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Abstract 

Bone is an organ able to regenerate completely through a very efficient healing process, but high-

energy trauma, disease, tumour resection or osteomyelitis represent extreme bone healing conditions 

that impair its regenerative capacity, leading to critical-sized defects and consequently to non-unions. 

Current research focuses on the restoration or replacement of irreversibly damaged bone tissue by 

implanting biodegradable materials that can mechanically maintain the bone tissue integrity for the first 

two months and then gradually degrade allowing cell invasion and blood vessel formation 

(angiogenesis), required for the bone healing process. Among the variety of biomaterials under 

investigation, magnesium (Mg) and its alloys represent a promising compromise between 

biocompatibility, bone regeneration ability and appropriate mechanical properties. 

This PhD project aims to combine in situ high-resolution X-ray computed tomography (XCT) mechanics, 

digital volume correlation and electron microscopy to investigate the mechanical, morphological and 

biological properties of an innovative Mg-based scaffold, manufactured by crucible melt extraction and 

liquid-phase sintering, to be used as a regenerative treatment for critical-sized bone defect. 

Inappropriate corrosion rate remains the main challenge for Mg-based materials and its incidence on 

local morphological and mechanical properties is yet to be fully defined. The mechanical and 

morphological properties of open-porous scaffolds made of the sintered Mg-based fibres were first 

characterised in a non-corrosive environment (i.e. air) and compared with those of trabecular bone 

tissue. A multi-scale approach was employed to comprehend the influence of Mg-based material 

properties on the mechanical performance of the scaffold, in order to establish a correlation between 

its structure and mechanical behaviour. In vitro corrosion tests followed by in situ mechanical testing 

were conducted on coated Mg-based scaffolds to assess their corrosion resistance and behaviour, and 

how this affected their mechanical integrity. In vivo implantation in a dog mandible model were also 

performed to evaluate bone ingrowth and degree of mineralization, osteointegration and 

osteoconduction capabilities. The mechanical performance of the newly formed bone-Mg system was 

also investigated during the first four months post-implantation. 

Mg-based porous scaffolds tested in air exhibited a highly ductile behaviour without global failure, while 

trabecular bone developed microcracks for similar strain levels. This behaviour could be explained by 

the alloys highly connected porous network, which contributed to a more efficient load transfer. After 

immersion in Hank’s balanced solution (HBSS), the fluoride coating protected the scaffold from severe 

degradation, resulting in a relatively low in vitro corrosion rate and preservation of the mechanical 

integrity compared to uncoated alloys. Finally, in vivo implantation showed evidence of angiogenesis 

and bone ingrowth into the porous alloy, enabling the Mg-bone system to gain sufficient mechanical 

strength to support complete tissue healing. 

In conclusion, the results suggest the mechanical and biological suitability of innovative Mg-based 

implants that preserve the mechanical integrity of the injured site while promoting bone ingrowth, 

suitable for the treatment for critical-sized bone defects.  



12 
 

Résumé 

L'os est un organe capable de se régénérer complètement grâce à un processus de cicatrisation très 

efficace, mais les traumatismes à haute énergie, les maladies, la résection de tumeurs ou l'ostéomyélite 

représentent des conditions extrêmes de cicatrisation osseuse qui altèrent sa capacité de régénération, 

entraînant des défauts de taille critique et par conséquent des non-unions. La recherche actuelle se 

concentre sur la restauration ou le remplacement de tissus osseux irréversiblement endommagés par 

l'implantation de matériaux biodégradables capables de maintenir mécaniquement l'intégrité du tissu 

osseux pendant les deux premiers mois, puis de se dégrader progressivement pour permettre l'invasion 

cellulaire et la formation de vaisseaux sanguins (angiogenèse), nécessaires au processus de guérison 

osseuse. Parmi la variété de biomatériaux étudiés, le magnésium (Mg) et ses alliages représentent un 

compromis prometteur entre biocompatibilité, capacité de régénération osseuse et propriétés 

mécaniques appropriées. 

