissolution, followed by proton absorption and a significant increase in pH. This pH rise 

was attributed to the hydrolysis of dissolved PO4 3- ions, leading to the formation of HPO4 2- and PO4 
2- ions. 
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Calcium-deficient apatite (CDHA) was detected in HT-αTCP samples only after 24 hours and no α-TCP 

was left after 48 hours (Figure 3.2 a). On the other hand, CDHA was detected in LT-αTCP samples faster, 

with a small amount visible at 12 hours. However, once this phase has nucleated, the hydrolysis reaction 

completes within a few hours, resulting in the presence of only CDHA at 24 hours [2]. The transformation 

of α-TCP into calcium deficient hydroxyapatite (CDHA) appears to be generally faster for LT-αTCP, if 

compared to HT-αTCP, possibly due to higher specific surface area and lower crystallinity. 

 

 

 

Figure 3-3: XRD analysis of cement at different hardening time from (a) HT-αTCP (b) LT-αTCP 

Cements obtained from LT-αTCP precursors exhibit higher specific surface area respectively smaller 

particle size compared to HT-αTCP cements. The cements obtained from HT-αTCP have larger particle 

size and pore size than LT-αTCP cements, are shown in Table. 3-VI. Despite these differences, the overall 

porosity of both cements remained comparable. In HT-αTCP cement, crystal growth was observed like 

multiple needle-like patterns, whereas in LT-αTCP cement, crystal growth appeared even smaller, shown 

in Figure 3.4.  

Table 3-VI: SSA, Initial and final setting time of cement from LT and HT-αTCP. 

Samples  SSA  

(m2/g) 

Pore size 

(µm) 

Porosity  

(cm3/g) 

LT-CPC 113 0.02 0.54 

HT-CPC 61 0.3 0.50 
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Figure 3-4: SEM images of cement from (a) HT-αTCP (b) LT-αTCP (Figure scale bars = 1µm, Inset scale 

bar = 200 nm.) 

The XRD patterns of ACP substituted with 2 mol% of Mg, Sr, Si and co-doped with Sr and Si ions, as well 

as Cit-stabilized Sr-ACP are shown in Figure 3.5. All samples, regardless of the doped ions, were 

amorphous, with no distinct diffraction peaks corresponding to any crystalline material. After heat 

treatment at 500°C, all ion-doped ACP remained amorphous [13]. However, upon treatment at 650°C, all 

samples crystallized directly to α-TCP and β-TCP phases without an intermediate phase. The substitution 

of ions induced different crystallization behavior compared to ACP, leading to the coexistence of two 

polymorphs. Mg substitutions promote the formation of β-TCP. All of the diffraction peaks in the XRD 

pattern of the Mg-doped sample correspond to β-TCP and there are no signals from α-TCP. Sr and Si doping 

in ACP promote the formation of α-TCP [14].  

All samples showed the presence of α-tricalcium phosphate (α-TCP) except Mg-doped sample, with a 

minor crystal phase of β-tricalcium phosphate (β-TCP) detected. Co-doped ACP samples exhibited a 

prominent α-TCP phase and citrate play important role in stabilizing the α-TCP phase. 

 

Figure 3-5: (a) Phase transformation (b) phase % of TCP by different ions doping treated at 650℃. 

The compressive and flexural strength of cement from LT-αTCP and HT-αTCP with and without carbon 

fibers were analysed (Figure 3.6). The cements from HT-αTCP showed the slightly higher maximum 
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compressive strength of 7.57 ± 1.38 MPa compared to 5.15±1.02 MPa for LT-αTCP cements. This slight 

enhancement in strength is attributable to the improved crystal structure and sintering behavior associated 

with high temperatures synthesis. The presence of carbon fibers into both cement improved the compressive 

strength, with the greatest increase observed for LT-αTCP cement due to possibly higher specific area.  

           

Figure 3-6: Mechanical performance of cement from low temperature cement (L.T C) and high temperature 

cement (H.T C) (a) maximum compressive strength (b) maximum 3point bending strength with and without 

carbon fibers. 

 

3.2. Magnesium-doped apatite cement with intrinsic antibacterial properties. 

Post-operative infections are one of the most common problems associated with implanting scaffolds for 

bone regeneration, in particular infectious diseases and biofilm formation on the surface of implants, usually 

lead to implant failure and osteomyelitis [15-17]. The development of bioactive bone scaffolds with 

improved osteogenesis, angiogenesis and long-time antibiofilm properties is strongly encouraged in bone 

regeneration applications [18, 19]. However, Mg-doped apatite cement (CPCs) is considered a promising 

material for medical implants due to its biocompatibility and biodegradability, considering that the mineral 

phase of bone is mainly composed of muti-substituted hydroxyapatite. While, Mg has been reported in 

literature as good antimicrobial agent against gram-positive and gram-negative bacteria [20].   

Apatite cement (CPC) has the advantage to fill the bone defects of various geometries and shapes through 

mini-invasive surgery, as they are characterized by their inherent ability to set and harden in situ [18]. Much 

effort has been made to improve the biological response of CPCs by functionalization with different drugs, 

ion doping and/or nanoparticles [19].  

In the last decade, numerous studies have attempted to introduce bioactive ions in apatite to improve the 

osteogenesis and angiogenesis [21-24]. Among all ions doping, magnesium ions stand as the most crucial 

cation substituting calcium in apatite, as they are the fourth most prevalent cations in the human body [24, 

25]. Its deficiency adversely affects all stages of skeletal metabolism, causing cessation of bone growth and 

decreasing osteoclast and increased osteoblast [26, 27]. It is also reported that magnesium (Mg) has a 

substantial impact on preventing potential risk factors associated with osteoporosis in humans [28-30]. 
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Furthermore, the release of Mg2+ ions in apatitic cement (CPC) has been shown to stimulate osteogenesis 

and promote angiogenesis [31]. 

However, the direct doping of Mg2+ in α-TCP phase used as a precursor for CPC is reported as particularly 

challenging, due to the intrinsic character of Mg to stabilize β-TCP. Commonly, Mg2+ increased the 

transformation temperature of the β-phase to the α-polymorph from 1150°C to 1540°C [32]. 

The functionalization of calcium phosphate cement (CPC) with different drugs has recently gained 

increasing interest in biomedical applications [33]. They are inherently biocompatible and biodegradable 

and have been greatly studied in the delivery of drugs or biomolecules for therapeutic applications [34-37]. 

CPC blended with therapeutic agents exhibits a sustained and controllable release kinetics through passive 

drug diffusion which has been commercialized for the treatment of osteomyelitis [38]. They have a 

significant advantage as a drugs carrier due to their non-exothermic setting reaction because many drugs 

possess temperature sensitive nature [39]. Moreover, higher specific surface area and porous-nano structure 

of CPC also play a key role in linking and controlling the release of various drugs compared with sintered 

hydroxyapatite (HA) scaffolds [40].  

The development of drug-loaded CPCs is previously studied by mixing the drug in solid component of 

cement [41]. However, the preparation of drug-loaded CPC is considered as a more challenging than CPCs 

without drugs, in terms of setting time, flowability and injectability [42-45]. For instance, the loading of 

the antibiotic tetracycline (TC) on CPC was found to cause a delaying effect on the hardening and the rate 

of transformation into HA [38, 46, 47]. This delay was attributed to the chemical affinity between TC and 

Ca2+ ions, which could interfere with the dissolution-reprecipitation process responsible for the conversion 

of calcium phosphate precursors into HA, as well as the overall setting times of the cement [16]. However, 

slow degradation of CPC can result in prolonged retention of antibiotics and may lead to inactivation or 

limitations in the pharmaceutical effects and bacterial resistance on final release [37].  

To the best of my knowledge, the role of Mg+2 in modifying TC release behaviour from Mg-doped CPC 

has not been studied.  

The aim of this study was to develop Mg-doped apatite cement (Mg-CPC) with tuneable antibacterial 

properties. Therefore, we synthesized a self-hardening paste based on Mg-doped CPC by mixing α-

tricalcium phosphate powders Ca3(PO4)2 as unique solid precursor and MgHA nanoparticles. First, the 

effect of MgHA nanoparticles on the setting time, physico-chemical and mechanical properties of CPCs, 

as well as the role of magnesium on antibacterial properties was investigated. Then, we optimized 

tetracycline (TC) adsorption process on MgHA nanoparticles and release profile from Mg-doped CPCs 

functionalized with TC-loaded MgHA nanoparticles. Finally, antibacterial activity of TC-loaded Mg-doped 

CPC against Escherichia coli and Staphylococcus aureus were evaluated. 
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3.2.1. Materials and Methods  

α-tricalcium phosphate (αTCP), solid precursor of CPC was synthesized by a high-temperature solid-state 

reaction of calcium phosphate dibasic (CaHPO4, Sigma Aldrich, US) and calcium carbonate (CaCO3, Sigma 

Aldrich, US) mixture with a molar ratio of 2:1. Subsequently, the mixture was thermally treated at 1400°C 

for 1 h, followed by rapid cooling. The resulting powder was milled in ethanol (98%, Sigma Aldrich, US) 

using a planetary ball milling (Pulverisette 6 classic line, Germany) with alumina grinding balls (5 mm 

diameter) at 400 rpm for 50 min. Ethanol was evaporated using a rotavator with a vacuum pump.  

Magnesium-doped hydroxyapatite (MgHA) nanoparticles were synthesized by wet process, using calcium 

hydroxide (Ca(OH)2, Sigma Aldrich, US), orthophosphoric acid (H3PO4, Sigma Aldrich, US) and 

magnesium chloride hexahydrate (MgCl2∙6H2O, Sigma Aldrich, US). To initiate the synthesis, 3 mM 

aqueous solution of Ca(OH)2 (99%) was prepared in a 500 mL flask by introducing the appropriate amounts 

of salts (MgCl2∙6H2O) to achieve a Mg-doped HA composition with a magnesium-to-calcium ratio of 10 

mol%. The mixture was stirred for 30 minutes on a magnetic stirrer at 40°C. Subsequently, a dilute aqueous 

solution of 1 mM H3PO4 (95%) was added to the continuously stirred calcium hydroxide solution using a 

controlled peristaltic pump at a rate of 1 ml/min. The solution was stirred for an additional 2 hours and left 

overnight at room temperature. Then, three-time washed with double distilled water by centrifuging at 

10,000 rpm for 10 min. The resulting precipitate was dried overnight at 40°C to remove excess water. 

Finally, the dried powders were sieved through a 150 μm mesh sieve. 

Different powder mixtures were prepared by adding 5 wt%, 10 wt%, 20 wt% of MgHA nanoparticles in 

respect to α-TCP, respectively. Setting solution, liquid component of CPCs is prepared by mixing 5 wt% 

sodium phosphate dibasic dihydrate (Na2HPO4∙2H2O, Fluka, UK) and 2 wt% sodium alginate (Sodium Salt 

of Alginic Acid from Brown Algae, Sigma Aldrich, US) in distilled water. 

Finally, the appropriate amounts of the powder mixture and liquid, based on a liquid-to-powder (L/P) ratio 

of 0.5, were manually mixed to produce the CPC are labelled as Mg-CPC (0%), Mg-CPC(5%), Mg-

CPC(10%) and Mg-CPC(20%) are shown in Table 3.VII.  

Table 3-VII: Different combinations of cements 

Sample 

code 

αTCP powder 

(wt%) 

MgHA powder 

(wt%) 

Mg-CPC (0%) 100 0 

Mg-CPC (5%) 95 5 

Mg-CPC (10%) 90 10 

Mg-CPC (20%) 80 20 
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3.2.2. Characterizations 

To analyse the phase composition of samples, X-Ray powder diffraction (XRD) was used to investigate the 

diffraction peaks on a D8 Advance diffractometer (Bruker, Karlsruhe, Germany), with CuKα radiation, in 

2θ range of 10° to 80° with a scanning step of 0.02°.  