Ce projet de doctorat vise à combiner la tomographie à rayons X à haute résolution in situ, la corrélation 

volumique numérique et la microscopie électronique pour étudier les propriétés mécaniques, 

morphologiques et biologiques d'un échafaudage innovant à base de magnésium, fabriqué par 

extraction par fusion en creuset et frittage en phase liquide, qui sera utilisé comme traitement 

régénérateur pour les défauts osseux de taille critique. 

Une vitesse de corrosion inappropriée reste le principal défi pour les matériaux à base de magnésium 

et son incidence sur les propriétés morphologiques et mécaniques locales n'est pas encore totalement 

définie. Les propriétés mécaniques et morphologiques des échafaudages à pores ouverts constitués 

de fibres frittées à base de Mg ont d'abord été caractérisées dans un environnement non corrosif (c'est-

à-dire l'air) et comparées à celles du tissu osseux trabéculaire. Une approche multi-échelle a été utilisée 

pour comprendre l'influence des propriétés du matériau à base de magnésium sur la performance 

mécanique de l'échafaudage, afin d'établir une corrélation entre sa structure et son comportement 

mécanique. Des tests de corrosion in vitro suivis de tests mécaniques in situ ont été menés sur des 

échafaudages à base de magnésium revêtus afin d'évaluer leur résistance à la corrosion, ainsi que 

l’effet sur leur intégrité mécanique. Des implantations in vivo dans un modèle de mandibule de chien 

ont également été réalisées pour évaluer la croissance osseuse et le degré de minéralisation, les 

capacités d'ostéointégration et d'ostéoconduction. Les performances mécaniques du système 

magnésium-os nouvellement formé ont également été étudiées pendant les quatre premiers mois 

suivant l'implantation. 

Les échafaudages poreux à base de magnésium testés dans l'air ont présenté un comportement 

hautement ductile sans défaillance globale, alors que l'os trabéculaire a développé des microfissures à 

des niveaux de déformation similaires. Ce comportement pourrait s'expliquer par le réseau poreux 

hautement connecté de l'alliage, qui a contribué à un transfert de charge plus efficace. Après une 

immersion dans une solution saline (HBSS), le revêtement de fluorure a protégé l'échafaudage d'une 

dégradation sévère, ce qui a entraîné un taux de corrosion in vitro relativement faible et la préservation 

de l'intégrité mécanique par rapport aux alliages non revêtus. Enfin, l'implantation in vivo a montré des 

signes d'angiogenèse et de croissance osseuse dans l'alliage poreux, permettant au système 
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magnésium-os d'acquérir une résistance mécanique suffisante pour soutenir la guérison complète des 

tissus. 

En conclusion, les résultats suggèrent la fiabilité mécanique et biologique des implants innovants à 

base de magnésium qui préservent l'intégrité mécanique du site lésé tout en favorisant la croissance 

osseuse, adaptés au traitement des défauts osseux de taille critique. 
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1.1. Thesis motivation 

Bone is an organ that is able to dynamically maintain its tissue integrity through physiological 

remodelling and regenerative growth processes [1]. However, critical-sized bone defects, defined as 

defects with size greater than twice the diameter of the injured bone [2], can occur following high-energy 

trauma, disease or tumour [3]. In this extreme condition, the bone is not able to regenerate itself and 

without intervention, this injury can lead to non-unions with a high impact on patients’ quality of life [4]. 

To address this clinical challenge, different bone repair methods have been developed where 

autologous bone grafts have been considered the gold-standard [2]. However, autografts, bone tissue 

harvested from another location in the same patient, bring their share of un-wanted effects such as 

donor site morbidity and limited availability [4,5]. Allografts, bone tissue coming from another donor or 

bone banks, and xenografts, using non-human animal species, have also been investigated but, similar 

to autografts, they might also lead to complications (i.e. immune-mediated rejection and disease 

transmission) [6,7]. To overcome these drawbacks, orthopaedic research has focused on the use of 

synthetic bone substitutes instead of natural grafts, and in particular biodegradable materials, offering 

a temporary solution able to maintain the mechanical integrity of the injured site while new bone is 

forming [8]. Currently, bone substitute materials mainly include calcium-phosphate (CaP) based [9] and 

bioglass biomaterials [10]. Although these highly bioactive materials have been extensively investigated 

[4], their relatively low strength and brittle behaviour leading to premature scaffold failure, their 

unsuitable degradation rate and the difficulty to customize their macrostructure to resemble trabecular 

bone, represent major limitations to their use in critical-sized bone defects [11]. 

In this context, Mg-based materials represent a promising compromise between biocompatibility, bone 

regeneration ability and appropriate mechanical properties [8,12]. As the fourth most abundant cation 

in the human body after potassium (K), sodium (Na) and calcium (Ca), Mg does not exhibit the 

commonly occurring side-effects induced by metallic biomaterials such as cytotoxicity, inflammation, 

cardiac and nervous system damage or need for implant removal [13]. In addition to its ability to promote 

bone mineralization and remodelling, its density (1.74-2.0 g.cm−3) and Young’s modulus (41-45 GPa) 

[8] appear to be closer to those of bone (1.8-2.1 g.cm−3 and 3-20 GPa, respectively) [14] than most 

other biomaterials. However, Mg is one of the most electrochemically active metals, which makes it 

prone to fast corrosion [15] associated with excessive amounts of hydrogen released, leading to the 

formation of gas cavities in vivo [16–20]. In addition, substantial deterioration of mechanical properties 

(e.g. Young’s modulus, yield stress) is usually observed when pure Mg scaffolds are immersed in 

simulated body fluid (SBF) in vitro [21,22], due to fast degradation, potentially resulting in a premature 

failure in vivo. Thus, none of the Mg alloys investigated so far can fully achieve the biomechanical 

requirements, necessary for any bone substitute, with an appropriate corrosion rate and the absence 

of hydrogen release in vivo [15]. This results in insufficient mechanical support of the bone tissue, 

although fundamental during the first two months post-surgery, with deleterious effects for cell invasion 

and blood vessel formation (angiogenesis) [23,24]. New Mg-based implants, in particular innovative 

combinations of manufacturing processes [25,26] allowing for specific architectures, and alloy 
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composition [27,28] known to greatly influence their properties need therefore to be investigated to 

ensure their successful application in clinical practice. 

Different methods are used to characterise biomaterials in terms of biodegradability and bioactivity in 

vitro, as well as osteointegration and induction in vivo. In particular, the assessment of the in vitro 

degradation pattern has been extensively performed by means of weight loss measurements, hydrogen 

evolution and electrochemical analysis [17,29–33]. However, these methods can prove to be inaccurate 

without supplying details of local morphological changes [34]. To address these limitations, the use of 

X-ray computed tomography (XCT) has emerged, providing a unique 3D insight into material 

degradation patterns in a non-destructive way [35–37], as well as variations in microstructure derived 

from morphological changes [38,39]. In addition, XCT also appeared advantageous in assessing the 

ability of biomaterials to promote bone regeneration, without being restricted to 2D evaluations as with 

histology, but equally suitable for quantifying the amount of newly formed bone and for providing details 

of bone-biomaterial interactions [40–43]. When used in combination with densitometric calibration 

phantoms, an accurate evaluation of the distribution and degree of tissue mineralization can also be 

achieved [44,45]. 