To investigate the chemical composition and functional groups, Fourier-transform infrared spectroscopy 

(FTIR) was performed using a Nicolet IS5 spectrometer (Thermo Fisher Scientific, U.S.A.). The samples 

were ground with 5% KBr in an agate mortar, compressed into tablets and analysed in the spectral range of 

500 to 4000 cm−1. 

The specific surface area (SSA) was calculated using the Brunauer–Emmett–Teller (BET) method (Surfer, 

ThermoScientific, United States) by nitrogen adsorption at a relative pressure of 0.03 Torr. 

Particle size distribution was determined by dispersing the powder in aqueous solutions of sodium 

hexametaphosphate (0.05 wt%). The measurements were performed using an X-ray instrument based o’ 

the Stokes' sedimentation equation (SediGraph 5100 instrument, Micromeritics, US). 

The Thermofinnigan 240 Pa instrument was used to measure the porosity of the powders by the intrusion 

of mercury under controlled pressure (0.1-200 MPa). 

Elemental composition analysis of the powders was performed using Inductively Coupled Plasma-Optical 

Emission Spectroscopy (ICP-OES) with an Agilent 5100 instrument. 

The morphology of the powders was studied using Field Emission Scanning Electron Microscopy (FE-

SEM) using the Zeiss-SIGMA instrument (Carl Zeiss Microscopy GmbH) at 20 kV acceleration voltage. 

The zeta potential of the samples was determined using Dynamic Light Scattering (DLS, Malvern, Zetasizer 

Nano ZSP). To perform the analysis, the nanoparticles (NPs) were dispersed in a buffer solution at a 

concentration of 1 mg/ml and maintained at pH 7.4. 

The initial and final setting times of the cement formulations were investigated using the Gillmore needles 

apparatus, following the guidelines in the standard ASTM C266-99. 

The compressive strength of the CPCs was evaluated by compressed cylindrical specimens, after being 

hardened in Teflon moulds for 30 minutes, the specimens were left in a thermostatic bath for 72h. Five 

cylindrical specimens for each sample were prepared, with a diameter of 6 mm and a height of 12 mm in 

Teflon moulds. Zwick Roell Z050 machine was used to perform compressive tests in displacement control, 

with a speed of 1 mm/min. 

Functionalization of MgHA nanoparticles with tetracycline (TC) 

Firstly, a calibration curve of tetracycline (TC, C22H25ClN2O8, Sigma Aldrich) was investigated in 4-(2-

hydroxyethyl)-1-piperazineethanesulfonic acid (HEPES) buffer solutions (0.01M, with KCl 0.01M, pH 

7.4), for concentrations in the range 0.5–2 mg·ml−1, in dark conditions to prevent the photo-degradability 

of the drug when exposed to UV radiation (Gomez-Pacheco et al., 2012). The resulted line (R2 = 0.998) 
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was obtained by monitoring the optical density at 70 nm by Nanodrop spectrophotometer, ThermoFisher 

Scientific considering a molar adsorption coefficient of TC of ε = 136 L mol−1∙cm−1. Then, the adsorption 

kinetic of TC on MgHA nanoparticles was investigated by dispersing 20 mg of MgHA nanoparticles into 

5 ml of TC solutions (1 mg/mL), in a thermostatic stirrer at 37°C up to 24 h. The supernatant was collected 

at several time-points after centrifuging the suspensions at 5000 rpm for 2 min, then analysed by UV 

spectroscopy and completely refreshed. In this way, the adequate incubation time to maximize the TC 

adsorption on MgHA nanoparticles was found. Then, the adsorption of increasing amount of TC was also 

explored (0.5, 1 and 2 mg/mL), with the same solid/liquid ratio and temperature used to determine the 

adsorption kinetic. According to this protocol, the optimal incubation time and TC concentration to 

optimize the drug loading were defined. As control samples, TC-free MgHA nanoparticles solutions were 

also prepared and analysed. 

Preliminary experiments were carried out to evaluate the effect of the dry addition of increasing amounts 

of MgHA nanoparticles, in the range 0–20 wt% in respect to the αTCP precursor, on the setting times and 

injectability of the CPC. In this way, the maximum number of NPs capable to avoid significant variations 

of CPC setting times and viscosity was identified. Then, the same amount of MgHA nanoparticles 

functionalized with TC (hereafter code as TC-MgHA) was dry mixed with CPC in different amounts, before 

mixing with the liquid component, to prepare TC-MgHA loaded cements (hereinafter coded as TC-

MgCPC).  

A calibration curve of TC in HCl (0.1 M, pH 1) for the concentration range 0.1-500 μg/mL was investigated 

under dark conditions to prevent photodegradation of the drug when exposed to UV radiation. The resulting 

line (R2 = 0,999) was obtained by monitoring the optical density at 355 nm by UV-vis spectrophotometry 

(LAMBDA™ 750 UV/Vis/NIR spectrophotometer from PerkinElmer). TC-release experiments were 

performed by incubating TC-loaded CPC in 10 mL of HEPES buffer solution. At each time point, the 50% 

of the solution was collected and refreshed. The collected solutions were acidified with HCl 1M to pH 1 

and analysed by UV spectroscopy to evaluate the kinetic release of TC. Subsequently, same solutions were 

analysed by ICP-OES spectrometer (Agilent Technologies, Santa Clara, CA, USA) to evaluate the release 

of ions (calcium, phosphate and magnesium).  

Furthermore, to evaluate the mechanism governing the release of TC from the CPC matrix, the 

mathematical interpretation of our result was proposed, according to the semiempirical models able to 

describe drug release from polymeric or monolithic systems, such as Korsmayer-Peppas or Power-Law 

model (xi=Ktn) [48, 49], where xi is the fraction of the released drug by time t, K is a parameter including 

geometrical and structural features of the matrix and n is the factor related to the mechanism governing the 

release kinetics, according to Table 3.VIII. 
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Table 3-VIII: mechanism of release of TC from the CPC matrix 

n exponent value Release regime Release kinetic and mechanisms 

0 < n < 0,45 Hindered Fickian diffusion Representative of system characterized by diffusive regime 

with hampered release. 

n = 0,45 Fickian diffusion  

(case I) 

Representative of first-order kinetic where diffusion is the 

main release mechanism 

0,45 < n < 1 Anomalous transport Characteristic of those case where in addition to diffusion, 

other mechanisms contribute to the drug release (e.g. matrix 

erosion or Swelling). 

n = 1 Non-Fickian transport 

(case II) 

Corresponds to a zeroth order kinetic and is typical of 

kinetics governing by phenomena of polymer degradation 

and relaxation or degradation/dissolution of monolithic 

system  

n > 1 Super case II Extreme form of transport that usually occurs when severe 

modification in the matrix take place 

 

Antibacterial tests 

The pellets of HA and Mg-doped HA (7 mol %) were prepared with dimension 1cm*2mm and were 

incubated in simulated body fluid (PBS) solution for 24h at 37°C, while CPC and Mg-CPC (20 wt%) pellets 

were incubated for 72h at 37°C in PBS solution. After separating of PBS solution, E. coli ATCC 25922 and 

S. aureus 25923 were seeded on pellets for 3h, 12h and 24h. Viability has been determined through MTT 

assay on bacteria suspension and adhesion to the scaffolds. Data represented as % of bacterial viability on 

scaffolds over the number of bacteria grown in the medium (TCP-red hatching). Statistical analysis (*) was 

performed using two-way analysis of variance (ANOVA), followed by Bonferroni’s multiple comparisons 

test within the same group. ****p<0.0001 and *p<0.05. 

 

3.2.3. Results and Discussions 

The elemental analysis confirmed the presence of magnesium ions in quantities that closely matched the 

nominal composition of the initial mixture (Table 3-IX). Additionally, the analysis revealed calcium 

deficiency, indicated by Ca/P mole ratios 1.54.  

Table 3-IX: Elemental composition by ICP of MgHA-NPs (After grinding). 

Sample Ca/P 

(mol%) 

(Ca+Mg)/P 

(mol%) 

Mg/(Ca+Mg) 

(mol%) 

Mg 

(wt%) 

MgHA 1.58±0.01 1.69±0.01 7.00±0.02 1.34±0.11 

XRD patterns of MgHA nanoparticles demonstrating diffraction peaks matching JCPDS No. 09-0432. No 

other crystalline phases were detected are shown in Figure 3.7a. FTIR analysis also revealed typical 

hydroxyapatite patterns is shown in Figure 3.7b. Vibrational bands at 562 and 603 cm−1 indicated O-P-O 

bending, while peaks at 962 and 1034 cm−1 represented PO3
-4 stretching, despite minor calcium deficiency. 
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Additionally, peaks at 874, 1339 and 1456 cm−1 associated with CO3
2− group were observed in pattern. The 

peak at 632 cm−1 and broad peak at 3427 cm−1 indicated OH- or absorbed H2O. SEM analysis of MgHA 

confirms the nano-size and the needle-like morphology (Figure 3.7c), which is consistent with the high 

SSA value. 

 

Figure 3-7:(a) X-ray diffraction pattern; (b) FTIR-ATR spectrum; (c) SEM micrograph, of MgHA-NPs. 

The XRD pattern, FTIR and SEM analysis of the α-TCP revealed the typical phases of α-TCP (sub-chapter 

3.1.3) (Figure 3.8).  

 

Figure 3-8: (a) X-ray diffraction pattern; (b) FTIR-ATR spectrum; (C) SEM micrograph, of α-TCP (scale 

bar = 500 nm) 

The average agglomerate particle size of the MgHA nanoparticles and  α-TCP was 0.72 μm and 2.2 μm 

respectivily are shown in Table 3-X. The specific surface area of MgHA was much higher than that of α-

TCP. 

Table 3-X: Particle size, specific surface area and porosity of MgHA nanoparticles and α-TCP 

Sample Particle size (μm) 

d50 

SSA 

(m²/g) 

Porosity 

(%) 

MgHA 0.72 87.29 60.91 

α-TCP 2.2 3.03 57.02 
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Initial experiments were conducted to find the maximum amount of MgHA nanoparticles that could be 

incorporated into CPCs without causing significant changes in setting times, injectability and hardening, to 

maintain an initial setting time of approximately 15-30 minutes, which is considered appropriate for clinical 

applications. A slight increase in initial setting times and a noticeable increase in final setting time was 

obsereved, in particular when the amount of MgHA nanoparticles was increased up to 20 wt% in the cement 

(Table 3-XI) 

Table 3-XI: Initial and final setting time of Mg-CPC 

Sample 

code 

Initial setting time 

(min) 

Final setting time 

(min) 

Mg-CPC (0%) 10±1.5 22±2.0 

Mg-CPC (5%) 18±2.0 65±3.0 

Mg-CPC (10%) 23±2.5 90±3.0 

Mg-CPC (20%) 40±2.5 220±5.0 

Elemental analysis confirmed the amount of each doping ion in the final cement was very close to the 

amount in the starting mixture (Table 3-XII). The final product was also calcium-deficient, with a 

calcium-to-phosphorus mole ratio lower than 1.67. 

Table 3-XII: ICP analysis of Mg-CPC 

Sample Ca/P  (Ca+Mg) /P Mg/(Ca+Mg) (mol%) Mg (wt%) 

Mg-CPC (0%) 1.40 1.40 
  

Mg-CPC (5%) 1.39 1.40 0.62 0.11 

Mg-CPC (10%) 1.40 1.42 1.03 0.22 

Mg-CPC (20%) 1.40 1.41 2.08 0.44 

The XRD analysis was conducted on the cements at various time points 16h, 30h, 48h and 72h, to 

investigate the extent of transformations into CDHA. The incorporation of MgHA nanoparticles into CPCs 

prolonged both initial and final setting times, resulting in a delayed in the complete transformation of α-

TCP into calcium-deficient apatite. As the concentration of MgHA nanoparticles increased from 5 wt% to 

20 wt% in cements, a greater delayed in HA formation was observed (Figure 3.9). Especially, the presence 

of MgHA nanoparticles led to a decrease in the crystallinity of the HA phase within the cement. These 

results indicates that the addition of MgHA nanoparticles not only favoring the cement setting and phase 

transformation process, also impede the crystal growth of the new HA phase, could be potentially good for 

enhancing bioactivity.  
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Figure 3-9: X-ray diffraction pattern of CPC (a); Mg-CPC (5%); Mg-CPC (10%) and Mg-CPC (20%) after 

(0h, 16h, 30h, 48h, 72h) setting at 37°C. 