An assessment of the quality and quantity of regenerated bone tissue in critical-sized defects following 

biomaterial implantation is fundamental to validate their ability to promote bone healing. Nevertheless, 

a full multifactorial approach, that also includes biomechanical evaluation is often missing, despite its 

crucial importance in understanding mechanical behaviour and ensuring efficient load transfer to limit 

premature failure [11] as well as stress-shielding [46]. Conventional mechanical testing consists mainly 

of uniaxial compression tests to assess apparent (macro) mechanical properties (i.e. Young’s modulus 

and yield stress) [47,48], but they do not provide details on the correlation between microstructure and 

mechanics. Digital volume correlation (DVC) analysis, based on high resolution images, remains the 

only experimental-based method able to provide full-field strain distribution of materials and 

understanding of formation and propagation of microcracks following mechanical testing [49,50]. 

Despite its extensive application in bone mechanics (i.e. trabecular bone [50–52], cortical bone [53], 

woven bone [54] and bone-biomaterials systems [40]), its use in Mg-based implants has never been 

reported. 

Therefore, a comprehensive characterisation of Mg-based implants combining a sintered fibre structure 

with an innovative chemical composition, designed to resist corrosion while mechanically and 

morphologically mimicking trabecular bone tissue, would lead to the development of an effective and 

minimally invasive orthopaedic treatment for critical-sized bone defects. The use of in situ high-

resolution (XCT) imaging mechanics in combination with DVC to study pre- and post-degradation 

scaffolds as well as bone-biomaterial structures would enable to conclude on its ability to maintain the 

mechanical and structural integrity of the injured site while promoting tissue regeneration ensuring full 

recovery of the patients. 
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1.2. Aims and objectives 

This PhD project aims to fully investigate an innovative Mg-based scaffold composition, manufactured 

by liquid sintering, to validate its use as a regenerative treatment for critical-sized bone defects. 

Such degradable biomaterials must fulfil in vitro requirements before being considered for clinical 

practice. Specifically, they should provide mechanical support, appropriate corrosion rate, osteo-

conduction and -induction. Thus, a primary multi-scale assessment of the impact of the development of 

microdamage under compression on the macro mechanical and morphological properties of the Mg-

based scaffolds will ensure a better understanding of its deformation behaviour and ability in resisting 

failure. Then, it is crucial to estimate how the material loss induced by in vitro corrosion might affect 

their mechanical and morphological properties impairing the preservation of the mechanical and 

structural support necessary during the first days of post-implantation. Finally, the quantification of 

newly formed bone in vivo and its mineralization degree is necessary to validate its biological abilities 

in promoting bone growth and angiogenesis up to the full restoration of the defect. 

Therefore, the objectives of this PhD project are: 

1. To investigate the morphological and mechanical properties under compression of Mg-based 

scaffolds in a non-corrosive environment. 

2. To evaluate the degradation behaviour and its influence on the previously described 

morphological and mechanical properties. 

3. To assess the quantity and quality of the newly formed bone induced in vivo. 
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1.3. Thesis outline 

This thesis is composed of 6 chapters. The first present chapter introduces the motivation, aims and 

objectives, and outline. The following chapters are: 

Chapter 2 provides a review of the theoretical background related to this study. First, the bone 

anatomy, composition and healing mechanisms are presented followed by a description of the 

extreme bone regeneration condition of critical-sized defects. Then the different treatments 

available or under investigation for the healing of critical-sized bone defects are detailed 

highlighting their strengths and weaknesses. High-resolution X-ray computed tomography is also 

described as a powerful and non-destructive tool to assess bone ingrowth and mineralization 

following biomaterial implantation. Finally, the biomechanical properties of bone are described 

along with the various mechanical tests commonly used to assess biomaterials biomechanical 

performances. 

Chapter 3 evaluates the morphological and mechanical properties under compression of Mg-

based scaffolds in a non-corrosive environment and compares them to trabecular bone in order 

to assess their ability in replacing physiological tissue. A multi-scale approach is employed to 

correlate the material properties, the influence of the manufacturing process and the 

microdamage evolution to the overall mechanics by the mean of nanoindentation, electron 

microscopy and in situ XCT imaging mechanics coupled with DVC. Additionally, the relationship 

between the scaffold architecture and strain distribution is investigated by comparing 

morphological parameters of high-strain regions with low-strain regions. 