 

Extent of HA formation at different time points 16h, 30h, 48h and 72h was also invesigated by FTIR 

analyses. Figure 3.10 shows the patterns for all cements formed by hydrolysis of a-TCP powder with 

different concentartions of MgHA nanoparticles (5 wt%, 10 wt%, 20 wt%). In all patterns, pure phases of 

HA was confirmed with no any other phase detected. The presence of structural OH- groups in the hydrated 

composite is suggested by the absorption peaks at 650 and 3473 cm-1 in Mg-CPCs. The peak at 650 cm-1 

corresponds to the OH vibrational mode, while the peaks at 3473 cm-1 represents the stretching mode, which 

appears as a symmetrical and broad peak, falling within the range of weakly hydrogen-bonded groups. A 

more distinct OH peak is observed in the librational mode, located near the principal PO43- absorption 

peaks at 650 cm-1 confirming the HA formation from αTCP hydrolysis. The increased absorption intensity 

of the OH- band at 3473 cm-1 with increasing hardening time suggests the formation of calcium-deficient 

hydroxyapatite. While with increasing concentartions of MgHA nanoparticles in cements, resulted in 

delayed of transformation into CDHA , as confirmed in above XRD analysis.   

 

Figure 3-10: FTIR spectrum of CPC (a); Mg-CPC (5%); Mg-CPC (10%) and Mg-CPC (20%) after (0h, 16h, 

30h, 48h, 72h) setting at 37°C. 

The morphology of the cements was examined using SEM, shown in Figure 3.11a. It was observed that the 

addition of MgHA nanoparticles up to a concentration of 10wt%, the morphology of the cements appeared 

similar after 72h. However, when the concentration was increased to 20wt% of MgHA nanoparticles, only 

larger particles of αTCP and nanoparticles of MgHA were observed, indicating that the cement did not fully 
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harden after 72h. The complete transformation of Mg-CPC (20%) occurred after 96 h, morphology 

transformed from a plate-like to a rod-like shape. 

 

Figure 3-11: (a) SEM images with Scale bar 1μm and insert bar is 200nm, (b) Maximum compressive 

strength  of Mg-CPC (0%): Mg-CPC (5%); Mg-CPC (10%) and Mg-CPC (20%) after 72h setting at 37°C. 

Furthermore, the compressive strength of the cements was evaluated are shown in Figure 3.11b. It was 

found that with the addition of up to 10wt% of MgHA-NPs in cements, the compressive strength slightly 

decreased after 72h hardening. This decrease may be attributed to the incorporation of the MgHA 

nanoparticles, which can affect the overall structure and bonding within the cements. However, when 20 

wt% of MgHA nanoparticles were added, the compressive strength decreased significantly. This suggests 

that the addition of 20 wt% of MgHA nanoparticles, delayed the hardening and have not completely 

transformed into HA after 72 hours, leading to a considerable decrease in its strength. These results indicate 

that while the addition of lower concentrations of MgHA nanoparticles (up to 20wt%) had a limited effect 

on the morphology and compressive strength of the cement, higher concentrations (30wt%) resulted in non-

hardened cement and a substantial reduction in strength. These findings are important for determining the 

optimal concentration of MgHA nanoparticles for achieving desirable cement properties in terms of both 

morphology and mechanical strength. 

On the basis these results, the 20wt% Mg-CPC was evaluated for antibacterial tests and release of 

tetracycline (TC).  

The antibacterial analysis of MgHA and Mg-CPC scaffolds was assessed by evaluating the viability of E. 

coli and S. aureus bacteria in the supernatant after incubation with the scaffolds for different time periods. 

Both scaffolds had a substantial antibacterial effect on both bacteria during a short incubation period of 3 

hours, as shown in Figure 3.12. However, the antibacterial activity of the scaffolds decreased progressively 

as the incubation duration increased. The antibacterial efficacy against E. coli decreased to 30% after 24 

https://www.sciencedirect.com/topics/materials-science/compressive-strength
https://www.sciencedirect.com/topics/materials-science/compressive-strength
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hours in MgHA scaffolds and to 10% after 24 hours in Mg-CPC scaffolds. Conversely, the antibacterial 

effect of MgHA scaffolds on S. aureus decreased to 50% after 24 hours, but the antibacterial effect of Mg-

CPC scaffolds persisted at 70% even after 24 hours [50]. The findings suggest that Mg-CPC scaffolds have 

a prolonged antibacterial activity against S. aureus in comparison to MgHA scaffolds. The variation in 

antibacterial efficacy may be attributed to the inherent characteristics of the scaffolds, such as their surface 

chemistry and porous structure [51]. The surface chemistry of Mg-CPC scaffolds might potentially interfere 

with bacterial cells by impeding their metabolism or inhibiting cell wall production. The porosity nature of 

Mg-CPC scaffolds may further serve as a physical barrier that inhibits bacterial adhesion and proliferation 

[52]. Mg-CPC scaffolds possess a commendable capability to sustain their antibacterial efficacy against S. 

aureus over long periods of incubation, making them a very promising material for applications in bone 

tissue engineering. Their capacity to prevent S. aureus infection might have an important impact on the 

success of orthopedic therapies.  

 

 

Figure 3-12: The statistical analysis of supernatant composed of planktonic bacteria.  

The activity of MgHA and Mg-CPC scaffolds prevents the bacterial attachment at higher incubation times 

for E. coli S. aureus at 24 h (Figure 3.13). The addition of magnesium in scaffold significantly increases 

the antibacterial activity of the material [53]. This effect is seen for both E. coli and S. aureus bacteria, with 

the greatest effect seen at 24 hours. At 24 hours, MgHA reduced the viability of E. coli by 60% and S. 

aureus by 35%, compared to 30% and 10% for HA, respectively. While Mg-CPC reduced the viability of 

E. coli by 90% and S. aureus by 35%, compared to 70% and 10% for CPC, respectively. HA scaffold also 

exerts an important antibacterial action [54].  Mg-CPC scaffolds are able to reduce the bacterial viability 
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up to 70% in both suspension and adhesion against gram-negative bacteria E coli and gram-positive bacteria 

S aureus at 24h. 

 

Figure 3-13: The statistical analysis of bacterial adhesion on the scaffold 

Experiments were conducted to optimize the adsorption of TC onto MgHA nanoparticles. The adsorption 

rate of a TC solution onto MgHA nanoparticles was studied at various incubation times, revealed that a 

soaking time of 2 hours is sufficient to reach a quasi-equilibrium condition. After given optimal contact 

time 2 hours, the adsorption of TC was evaluated at different concentrations of TC in solution (Figure 

3.14a). The amount of TC adsorbed on the MgHA nanoparticles increased as the concentration of TC in 

solution increased, reaching a maximum of about 1 mg/m2. MgHA nanoparticles exhibited negative zeta 

potential, but the zeta potential in absolute value decreased as the concentration of TC increased are shown 

in Figure 3.14b. 

 

Figure 3-14: TC absorption and zeta potential o magnesium doped cement. 
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TC release profile of Mg-CPC (20wt%) are shown in Figure 3.15. Magnesium doped cements were 

functionalized with tetracycline, a commonly used broad-spectrum antibiotic, while combining it with 

magnesium effect to achieve an effective antibacterial outcome.  

 

 

Figure 3-15: TC release from magnesium doped cement 

Degradation tests of the bone cements were also performed up to 14 days, in terms of Ca2+ and Mg2+ ions 

release, exhibiting lower calcium and magnesium release for the TC-containing formulations (Figure 3.16). 

Mg-CPC exhibited higher calcium release than control CPC, will have higher solubility.  

 

 

Figure 3-16: Ion releases up to 14 days: (a) Calcium, (b) Magnesium. 
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3.3.  Mechanically reinforced magnesium and strontium-doped apatite cement with carbon fibers. 

The major challenges concerning the mechanical properties of calcium phosphate cements (CPC) scaffold 

is related to their inherent brittleness, which limits their usage to non-load bearing bone applications. 

Among various toughening approaches, fiber reinforcement is intriguing method due to its unique 

mechanism. They can bridge cracks after its appearance due to stress, impeding its further propagation. 

Furthermore, the frictional sliding of fibers against the matrix during pullout further consumes the applied 

force that results in increased fracture toughness. The addition of different types of fibers (e.g., carbon, e-

glass, aramid, and polyglactin) increased the strength of cement and resulted in an increase of 

approximately two orders of magnitude in the fracture work [55].  Carbon fibers are the preferred choice 

among researchers compared to all other types of fibers due to their high strength-to-weight ratio, 

thermophysical properties, sorption, and high elastic modulus. These advances are potential and are actively 

being investigated by researchers to develop cement composite with improved interlaminar toughness [56]. 

These non-degradable fibers can significantly improve the fracture toughness of CPCs, but their low 

biodegradability can hinder the new bone formation [57].  

In this context, this study will explore the balance between suitable mechanical strength and biological 

properties.  

 Therefore, the aim of this activity was to develop carbon fiber-reinforced calcium phosphate cements by 

mixing αTCP or Sr-αTCP with MgHA nanoparticles as inorganic precursors. Here, MgHA nanoparticles 

were mixed in αTCP or Sr-αTCP powder because the direct doping of Mg2+ in α-TCP phase used as a 

precursor for CPC is reported as particularly challenging, due to the intrinsic character of Mg to stabilize 

β-TCP. The addition of carbon fibers in cement was investigated to achieve appropriate mechanical 

properties. 

3.3.1. Materials and Methods  

α-tricalcium phosphate (αTCP), solid precursor of CPC were synthesized by a high-temperature solid-state 

reaction of calcium phosphate dibasic (CaHPO4, Sigma Aldrich, US) and calcium carbonate (CaCO3, Sigma 

Aldrich, US) mixture with a molar ratio of 2:1 [11, 58-60]. Subsequently, the mixture was thermally treated 

at 1400°C for 1 h, followed by rapid cooling. The resulting powder was milled in ethanol (98%, Sigma 

Aldrich, US) using a planetary ball milling (Pulverisette 6 classic line, Germany) with alumina grinding 

balls (2 mm diameter) at 400 rpm for 50 min. Ethanol was evaporated using a rotavator with a vacuum 

pump.  

Sr-αTCP were synthesized by repeating the same route by introducing strontium carbonate (CaCO3, Sigma 

Aldrich, US) containing the doping ions in appropriate amounts to prepare Sr-αTCP (Sr/(Ca+Sr) = 2wt%) 

[1, 58]. 
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Magnesium-doped hydroxyapatite (MgHA) nanoparticles were synthesized by co-precipitation method 

[61], using calcium hydroxide (Ca(OH)2, Sigma Aldrich, US), orthophosphoric acid (H3PO4, Sigma 

Aldrich, US) and magnesium chloride hexahydrate (MgCl2∙6H2O, Sigma Aldrich, US). To initiate the 

synthesis, 3 mM aqueous solution of Ca(OH)2 (99%) was prepared in a 500 mL flask by introducing the 

appropriate amounts of salts (MgCl2∙6H2O) to achieve a Mg-doped HA composition with a magnesium-

to-calcium ratio of 10 mol%. The mixture was stirred for 30 minutes on a magnetic stirrer at 40°C. 

Subsequently, a dilute aqueous solution of 1 mM H3PO4 (95%) was added to the continuously stirred 

calcium hydroxide solution using a controlled peristaltic pump at a rate of 1 ml/min. The solution was 

stirred for an additional 2 hours and left overnight at room temperature. Then, three-time washed with 

double distilled water by centrifuging at 10,000 rpm for 10 min. The resulting precipitate was dried 

overnight at 40°C to remove excess water. Finally, the dried powders were sieved through a 150 μm mesh 

sieve. 

Different powder mixtures were prepared by adding 10 wt% of MgHA nanoparticles to α-TCP and Sr-

αTCP, respectively (Table I). Setting solution, liquid component of CPCs is prepared by mixing 5 wt% 

sodium phosphate dibasic dihydrate (Na2HPO4∙2H2O, Fluka, UK) and 2 wt% sodium alginate (Sodium 

Salt of Alginic Acid from Brown Algae, Sigma Aldrich, US) in distilled water. 

Finally, the appropriate amounts of the powder mixture and liquid, based on a liquid-to-powder (L/P) ratio 

of 0.6, were manually mixed to produce the CPC are labelled as CPC, Mg-CPC, Sr-CPC, MgSr-CPC are 

shown in Table 3-XIII. 

Table 3-XIII: Different combinations of cements 

Sample 

code 

αTCP powder 

(wt%) 

Sr-αTCP powder 

(wt%) 

MgHA powder 

(wt%) 

CPC 100 0 0 

Mg-CPC 90 0 10 

Sr-CPC 0 100 0 

MgSr-CPC 0 90 10 

 

Different combinations of carbon fibers reinforced cement were prepared by varying the amount (4wt%, 

2wt%) and length (5mm, 2.5mm) of fibers for compressive and 3-point-bending tests of CPC (Table 3-

XIV). 

 

 

 



165 
 

Table 3-XIV:Composition of CPC contains different amount and length of carbon fibers. 

Sample Name 
Powder 

(wt%) 
Carbon Fibers (wt%) Carbon Fibers length (mm) 

CPC 100 - - 

CPC/CF4/2.5 96 4 2.5 

CPC/CF4/5 96 4 5 

CPC/CF2/5 98 2 5 

On the base of these mechanical test, 4 wt% of carbon fibers with 5mm were selected to reinforced CPC, 

Mg-CPC, Sr-CPC and MgSr-CPC. 

Characterizations 

To analyse the phase composition of samples, X-Ray powder diffraction (XRD) was used to investigate the 

diffraction peaks on a D8 Advance diffractometer (Bruker, Karlsruhe, Germany), with CuKα radiation, in 

2θ range of 10° to 80° with a scanning step of 0.02°. Fourier-transform infrared spectroscopy (FTIR) was 

performed using a Nicolet IS5 spectrometer (Thermo Fisher Scientific, U.S.A.) to investigate the chemical 

composition and functional groups of powder. For this, samples were ground with 5% KBr in an agate 

mortar, compressed into tablets and analysed in the spectral range of 500 to 4000 cm−1. The specific surface 

area (SSA) was calculated using the Brunauer–Emmett–Teller (BET) method (Surfer, ThermoScientific, 

United States) by nitrogen adsorption at a relative pressure of 0.03 Torr. Particle size distribution was 

determined by dispersing the powder in aqueous solutions of sodium hexametaphosphate (0.05 wt%). The 

measurements were performed using an X-ray instrument-based o’ the Stokes' sedimentation equation 

(SediGraph 5100 instrument, Micromeritics, US). The Thermofinnigan 240 Pa instrument was used to 

measure the porosity of the powders by the intrusion of mercury under controlled pressure (0.1-200 MPa). 

Elemental composition analysis of the powders was performed using Inductively Coupled Plasma-Optical 

Emission Spectroscopy (ICP-OES) with an Agilent 5100 instrument. The morphology of the powders was 

studied using Field Emission Scanning Electron Microscopy (FE-SEM) using the Zeiss-SIGMA instrument 

(Carl Zeiss Microscopy GmbH) at 20 kV acceleration voltage. The initial and final setting times of the 

cement formulations were investigated using the Gillmore needles apparatus, following the guidelines in 

the standard ASTM C266-99. The compressive strength of the CPCs was evaluated by compressed 

cylindrical specimens, after being hardened in Teflon moulds for 30 minutes, the specimens were left in a 

thermostatic bath for 72h. Five cylindrical specimens for each sample were prepared, with a diameter of 6 

mm and a height of 12 mm in Teflon moulds.  

The equation for calculating the compression strength is: 
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Where 𝝈 is compression strength (MPa), F is applied load (N) and A is area (mm) of the specimen 

undergoing the mechanical stress. 

Conversely, the 3-point bending strength of the CPCs was evaluated by rectangular bar with dimension 

60mm*12mm*10mm. The 3-point bending strength was calculated by the equation: 

 

𝝈 =
𝟑𝑭𝒍

𝒃𝒅𝟐
 

where 𝝈 = bending strength (MPa), F = load (N), l = support span (mm), b = width of tested specimen (mm) 

(b>d), d = height of tested specimen (mm). 

Zwick Roell Z050 machine was used to perform compressive tests in displacement control, with a speed of 

1 mm/min. Macrograph images of mechanical tested specimen were analysed by optical microscopy. 

Results and Discussions 

Initial experiments were conducted to find the maximum amount of MgHA nanoparticles that could be 

incorporated into CPCs without causing significant changes in setting times, injectability and hardening, to 

maintain an initial setting time of approximately 15-30 minutes, which is considered appropriate for clinical 

applications [62, 63]. A slight increase in initial setting times and a noticeable increase in final setting time 

was observed, in particular when the amount of MgHA nanoparticles was increased up to 10 wt% in the 

cement [58]. 

Elemental analysis confirmed the amount of each doping ion in the final cement was very close to the 

amount in the starting mixture (Table 3-XV). The final product was also calcium-deficient, with a calcium-

to-phosphorus mole ratio lower than 1.67. 
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Table 3-XV: ICP analysis of CPC, Mg-CPC, Sr-CPC and MgSr-CPC 

Sample Ca/P (Ca+Mg+Sr) 

/P 

Mg/( Ca+Mg+Sr) 

(mol%) 

Sr/(Ca+Mg+Sr) 

(mol%) 

Mg (wt%) Sr (wt%) 

CPC 1.50 1.50 - - - - 

Mg-CPC 1.40 1.42 1.03 - 0.22 - 

Sr-CPC 1.39 1.45 - 1.59 - 0.25 

MgSr-CPC 1.39 1.45 0.99 1.49 0.19 0.15 

 

The addition of MgHA-NPs (10 wt%) in CPCs resulted in increased initial and final setting time as 

compared to CPC or Sr-CPC, while the addition of C-fibers (4wt.%) slightly decreased the setting time (as 

shown in Table 3-XVI). 

Table 3-XVI: Composition and setting times of CPC, Sr-CPC containing MgHA nanoparticles and carbon 

fibers. 

Sample 

Name 

Powder 

(wt%) 

MgHA 

(wt%) 

Carbon Fibers 

(wt%) 

Carbon Fibers 

length (mm) 

Initial setting 

minutes 

Final setting 

minutes 

CPC 100 - - - 10 22 

CPC+C.F 96 - 4 5 8 20 

Mg-CPC 90 10 - - 35 90 

Mg-

CPC+C.F 
86 10 4 5 25 60 

Sr-CPC 100 - - - 15 22 

Sr-CPC+C.F 96 - 4 5 10 20 

MgSr-CPC 90 10 - - 40 90 

MgSr-

CPC+C.F 
86 10 4 5 40 80 

 To evaluate the phase transformation extent of CPC, Mg-CPC, Sr-CPC and MgSr-CPC, the XRD analysis 

was performed at 16h and 72h after mixing and hardening. The transformation of α-TCP and Sr-αTCP into 

calcium-deficient apatite (CDHA) was delayed as a result of the incorporation of MgHA-NPs into α-TCP 

and Sr-αTCP. It was observed that after 72h, all the samples were completely transformed into HA. On the 

other hand, the addition of C-fibers did not prevent the transformation into HA [64], but poorly crystalline 

HA phases were also detected (Figure 3.17). 
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Figure 3-17: X-ray diffraction pattern of CPC, Sr-CPC, Mg-CPC and MgSr-CPC after (16h and 72h) setting 

at 37°C (a) without (a)carbon fibers (b) with carbon fibers. 

The microscopical features of the cements with and without fibers were evaluated by SEM analysis (Figure 

3.18). A plate to needle-like morphology were exhibited by all the samples, due to the dissolution and 

precipitation mechanism at the basis of CPC hardening [65-67]. Plate-like crystals are frequently formed 

during the first phases of hardening, while needle-like crystals are produced during the latter stages. The 

plate to needle-like morphology of CPC plays a crucial role in improving mechanical performance, 

particularly plates-like particles provide tensile strength, and the needles-like offer compressive strength 

[44]. 

 

Figure 3-18: SEM images of CPC, Mg-CPC, Sr-CPC and MgSr-CPC without carbon fibers (a) and with 

2.5mm carbon fibers at 4 wt% (b, c). 

The fiber-containing formulations exhibited tufts of fibers randomly dispersed into the cement matrix due 

to the aggregation of fibers during the mixing process. The cement-fiber interface exhibited randomly weak 

interactions between the components because fibers are simply entangled in the cement matrix and not 
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chemically linked to the cement [68]. However, in particular situations like bone tissue engineering, this 

weak interface might be advantageous in promoting better integration between the implant and the adjacent 

bone [69]. 

The compressive and flexural strength of CPC, Mg-CPC, Sr-CPC and MgSr-CPC were analyzed (Figure 

3.19). The maximum compressive strength, and three-point bending strength is a measure of the material's 

capacity to resist deformation under compressive loading, and bending loading, respectively [68, 70, 71]. 

The Young's modulus and modulus of resilience were measured using three-point bending tests. Materials 

with greater three-point bending strengths and maximum compressive strengths are more resistant to 

crushing and breaking, respectively [72]. 

 

Figure 3-19: Mechanical performance of CPC, Mg-CPC, Sr-CPC and MgSr-CPC (a) compressive strength 

curves, (b) 3-point bending strength curve (c) maximum compressive strength, (d) work of fracture from 

compressive tests (e) maximum 3point bending strength (f) work of fracture from 3-point bending tests (g) 

young modulus from 3-point bending tests (h) bending modulus of resilience from 3-point bending tests. 

The MgSr-CPC showed the highest maximum compressive strength (21.57 ± 3.38 MPa) and work of 

fracture (0.4±0.1 J/m3), while also the lowest bending strength (5.88 ± 1.23 MPa) and bending work of 

fracture (0.18 ± 0.10 J/m3). The CPC exhibited higher Young's modulus and modulus of resilience values 

than all other samples indicating higher stiffness and energy absorption capacity under tensile stress, are 

shown in Figure 5 g&h [73].  

Mg and Sr doping slightly improved the compressive strength of CPCs by altering crystal lattice properties, 

introducing additional phase stability. 
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The low strength of the CPC formulations was due to the intrinsic macro-porosity of the samples [74], as 

observed in by optical microscopy (Figure 3.20), possibly acting as stress concentration defects, increased 

stress in the vicinity and initiating the crack, leading to complete brittle breakage of the samples [75]. This 

concentrated stress may exceed the yield strength of the material, resulting in the development of 

microcracks. Further loads may cause the propagation and enlargement of these microcracks, leading to the 

complete collapse of the material [76, 77].  

 

 

 

Figure 3-20: Optical images of CPCs after (a) compressive tests and (b) flexural tests. 

The presence of carbon fibers into CPCs improved the compressive strength, with the greatest increase 

observed for samples with 5mm-length carbon fibers at 4wt% concentration, while CPC without carbon 

fibers observed the lowest compressive strength. The maximum compressive strength and work of fracture 

of carbon fibers reinforced CPC with respective their fibers amount and length are shown in Table. 3-XVII.   

Table 3-XVII: The maximum compressive and flexural strength of CPC contains different amount and 

length of carbon fibers. 

Sample Name Maximum 

Compressive 

strength (MPa) 

Maximum Flexural 

strength (MPa) 

Work of fracture 

from compressive 

tests 

Work of fracture 

from flexural tests 

CPC 12.34±6.38 9.07±1.96 0.219±0.12 0.34±0.11 

CPC/CF4/2.5 19.75±0.46 25.55±5.02 2.78±0.97 19.77±5.59 

CPC/CF4/5 22.44±4.42 20.97±4.82 2.81±0.46 15.69±3.74 

CPC/CF2/5 17.00±1.86 21.57±2.39 1.75±0.51 18.93±7.03 
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The statistical analysis of maximum compressive strength and work of fracture are shown in Figure 3.21 

c&d. The work of fracture from compressive strength of CPC with 4 wt% of carbon-fibers of 5mm and 

2mm was about 5time higher than CPCs without fibers (P>0.001). While the work of fracture of CPC with 

2 wt% of carbon-fibers of 5mm was about 2time higher than CPCs without fibers (P>0.001). The effect of 

fiber amount was more pronounced than fiber length on compressive strength of carbon reinforced cement.  

The flexural strength of CPC also increased with the addition of carbon fibers, with the highest strength 

was observed for samples with 2.5mm fibers at 4 wt% and the work of fracture was also significantly 

increased. This behavior was observed due to a more homogenous dispersion of shorter fibers inside the 

cement [78], which led to increased flexural strength by bridging the cracks and prevent them from 

expanding (Table 3-XVII) [79-81]. Such significantly higher performance was determined by energy‐

dissipation mechanisms related to the pullout of the fibers [82], which depends on the bonding properties 

between fiber and matrix. The statistical analysis of maximum 3-point bending strength and its work of 

fracture are shown in Figure 3.21 e&f. The work of fracture from 3-point bending strength of CPC with 4 

wt% of carbon-fibers of 5mm and 2mm was about 20time higher than CPCs without fibers (P>0.001). 

While the work of fracture of CPC with 2 wt% of carbon-fibers of 5mm was about 15time higher than 

CPCs without fibers (P>0.001).  

However, maximum flexural strength and WOF were the same for the samples with 5mm;4wt.% and 

5mm;2wt.% carbon fibers, despite the difference in fiber amount [83, 84]. The carbon fibers embedded 

inside the cement matrix experience tensile stress when a CPC sample is bent. If the fibers are long enough, 

they may be pulled out from the matrix, which helps to disperse energy and avoid rapid sample fracture. 

Both the bending of the fibers themselves and the frictional resistance between the fibers and the matrix are 

responsible for this energy dissipation [55, 85]. 

The Young modulus of flexural test samples decreased with the addition of fibers, while the modulus of 

resilience increased except 5mm carbon fibers of 2wt%, where modulus of resilience decreased. Integrating 

carbon fibers to cement lowers Young’s modulus because the fibers destabilize the matrix's regular 

arrangement of calcium phosphate crystals, making the material less stiff but more flexible [80, 86]. The 

overall results suggested that the addition of carbon fibers can significantly improve the flexural strength, 

modulus of resilience and work of fracture of CPC, even at relatively low fibers amount.  
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Figure 3-21: Mechanical performance of carbon fibers-reinforced CPCs: (a) compressive strength 

representative curves; (b) 3-point bending strength representative curves; statistical analysis of (c) 

maximum compressive strength; (d) work of fracture from compressive tests; (e) maximum 3-point bending 

strength (f) work of fracture from 3-point bending tests; (g) young modulus from from 3-point bending tests 

(h) modulus of resilience from 3-point bending tests. 

The optical images of flexural and compressive strength tested specimens of carbon fibers-reinforced 

cements (Figure 3.22) showed that fibers are bridging the cracks at the site of failure, preventing them from 

widening and keeping the specimens intact. This is very different from the control CPC specimen (Figure 

3.20), mainly exhibiting brittleness behavior where the development of one crack generally spread 

catastrophically. This is because CPC is brittle and is unable to resist plastic deformation or energy 

absorption prior to cracking [68, 84, 87]. 

Conversely, in presence fibers-reinforcement, multiple microcracks were experienced in the linear portion 

of σ-ε diagram, without inducing complete failure, indicating that the composite cement is able to withstand 

higher loads and dissipate more fracture energy before ultimate cracking [88]. As the fibers efficiently 

bridge them, these microcracks do not lead to the material's total breakdown. This suggests that before final 

cracking, the composite cement could withstand larger stresses and release more fracture energy [89, 90]. 
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Figure 3-22: Optical images of (a) flexural strength tested CPC samples with (a) CF (5mm, 4wt%), (b) CF 

(5mm, 2wt%) and (c) compression strength tested CPC sample with CF (5mm, 4wt%). 

The mechanical performance of CPC, Mg-CPC, Sr-CPC and MgSr-CPC reinforced with and without 5mm 

carbon fibers of 4wt% are reported in Figure 3.23. Carbon fiber reinforcement significantly improved the 

compressive and flexural strength of all types of CPC tested (Table 3-XVIII), with the greatest improvement 

observed in the MgSr-CPC with carbon fibers [84, 91, 92].   

 The compressive strength of the Mg-CPC and Sr-CPC with fibers was very close to that of CPC with 

fibers. This indicates that the addition of magnesium and strontium ions in CPC does not have a substantial 

impact on the efficacy of carbon fiber reinforcing [44]. 
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Table 3-XVIII: The maximum compressive and flexural strength of CPC, Mg-CPC, Sr-CPC and MgSr-CPC 

with and without carbon fibers. 

Sample Name 

Maximum 

compressive strength 

(MPa) 

Maximum 

flexural 

strength (MPa) 

Work of fracture 

from compressive 

tests (J∙m-3) 

Work of fracture 

from flexural tests 

(J∙m-3) 

CPC 12.34±6.38 9.077±1.96 0.21±0.11 0.34±0.11 

CPC+C.F 22.44±4.42 20.97±4.82 2.81±0.46 18.93±7.03 

Mg-CPC 11.45±4.82 8.37±1.28 0.15±0.08 0.42±0.14 

Mg-CPC+C.F 21.87±1.35 24.16±7.80 2.18±0.67 20.86±9.41 

Sr-CPC 15.96±2.27 7.96±1.60 0.28±0.13 0.38±0.26 

Sr-CPC+C.F 18.31±1.60 29.82±3.62 2.26±1.15 23.06±6.97 

MgSr-CPC 21.57±3.38 5.88±1.23 0.40±0.10 0.17±0.10 

MgSr-CPC+C.F 10.90±2.55 30.50±2.59 0.72±0.35 24.50±2.69 

The flexural strength of carbon-fibers reinforced Mg-CPC, Sr-CPC and MgSr-CPC was much higher than 

the flexural strength of the control CPC with fibers as reported in Table 3.XVIII. The highest flexural 

strength of 30.50±2.59 MPa was observed by fiber-reinforced MgSr-CPC, followed by the fiber-reinforced 

CPC (20.97±4.82), Mg-CPC (24.16±7.80 MPa), Sr-CPC (29.82±3.62 MPa) and CPC (20.97±4.82 MPa).  

The work of fracture and modulus of resilience from flexural strength of all the carbon fiber reinforced 

CPC was also significantly greater than the control CPC, indicating more resistance to crack propagation 

and failure.  Figure 3.23 shows a statistical analysis of the mechanical properties of CPC, Mg-CPC, Sr-

CPC, and MgSr-CPC reinforced with and without 4 wt% of carbon fibers with 5mm-length. The maximum 

3-point bending strength of Sr-CPC and MgSr-CPC with fibers was about 1.5time higher than CPCs with 

fibers (P>0.001).  
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Figure 3-23: Mechanical performance of CPC, Mg-CPC, Sr-CPC and MgSr-CPC reinforced with and 

without 5mm carbon fibers of 4wt% (a) compressive strength representative curves; (b) 3-point bending 

strength representative curves; statistical analysis of (c) maximum compressive strength; (d) work of 

fracture from compressive tests; (e) maximum 3-point bending strength (f) work of fracture from 3-point 

bending tests; (g) young modulus from from 3-point bending tests (h) modulus of resilience from 3-point 

bending tests. 
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3.4. Conclusions 

The transformation of α-TCP into calcium deficient hydroxyapatite (CDHA) appears to be generally faster 

for LT-αTCP, if compared to HT-αTCP, possibly due to higher specific surface area and lower crystallinity. 

The compressive strength of HT-αTCP cement was observed as significantly higher than that of LT-αTCP 

cement; this can be ascribed to the smaller grain size of LT-αTCP in respect to the HT-αTCP cement, which 

also reflects in a smaller pore size that usually gives higher mechanical strength. Incorporation of carbon 

fibers in both cements resulted in significantly enhanced compressive and flexural strength. However, the 

carbon fibers were more effective in LT-αTCP cement, observed higher compressive strength than fiber-

reinforced HT-αTCP cement. Cements obtained by LT-αTCP may be better suited for applications that 

need shorter setting times, such as in bone surgery or dental procedures. HT-αTCP cement may be better 

suited for applications where high compressive strength is required.  

Magnesium doped apatite cement (Mg-CPC) was prepared by mixing increasing amount of MgHA 

nanoparticles to αTCP (i.e. 0, 5, 10, 20 wt% with respect to αTCP) . The incorporation of MgHA 

nanoparticles into CPCs prolonged both initial and final setting times, resulting in slackening of the 

complete transformation of α-TCP into CDHA. As the amount of MgHA nanoparticles in the cements 

increased from 5 wt% to 20 wt%, the compressive strength of Mg-CPC decreased slightly and the 

morphology of the cements gradually changed from plate-like crystals to needle-like shapes. The 

degradation tests of bone cements showed that the Mg-containing formulations released more calcium, 

indicating that they were more soluble than the control CPC.  

The microbiological characterization proved a significant antibacterial effect for MgHA (7 mol%) and Mg-

CPC (20 wt%) scaffolds after short times (3 hours). Mg-CPC scaffolds were able to reduce bacterial 

viability by up to 70% against both gram-positive bacteria (S. aureus) and gram-negative bacteria (E. coli) 

in suspension and on scaffolds after 24 hours. 

Carbon fiber-reinforced magnesium and strontium apatite cements were synthesized by mixing αTCP or 

Sr-αTCP with MgHA nanoparticles as inorganic precursors. The incorporation of carbon fibers into CPCs 

reduced the setting times without preventing the complete conversion of α-TCP into calcium-deficient 

hydroxyapatite. In terms of mechanical performance, the addition of carbon fibers into CPCs significantly 

increased the bending strength and work of fracture, while all cement samples exhibited comparable 

porosity, about (60.2 ± 1.4) %. The flexural strength of carbon fiber-reinforced cement was about (30.5 ± 

2.5) MPa, while pure calcium phosphate cements exhibited only (9 ± 1.9) MPa. Carbon fiber-reinforced 

magnesium and strontium-doped cement may have potential applications in hard tissue repair and 

replacement for load-bearing bones. By adjusting the rheological properties, fiber-reinforced magnesium 

and strontium-doped cement with smaller fiber length (i.e. <2 mm) may also be possible candidates as inks 

for 3D-printing processes. 
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Carbon fiber-reinforced calcium phosphate cements (CPCs) are a new kind of biomaterial that combines 

the strong mechanical features of carbon fibers with the bioactivity and biocompatibility of calcium 

phosphate ceramics. The incorporation of these fibers has many potential benefits compared to CPC 

materials, such as improved mechanical strength, greater integration with biological tissues, and less 

inflammatory reaction. This is especially crucial for load-bearing bone applications, since the scaffold has 

to withstand substantial mechanical stress. Additionally, the incorporation of carbon fibers with a diameter 

of 7μm often have surface properties and are generally less likely to elicit an immune response. Moreover, 

the addition of carbon fibers may provide a more favorable environment for cell adhesion and growth, 

hence potentially reducing the inflammatory reaction [93].  
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FINAL CONCLUSIONS AND FUTURE PERSPECTIVES 

Hydroxyapatite (HA) has been widely recognized as suitable material to develop scaffolds for bone 

regeneration applications, mainly due to optimal chemical mimicry with the natural inorganic component 

of bones. In spite of such a great potential, the main drawback associated to hydroxyapatite refers to its 

intrinsic brittleness and limited bioactivity, posing significant limitation to their clinical use mainly due 

to low degradation rate and irreparable failure of the scaffolds. This is a major reason making the 

regeneration of load-bearing bone defects such as maxillofacial regions and spine region, a still unmet 

clinical need of great socio-economic relevance.  

Among the various approaches for apatite reinforcement, the use of carbon fibers is an interesting strategy 

due to their inherent biocompatibility, high strength-to-weight ratio, thermophysical properties, sorption, 

and high elastic modulus. They can bridge cracks after its appearance due to stress, impeding its further 

propagation, thus raising the toughness and prevent from sudden failure. In the present work, apatitic 

bone scaffolds particularly suitable for applications in maxillofacial and spinal bone regions have been 

developed and optimized following different approaches. In summary: 

I) Various formulations of HA slurries were prepared and characterized to investigate the 

effect of calcination temperature of powder, powder content and dispersant amount as well as 

ion-doping on the flow behaviour of hydroxyapatite slurries. Stoichiometric and ion-doped HA 

were synthesized by neutralization method. Calcination of HA powders reduced surface area and 

reactivity with water, enhancing slurry stability and lowering viscosity. In this respect, the highest 

solid loading for calcinated HA at 1000°C was found to be ≈39 vol%, significantly higher than 

the highest solid loading for non-calcinated HA which resulted ≈24 vol%. Ion-doped HA slurries 

showed lower viscosity compared to stoichiometric HA slurries, possibly ascribable to altered 

surface charge and functional groups, also reflecting into significantly higher chemical affinity of 

ions with water molecules and higher zeta potential, in absolute value. The slurries generally 

exhibited solid behaviour, with dominant elastic modulus (G’) over viscous modulus (G”) across 

the entire range of frequencies tested, except HA calcinated at 1000℃. The amount of dispersant 

and calcination temperature influenced elastic moduli, with a more prominent effect of dispersant 

on ion-doped HA slurries. 

II) Porous HA composites, mechanically reinforced with fibers, were prepared by mixing the 

previously developed slurries. The reinforcement of HA scaffolds with carbon fibers exhibited 

some limitations, possibly related to their thermal decomposition in oxidative environments. 

Interestingly, the introduction of alumina fibers in HA slurries resulted in a decrease of viscosity: 
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this behaviour was considered particularly promising towards the manipulation and development 

of high-solid loaded slurries. Alumina fiber-reinforced HA composite exhibited lower maximum 

compressive strength and flexural strength, compared to the control sample of HA without fibers. 

With increasing the amount of alumina fibers, the compressive strength increases, but still lower 

than control sample of HA without fibers.  However, the high-temperature sintering treatment of 

fiber-reinforced HA composite at 1200°C for 1h resulted in fibers decomposition and formation 

of secondary phase. In conclusion, both carbon and alumina fibers decomposed after thermal 

treatment, preventing structural homogeneity and integrity, inducing microstructural defects 

which in turn caused the decrease of maximum compressive and flexural strength. 

III) The transformation of α-TCP into calcium deficient hydroxyapatite (CDHA) appears to 

be generally faster for LT-αTCP, if compared to HT-αTCP, possibly due to higher specific surface 

area and lower crystallinity. The compressive strength of HT-αTCP cements was observed as 

significantly higher than that of LT-αTCP cements; this can be ascribed to the smaller grain size, 

which also reflects in higher hydraulic reactivity, smaller pore size upon hardening and higher 

mechanical strength. The incorporation of carbon fibers in cements significantly enhanced both 

compressive and flexural strength, particularly in the case of LT-αTCP cements. 

IV) Magnesium doped apatite cements (Mg-CPC) were prepared by mixing increasing amount 

0, 5, 10, 20 wt% of MgHA nanoparticles to αTCP. The incorporation of MgHA nanoparticles into 

CPCs prolonged the setting times, resulting in slackening of the complete transformation of α-

TCP into CDHA. The compressive strength of Mg-CPC slightly decreased with increasing the 

concentration of MgHA nanoparticles, while the microstructure of the cements shifted from plate-

like to needle-like crystals. The degradation tests of the cements exhibited higher calcium release 

for the Mg-containing formulations, as a marker for higher solubility. MgHA (7 mol%) and Mg-

CPC (20wt%) scaffolds exhibited a short-time (3h) remarkable antibacterial effect against gram 

positive and gram-negative bacterial strains, respectively S. aureus and E. coli. Mg-CPC scaffolds 

are able to reduce the bacterial viability up to 70% in both planktonic and adherent populations 

at 24h. 

V) Carbon fiber-reinforced magnesium and strontium apatite cements were synthesized by 

mixing αTCP or Sr-αTCP with MgHA nanoparticles as inorganic precursors. The incorporation 

of carbon fibers into CPCs reduced the setting times without preventing the complete conversion 

of α-TCP into calcium-deficient apatite. In terms of mechanical performance, the addition of 
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carbon fibers into CPCs significantly increased the 3-point bending strength and work of fracture, 

while all cement samples exhibited comparable porosity, about 60.0±1.4 %. The flexural strength 

of carbon fiber-reinforced cement was about 30.5±2.5 MPa, while pure calcium phosphate 

cements exhibited only 9.3±1.9 MPa. Carbon fiber-reinforced magnesium and strontium-doped 

cement may have potential applications in hard tissue repair and replacement for load-bearing 

bones. By adjusting the rheologic properties, fiber-reinforced magnesium and strontium-doped 

cement with smaller fiber length (i.e. < 2 mm) may also be possible candidates as inks for 3D-

printing processes. 

The novelty of fibers-reinforced bioceramic is explored relatively in few reports in literature. Some 

studies reported moderate inflammatory response of carbon fibers in the body. In most cases the 

inflammatory responses were associated with considerable length and a high aspect ratio of carbon fibers, 

that can be diminished by other factors like homogenous dispersion in biocompatible and bioactive 

materials such as apatite’s.  

The experiments confirmed that the fiber-reinforcement of sintered hydroxyapatite bodies remains 

challenging due to high-temperature oxidation and degradation phenomena. However, in consideration 

of the relevant clinical needs related to large bone reconstruction, that may be solved thanks to the use 

of reinforced apatite scaffold, efforts are worthy to be dedicated to address the existing drawbacks. As 

future possible research route, exploring alternative biocompatible fibrous materials like silica, alumina, 

or zirconia-based compounds could be interesting to unveil new potential materials for reinforcing 

sintered calcium phosphates, apart from carbon. In this respect, phase degradation at high temperatures 

is still a problem. To contrast this issue, the development of protective interface layers coating the 

reinforcing fibers for sake of protection from degradation may be a viable solution to achieve more 

chemically inert fibres. Besides, the research focus should be put also on the sintering treatment itself, 

looking for example to faster treatments to limit the reaction time and, possibly, the degradation extent.  

Conversely, porous apatitic cements, functioning as bone scaffolds, can be obtained at body temperature, 

thus offering enhanced possibility of mechanical reinforcement and, even, functionalization with 

therapeutic drugs. The fiber reinforcement of cements appears much more achievable and promising, 

likely due to their consolidation not requiring thermal treatment. Though, there are still few studies 

available on this topic. The possibility to tune the cement formulation rheology, chemical activity and 

porosity, is also relevant for use of various forming techniques, including 3D printing. This is promising 

for future development of scaffolds with tailored geometry and bioactivity, relevant for personalized 
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surgical treatments. Regarding the strengthening of CPCs, further research is required to optimize the 

processing techniques of carbon fibers reinforced CPC as well as biological properties and verify its 

long-term effectiveness in clinical contexts. Future research might also venture beyond carbon fibers, 

investigating other biocompatible fibrous materials, like silica, alumina, or zirconia-based compounds. 
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ANNEX 

ANALYTICAL TECHNIQUES 

Several analytical techniques for material characterization reported in this Ph.D. thesis are X-Ray 

Diffraction (XRD), Fourier-Transform Infrared Spectroscopy (FTIR), Scanning Electron Microscopy 

(SEM), Inductively Coupled Plasma Optical Emission Spectroscopy, Energy dispersive X-ray 

spectroscopy (EDS), B.E.T. Technique, Sedigraph, Thermogravimetric analysis (TGA), Rheometer, 

Zwick Roell Z050 machine, Dynamic Light Scattering (DLS). 

X-Ray Diffraction (XRD) 

X-ray diffraction (XRD) is a non-destructive technique that is used to determine the composition of a 

crystalline substance by determining its different phases [1]. The bulk phase composition has been 

determined after the material has been homogenized and carefully pulverized. Constructive interference 

between monochromatic X-rays and the crystalline substance is the foundation of the XRD technique. A 

cathode ray tube acts as the source of the X-rays, which are then filtered to produce monochromatic 

radiation, collimated to focus and targeted at the sample. When the conditions of Bragg's law are satisfied, 

the interaction of the incident X-rays with the material results in constructive interference and a diffracted 

beam (Figure 1). 

 

Figure 1: Bragg’s law and constructive interference. 

To examine the phase composition of the substance, diffraction measurements are compared to a database 

of powder diffraction files (International Centre for Diffraction Data - ICDD). 
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Rietveld refinement 

When coupled with Rietveld refinement techniques, XRD has the potential to provide additional 

information about the structure of a material, such as the measurements of the unit cell and lattice strains. 

Elastic scattering, also called Rayleigh scattering, occurs when X-rays interact with atoms, causing the 

electronic cloud to move and then re-radiate waves at the same frequency (Figure 2). 

 

Figure 2: Constructive (left figure) or destructive (right figure) interference in Rayleigh scattering of X-

rays. 

X-ray diffraction data is usually displayed in the form of diffraction patterns, also known as 

diffractograms, which illustrate diffracted peaks as a function of the scattering angle 2θ, which occur due 

to constructive interference between X-rays and the crystalline structure of the material [2]. It is possible 

to determine the chemical composition of a substance by analysing the position of the peaks, which 

correlate to the lattice spacing and the relative intensity of the peaks themselves, which are also 

distinctive of a particular phase. 

Crystal Structure 

Crystals are a type of solid material characterized by a highly ordered and regular arrangement of atoms. 

This kind of regularity of arrangement can be characterized in terms of symmetry elements, which 

reflects the symmetry of the physical characteristics of a material. The unit cell of a material is a 

representation of its crystal structure, which is characterized by its lattice parameters. These parameters 

include the length of the cell edges and the angles between them and are used to quantitatively describe 

the unit cell. The atomic positions within the unit cell can be characterized by a set of coordinates (xi, yi, 

zi) that are determined relative to a specific lattice point. 
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Symmetry elements are defined as geometrical entities, such as points, axes, or planes, with respect to 

which a lattice symmetry occurs. Symmetric elements are required for the representation of symmetry 

operations, which are the virtual movement of the smallest asymmetric unit about a symmetrical center. 

The most accurate level to characterize the symmetry characteristics of the crystal, such as cleavage, 

electronic band structure and optical properties, can be obtained by performing complex symmetry 

operations, which lead to the formation of space groups. 

There is an infinite number of methods for denoting a unit cell, but for each crystal structure there is a 

conventional unit cell that is selected to demonstrate the full symmetry of the crystal structure. 

Nonetheless, the unit cell that is commonly used may not always be the smallest possible option. The 

smallest volume that is fully occupied by a number of atoms in a stacked arrangement is referred to as 

the primitive unit cell of a specific crystal structure.  

In a primitive cell, the local atoms surrounding each atom can be arranged in a variety of different ways, 

whereas in a unit cell, the local atoms surrounding each atom are arranged in an identical manner. The 

crystal structure is comprised of the same group of atoms, known as the basis, which is arranged in the 

same manner around every lattice point. According to the arrangement of one of the 14 Bravais lattices, 

this atomic group will therefore repeat itself indefinitely across all three dimensions (Figure 3). 

The following are some examples of potential lattice centrings: 

• P: Primitive centring, with lattice points positioned just on the cell's corners; 

• I: Body-centred, additional lattice point at the cell's center; 

• F: Face centered, an additional lattice point positioned in the center of each of the cell's faces; 

• C: Centred on a single face, an additional lattice point is located in the center of one of the cell 

faces. 
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Figure 3: The seven crystalline systems and 14 Bravais lattices. 

Miller indices 

In crystallography, the Miller indices are a helpful notation tool for determining the orientation and planes 

of a Bravais lattice. The Miller indices, h, k and l are three integers that are used for identifying a reticular 

plane. These indices are vectors, which are the reciprocals of the plane's intercepts on the axes x, y and 

z. 

Size and Strain Broadening  

The width of a diffraction peak, denoted by B, is dependent on a number of parameters, including the 

following:  

1. instrumental factors  

2. the presence of lattice defects  

3. strain inhomogeneity among the grains  

4. the size of the crystallites 



190 
 

 

The analysis of X-ray diffraction (XRD) peak profiles has revealed that the full-width at half-maximum 

(FWHM) is a highly sensitive measure of the changes in both microstructure and stress-strain 

accumulation in the substance. The presence of tensile stress in a substance result in an increase in the 

full width at half maximum (FWHM), whereas relaxation of such stress leads to a decrease in FWHM.  

Crystallite size can be determined by using the Scherrer equation [1]: 

B(2θ) = 
𝐾λ

𝐷 𝑐𝑜𝑠
 

The equation for determining the crystallite average size, denoted as D, involves several variables. 

Specifically, B represents the peak width that has been adjusted for instrumental broadening, θ refers to 

the diffraction angle, K is a form factor typically assumed to be 0.9 and λ represents the wavelength of 

the incident radiation. 

Diffractometer 

X-ray diffractometers are comprised of three fundamental components, including an X-ray tube, a sample 

holder and an X-ray detector. X-rays are produced within a cathode ray tube through the process of 

heating a filament to generate electrons, subsequently accelerating these electrons towards a target by 

means of voltage application and ultimately subjecting the target material to electron 

bombardment (Figure 4). 
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Figure 4: Standard design of a diffractometer of the Bragg-Brentano type. 

The diffractometer utilized in this experiment is a D8 Advance diffractometer (CuKα radiation) operating 

under Bragg-Brentano configuration and supplied with a LINXEYE detector (Bruker, Karlsruhe, 

Germany). The X-ray diffraction (XRD) patterns have been recorded within the 2θ range of 10°-80°, 

with a scan step of 0.02° and a step time of 0.5 seconds.  The refinement of lattice parameters has been 

performed using the Rietveld technique (TOPAS 4.2 software). 

Fourier-Transform Infrared Spectroscopy (FTIR) 

Infrared spectroscopy, often known as IR spectroscopy, refers to the branch of spectroscopy that 

specifically focuses on the analysis of the infrared region within the electromagnetic spectrum. The 

electromagnetic spectrum's infrared section is categorised into three distinct areas, namely the near-

infrared, mid-infrared and far-infrared, which are named based on their relation to the visible spectrum. 

The far-infrared region, which covers around 400-10 cm-1 (1000–30 μm) and is located near to the 

microwave zone, exhibits low energy levels and may be used for the purpose of rotational spectroscopy. 

The mid-infrared region, covering from roughly 4000-400 cm-1 (30–1.4 μm), may be used for the 

analysis of basic vibrations and the corresponding rotational-vibrational properties. The near-infrared 

(IR) region with greater energy, ranging from around 14000-4000 cm-1 (1.4–0.8 μm), has the capability 

to induce overtone or harmonic vibrations. 

Infrared spectroscopy is based on the principle that molecules possess distinct frequencies at which they 

undergo rotational or vibrational motions, which correspond to distinct energy levels (Figure 5). The 
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molecular potential energy surfaces, the atomic masses and the coupling of vibrational and electronic 

interactions all play a role in determining these resonant frequencies. Therefore, the resonant frequencies 

may be first correlated with the bond strength and the mass of the atoms located at either end of it. Hence, 

the frequency of the vibrations may be correlated with a certain bond type and used for the 

characterization of highly complex mixtures.  

 

Figure 5: Potential vibrations detected by infrared spectroscopy. 

The collection of infrared spectra from a sample involves the transmission of an infrared light beam 

through the sample. The analysis of the transmitted light provides information on the amount of energy 

that was absorbed at different wavelengths, shown in Figure 6. This may be accomplished with a 

monochromatic beam, which varies in wavelength over time, or with a Fourier transform device, which 

simultaneously measures all wavelengths. This information may be used to generate a transmittance or 

absorbance spectrum, which reveals the specific infrared (IR) wavelengths that the sample absorbs. The 

analysis of these absorption properties provides insights about the molecular composition of the sample. 
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Figure 6: Schematic diagram of the equipment setup for infrared spectroscopy. 

Samples are prepared by carefully grinding a portion of the material with potassium bromide (to eliminate 

scattering effects from large crystals), which is also used as a standard. The powder is then compressed 

in a mechanical die press to create a transparent pellet that allows the spectrometer's beam to pass 

through. 

There are two primary uses of a reference: 

• This reduces the impact of variations in the output of the source on the collected data. 

• This enables the cancellation of the solvent's effects, often by using a reference of pure solvent. 

This enables the cancellation of the solvent's effects, often by using a reference of pure solvent. 

Scanning Electron Microscopy (SEM) 

A scanning electron microscope is a tool that is capable of generating high-magnification images of a 

sample, with an ultimate magnification of up to 200000x [3]. Notably, this device offers superior 

resolution and field depth compared to the traditional optical microscope. The image is captured by the 

utilization of a high-energy electron beam to explore the surface of the sample, while also performing a 

concurrent, real-time assessment of the intensity of the emitted secondary electrons. After directing a 

high-energy electron beam toward a sample's surface, numerous signals are observed because of the 

interaction between the incident electrons and the sample (Figure 7). 
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Figure 7: Interaction between electrons and matter. 

A portion of the primary electron beam, also known as incident electrons, is reflected resulting in the 

generation of backscattered electrons while maintaining their initial energy. The primary electrons that 

do not undergo reflection transfer their energy to select electrons within the samples, thereby enabling 

them to diffuse toward the surface and subsequently escape the sample with minimal energy (i.e., energy 

levels < 50 eV), these electrons are commonly referred to as secondary electrons. 

Moreover, the emission of characteristic X-ray photons occurs as a result of the primary beam inducing 

the removal of inner shell electrons from the material and this phenomenon is employed to examine the 

elemental composition of the sample. The back-scattered electrons that are emitted from the sample can 

be utilized independently to create an image or in combination with the characteristic x-rays as indicators 

of atomic number contrast, thereby providing information about the elemental composition of the sample. 

The scanning electron microscope (SEM) works by releasing thermo-ionic electrons from a tungsten 

cathode, also referred to as an electron gun, which is then accelerated towards an anode (Figure 8). 
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Figure 8: Structure of SEM [4]. 

Tungsten is a preferred material due to its exceptional qualities such as high melting point and low vapour 

pressure. The electron beam, with an energy range from a few hundred electron volts to 100KeV, is 

focused by condenser lenses to produce a beam with a very fine focal spot, monitoring between 0.4 nm 

and 5 nm in size. To scan the surface of the sample, the beam is deflected by passing via pairs of scanning 

coils or pairs of deflector plates located in the electron optical column, most often in the objective lens.  

The interaction volume may be affected by different parameters, including the energy of the electron 

beam, the atomic number of the sample and the density of the sample. Due to their low energy, secondary 

electrons are detected by a scintillator photomultiplier device, which then converts the resultant signal 

into a two-dimensional intensity distribution that may be displayed or saved as a digital image. The 

intensity of the signal is dependent upon the number of secondary electrons that arrived at the detector. 

The spatial resolution of the scanning electron microscope (SEM) is dependent upon the electron spot's 
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dimensions, which are influenced by the wavelength of the electrons and the magnetic electron-optical 

system responsible for generating the scanning beam. 

Inductively Coupled Plasma Optical Emission Spectroscopy 

Inductively Coupled Plasma Optical Emission Spectroscopy (ICP-OES) is a highly effective and widely 

utilized analytical technique in the identification of trace elements [5].  

The approach relies on the spontaneous release of photons from atoms and ions that undergo excitation 

within a radiofrequency (RF) discharge. The instrument can receive liquid and gas samples through direct 

injection, whereas solid samples involve extraction or acid digestion to ensure the presence of analytes 

in a solution. The relationship between the radiation intensity and the element concentration is directly 

proportional and can be determined through calibration using appropriate standard solutions. 

A torch comprising three concentric tubes, typically composed of quartz, can be used to maintain an 

inductively coupled plasma for spectrometry. The end of this torch is inserted into an induction coil that 

is supplied with a radio-frequency electric current. After introducing a flow of argon gas between the 

torch's two outermost tubes, an electrical spark is provided for a short period of time to inject free 

electrons into the argon gas flow (Figure 9). 
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Figure 9: Schematic view of an ICP-OES instrument. 

After converting into an aerosol, the sample solution is then introduced into the plasma's central flow 

channel. The inductively coupled plasma (ICP) maintains a temperature of around 10000K, resulting in 

rapid vaporization of the aerosol. The analyte elements undergo a process of liberation, resulting in their 

conversion into free atoms in a gaseous state. Additional energy is provided to the atoms within the 

plasma through further collisional excitation, which results in their shift to excited states. The availability 

of sufficient energy often facilitates the conversion of atoms into ions, subsequently resulting in the 

promotion of these ions to excited states. The emission of photons may then allow the excited atomic 

and ionic species to return to their ground states. The energies of these photons are unique and can be 

determined by the quantized energy level arrangement of the atoms or ions. Therefore, the wavelength 

of the photons may be utilized to determine the elements from where they emerged. A direct correlation 

is found between the quantity of the emitted element and the total number of photons. 
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Energy dispersive X-ray spectroscopy (EDS) 

The Energy Dispersive X-ray Spectroscopy (EDS) technique is used to identify the constituent elements 

of a given material by detecting the X-ray fluorescence [6]. When a specimen is stimulated by a high-

energy electron beam or other forms of electromagnetic radiation, it results in the ejection of the inner 

shell of electrons into a vacuum, thus creating a vacancy in that particular shell (figure below). 

 

 Electrons located in the outermost shell of an atom jump to occupy a vacant site in the inner shell. During 

this process (radiant energy), the specimen exhibits fluorescence by emitting X-rays with an energy 

equivalent to the difference between its initial and final states. The unique and discrete energy levels of 

each atom result in the characteristic X-ray fluorescence of atoms. 

SiLi detectors, which operate at the temperature of liquid nitrogen, are frequently used in EDS 

experiments (as depicted in Figure 10). After interaction with the detector, X-rays generate 

photoelectrons that subsequently give rise to electron-hole pairs within the Si material. These then travel 

to the ends of the detectors (with the help of an applied electric field of 1.5 kV), where they generate a 

current pulse, whose size is directly proportional to the intensity of the incident X-rays. 
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Figure 10: Schematic diagram of principle of EDS device in the scanning electron microscope (SEM) [7]. 

Specific Surface Area 

The production of ceramics is closely related to various parameters, particularly the dimensions, structure 

and specific surface area (SSA) of the powders. In an ideal scenario, it can be assumed that a powder 

comprises small spherical particles that have identical diameters. In such a case, the specific surface area 

(m²/g) of the powder, denoted by S, can be determined by multiplying the surface area of each 

particle with the number of particles per unit weight, represented by n (S = 4πr²n). The irregular and 

unpredictable size and shape of the powder particles prevent the development of a simple surface area 

model. In this particular case, the determination of specific surface area (SSA) is achieved through the 

indirect measurement of gas adsorption on the external surface of the particles. 

Adsorption process may be divided into two distinct types: physical adsorption and chemical adsorption. 

The primary distinction involves the characteristics of the interaction forces responsible for the gas's 

adsorption; in the first case, only weak Van der Waals and electrostatic forces exist, but in other case, 

stronger chemical bonds are also involved. Because of this, determining SSA by physical adsorption is 
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believed to be the simplest method, since a reversible process known as desorption can be used to 

measure the amount of adsorbed gas. 

B.E.T. Equation 

In 1938, the scientists Stephen Brunauer, Paul Hugh Emmett and Edward Teller proposed a hypothesis 

as an extension of the Langmuir theory  to explain the multilayer adsorption phenomenon [8].  

Three primary postulates were put forward:  

1. Gas molecules exhibit physical adsorption on a solid surface in an infinite number of layers.  

2. There is no interaction among each of the adsorption layers.  

3. The Langmuir theory is applicable to each layer.  

The resulted BET equation is as follows: 

 

where Vads represents the amount of gas adsorbed at the surface, Vm represents the amount of gas 

adsorbed at the monolayer level, p represents the equilibrium pressure of the adsorbates at the adsorption 

temperature, p° represents the saturation pressure of the adsorbates at the adsorption temperature and C 

represents the BET constant, which is proportional to the net adsorption energy. 

The equation can be simplified by considering Vm and C as constants for a specific gas: 

 

 

The equation of a line, y=αx+β, is derived as a result, particularly within the relative pressure range of 

0.05-0.30. After obtaining the values of α and β coefficients, the value of Vm can be calculated as 

1/(α+β).  

The total surface area of the adsorbed gas, denoted as S, is calculated by the multiplication of Vm and 

S0, where S0 represents the surface area occupied by a single layer of adsorbed gas per unit volume of 1 
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cm3. Therefore, the equation for S can be expressed as S = Vm . S0. SSA can be calculated by the division 

of the sample size, S, by the sample weight, W. 

The immersion of the sample holder in liquid nitrogen facilitates the adsorption process. After a short 

period of time, gas stabilization occurs and the process of adsorption is measured. Subsequently, the 

desorption mechanism is induced by replacing the liquid nitrogen with a water bath at ambient 

temperature, leading to the liberation of the previously adsorbed nitrogen. Ideally, the process of gas 

adsorption exhibits a completely reversible nature such that the subsequent desorption is equivalent in 

magnitude and direction to the initial adsorption. 

Particle Size Distribution 

The fluid dynamics phenomenon of a falling sphere in motion is characterized by the presence of three 

distinct forces.  Hydrostatic force, also known as Archimedes principle, can be represented by the 

equation FA and FD refers to the drag force, which is the force of fluid friction [9].  In conditions of 

equilibrium, the sum of all forces acting on an object is equal to zero (FG + FA + FD = 0).  

 

A more precise rigorous equation that characterizes the motion of the particle is: 

 

In this example, the variables denoted as "m," "m°," "g," "F," "v," and "t" represent the particle's mass, 

the mass of the liquid equivalent to the particle's volume, the force of gravity, the drag force, the velocity 

of the particle and the time, respectively. 

Based on empirical evidence, it can be observed that particles have slower motion as the viscosity of the 

fluid increases. Conversely, smaller particles exhibit faster velocity variations, resulting in a rapid 
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decrease in dv/dt. The equation of motion for a sphere having a diameter D and density ρ, when it is in a 

fluid with density ρ°, can be expressed as follows: 

 

The Reynolds number (Re) and a frictional coefficient (C) are two dimensional quantities that describe 

the stabile motion of a sphere-shaped particle in a fluid. 

 

The Stoke's law is derived based on the assumption of laminar flow (where C · Re ≈ 24). 

 

Sedimentation Theory 

The study of sedimentation relates to the correlation between the velocity of a particle in a fluid and its 

size, according to Stoke's law, as larger particles exhibit higher velocities. The particle density, fluid 

density and viscosity are all variables that must be known in order to get an accurate estimate of the 

particle diameter from the falling velocity [10]. 

Analytical Technique 

Theoretical evaluation of the falling velocity of particles of varying sizes is carried out by considering 

the characteristic parameters of the fluid using Stoke's law. Subsequently, the height of the sample cell 

is linked to a particle radius that is equal to or less than the value obtained by solving Stoke's law, based 

on real-time sedimentation analysis [11]. After the calibration of the instrument utilising sodium 

hexametaphosphate in an aqueous solution with a weight percentage of 0.05%, the particles of the 

specimen are subsequently dispersed in a comparable fluid. This fluid is then subjected to sonication to 

prevent the formation of aggregates before being pumped into the sample cell, as shown in Figure 11. 
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Figure 11: Sample cell detail during analysis. 

The intensity of X-rays detected at various heights of the sample cell during gravitational sedimentation 

is utilised to monitor the size distribution of particles. In the end, a plot presenting the cumulative mass 

percentage as a function of particle diameter is derived.  

Thermogravimetric analysis (TGA) 

Thermogravimetric analysis is a useful technique for assessing changes in weight with respect to 

variations in temperature. The accuracy of the analysis is dependent upon a significant level of precision 

in three distinct measurements, namely weight, temperature and variation in temperature. Due to the 

similarity of weight loss curves, it may be required to apply a transformation to the curve in order to 

accurately interpret the results [12].  

The weight loss curve enables the identification of the point at which weight loss is most apparent. In 

most cases, a high-precision balance with a pan carrying the sample is used as the analyser. The sample 

is positioned in a small electrically heated oven, which is equipped with a thermocouple to precisely 

determine the thermal conditions. To stop oxidation and other undesirable processes, it may be necessary 

to purge the environment with an inert gas. A computer controls the instrument’s operation at all times. 

The process of analysis involves a gradual increase in temperature, followed by the plotting of weight 

against temperature. After collection of data, it may be necessary to perform curve smoothing and other 

associated operations to determine the precise points of inflection. 

Rheology of suspensions 

Rheology is an emerging field of science that investigates the behaviour of materials when subjected to 

external forces, specifically in terms of their flow and deformation properties. This is typically 

accomplished by a rheometer, which is a specialised instrument designed for measuring rheological 

characteristics. The rheological characteristics of ceramic suspensions are primarily influenced by the 

concentration of solid particles, the distribution of particle sizes and the extent of agglomeration [13]. At 
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extremely low shear, the fundamental solid particles exhibit a tendency to aggregate, potentially resulting 

in the formation of a three-dimensional network that involves all the suspension volume. The network 

structure confers elastic characteristics to the suspension and is responsible for the development of 

apparent yield stress. As the shear rate is increased, the network undergoes a breakdown process resulting 

in the formation of aggregates that show a continuous reduction in size. The size and configuration of 

aggregates are dependent upon the applied shear rate. The increase of shear rate can lead to 

microstructural variations that have the potential to alter the viscosity.  

At higher rates of shear rate, the process of aggregate breakdown occurs through the breakdown of 

primary flocs. Since the rates of agglomeration and breakdown are not constant, the rheological 

characteristics vary with time, leading to thixotropic effects. The reported agglomeration phenomena are 

primarily associated with the interaction of Brownian, hydrodynamic and interparticle (attractive or 

repulsive) forces. Primary flocs are attracted to one another by Van der Waals forces, which are the main 

reason for flocculation. Steric stabilisation is frequently required to prevent agglomeration by introducing 

an appropriate quantity of effective dispersant (polymers) that are adsorbed onto the surfaces of the 

particles. The analysis of the rheological properties of suspensions containing calcium phosphate is a 

valuable technique for modifying the final performance of scaffolds. 

Viscosity and Dynamic Modulus 

Viscosity is a fundamental property of a fluid that characterises its ability to resist deformation and flow. 

When two plates are separated by a distance d and a force F is applied to a volume of material, a 

displacement or deformation takes place. The dynamic viscosity, denoted by η (Figure 12), is defined as 

the constant of proportionality between the shear stress (force per unit area parallel to the force) and the 

shear strain rate (displacement per unit time divided by the product of the plates' separation distance) 

[14]. 
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Figure 12: Shear Stress-Shear rate diagrams. 

The rheological properties of ceramic formulations intended for 3D printing were assessed using the 

Discovery HR1 (Hybrid Rheometer, TA Instruments) in combination with a parallel Peltier plate system 

(with a plate diameter of 40mm and a gap of 1000µm). The study assessed the shear stress and viscosity 

of individual suspensions by gradually increasing the shear rate from 0.01 to 100. In addition, the 

material's dynamic mechanical characteristics (storage modulus, loss modulus and yield stress) have been 

evaluated by varying the shear stress from 1 to 100 Pa at a frequency of 1 Hz. The concept of storage 

modulus (G') relates to the capacity of a given material to store elastic energy, whereas the loss modulus 

(G'') is associated with the dissipation of energy.  The yield stress refers to the critical stress level at 

which a substance with high viscosity exhibits liquid-like flow behaviour.  

In order to evaluate the yield stress (Figure 13), the shear stress at zero shear rate was calculated using 

the Herschel-Bulkley model [15]. The viscosity was determined by exposing the substance to a constant 

shear rate that frequently occurs during the printing process ( ). 
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Figure 13: Schematic representation of the yield stress, σ0, according to the Herschel-Bulkely model. 

Zeta Potential 

The Zeta potential (ξ) is a physical characteristic that is displayed by any particle in suspension. It 

describes the factors that lead to particle dispersion, aggregation, or flocculation and evaluates the 

strength of electrostatic or charge repulsion/attraction between particles [16]. The shear plane, also 

known as the slipping plane, refers to the boundary of a region adjacent to the particle surface that is 

characterized by a strongly bound electrical double layer composed of ions and solvent molecules. The 

concept of the zeta potential relates to the difference in potential that exists between the surface of the 

shear plane of the particles and the electroneutral region of the solution, as shown in Figure 14. 
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Figure 14: schematic view of Zeta potential. 

Mechanical characterization 

Compression 

The compressive tests are primarily used to characterize the strength of ceramic materials due to the 

presence of inherent micron-scale defects that can be readily extended under tensile stress, thus affecting 

the measurement's accuracy [17]. Consequently, the compressive strength of ceramics is typically greater 

than their tensile strength. The compressive test of a specimen is a procedure that employs a system of 

converging forces that result in a reduction of its size. Therefore, force must be uniformly distributed 

across the entire surface of the specimen sections. This enables the calculation of the average value of 

the compressive stress, σ, by dividing the force, F, by the cross-sectional area, A. In axially loaded 

specimens, the normal stress is uniformly distributed, except for the regions where the loads are applied. 

The scheme of the compression test is shown in Figure 15. 
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Figure 15: Scheme of the compression test. 

The assessment of compressive strength was carried out after the achievement of endplate planarity, 

which was accomplished using an automatic surface grinder. The experiments were conducted under 

displacement control conditions at a rate of 1 mm/min and data was collected by Zwick Roell Z050 

machine. 

Flexural (4-point bending) 

The flexural strength is a fundamental characteristic of a material that is determined by the stress at which 

it yields during a flexure test. In the case of a homogeneous material, the flexural strength would be 

equivalent to the tensile strength. However, it is common for materials to possess either small or large 

defects, which act as stress concentrators in localized regions, ultimately resulting in a 

localized weakness [18].  

The flexural strength of a ceramic depends on its inherent toughness as well as the size and severity of 

any defects in the material. This test involved the computation of flexural strength through the utilization 

of 4-point bending tests. Specifically, a loading force was applied through the implementation of two 

loading pins, which were positioned at a distance equivalent to half of the distance between the 

supporting pins, as shown in Figure 16. 
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Figure 16: Scheme of the 4-point bending test. 

It is important to highlight that there is a lack of established reference standards for conducting 4-point 

bending tests on macroporous ceramic material, so only certain indications were followed (ASTM 

C1341-00: Standard Test Method for Flexural Properties of Continuous Fiber Reinforced Advanced 

Ceramic Composites). The measurement of flexural strength was carried out through an analysis of 

parallelepiped specimens, measuring 45mm x 7mm x 7mm, for every given circumstance. The 

experiments were conducted under displacement control conditions at a rate of 1 mm/min. Figure 17 

shows the stress state that was obtained as a result of the flexural testing. 

 

Figure 17: Shear force and bending moment distribution during a 4-point bending test. 

Although it is supposed that a stress concentration exists locally at the loading points, the area of the 

specimen located between the upper pins exhibits a uniform bending moment and zero shear stress, 

resulting in pure bending loading (PL/6) in the central portion of the sample.  
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The flexural strength can be determined by utilizing the fracture load, PN: 

 

The variables 'b' and 'd' denote the weight and height of the samples, respectively. The deformation ε was 

assessed for each test through displacement control. 
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