Chapter 4 examines the in vitro corrosion pattern, including the degradation of the coating layer 

and formation of microcracks leading to fibres failure and mass loss, during 2 weeks of dynamic 

immersion in a corrosive solution of HBSS employing XCT and SEM imaging techniques. To 

achieve closer physiological conditions, continuous in situ cyclic compression was applied to 

replicate the load generated on load-bearing bones by the patients’ locomotion during recovery. 

In situ XCT mechanics coupled with DVC was also performed to assess the influence of the 

corrosion process on the mechanical and morphological properties of Mg-based scaffolds. 

Chapter 5 uses high-resolution XCT imaging to evaluate in vivo tissue ingrowth and mineral 

density distribution induced by Mg-based fibres from the micro to the macro scale, in comparison 

with commercially available bovine bone grafts and empty controls after their implantation in dog 

mandible critical-sized defects up to 4 months. Higher magnification XCT images were also 

acquired to investigate the interaction between bone tissues and biomaterials as well as the 

microstructure of the newly formed bone. Ultimately, in situ XCT mechanics coupled with DVC 

was employed to assess the 3D full-field strain distribution and damage evolution of the ex vivo 

bone-biomaterial system. 

Chapter 6 summarises the major findings of this study to build a complete characterisation of the 

Mg-based implants and to conclude about their potential use as orthopaedic treatments for 

critical-sized defects. 
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2.1. Bone and critical-sized defects 

 2.1.1. Bone macro and microstructure 

Bone, as the main constituent of the skeleton, ensures several essential functions within the body, not 

only by providing structural functions such as the support of soft structures, enabling static posture and 

locomotion, protection of internal organs (e.g. cranial and thoracic cavities); but is also involved in 

metabolism of minerals (e.g. calcium and magnesium) and harbours the bone marrow, where blood 

cells are formed [1,2]. 

The human skeleton is composed of 206 individual bones divided in five main categories based on their 

morphology: long (e.g. humerus, radius, tibia and femur) short (e.g. carpals and tarsals), flat (e.g. cranial 

bone and sternum), sesamoid (e.g. patella) and irregular bones (e.g. vertebrae, sacrum and mandible). 

While irregular bones vary in shape and present a complex structure, long bones represent a typical 

model of macroscopic bone structure [3]. Human adult long bones consist of a central tubular shaft, 

called the diaphysis, which surrounds the medullary cavity containing the bone marrow and lined by a 

thin membrane of connective tissue containing osteogenic cells, the endosteum (Figure 2.1). The ends 

of the diaphysis are followed by the metaphysis covered by the growth plate where bone production 

and elongation occur. Finally, the proximal and distal extremities of long bones comprise the epiphyses, 

protected by a layer of hyaline cartilage articulating with the other bones. The external surfaces of bone 

are enveloped by a layer of collagen fibres and fibroblasts highly vascularized, the periosteum [4,5]. 

 

Figure 2.1. Structure of a typical long bone (upper arm humerus) showing anatomical details of (a) the anterior 

view with a longitudinal half-section, focus on a portion of (b) the epiphysis displaying the interface between 

trabecular, cortical bone and articular cartilage and (c) the central diaphysis highlighting the arrangement of the 

periosteum, cortical bone and bone marrow cavity. Adapted from [5], Copyright © 2018 Pearson Education, Inc. 
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At the mesoscale, most bones possess two architectural structures: trabecular and cortical bone, which 

ratio varies depending on the bone function. Cortical bone is a dense tissue with a porosity below 15%, 

mainly due to the presence of microscopic channels, composing the outer layer of bones, thus providing 

support and protection to the skeleton. As a highly porous tissue, trabecular bone presents a porosity 

ranging from 30% up to 90% with a widely spaced honeycomb-like network of plates and rods, the 

trabecula, filled with bone marrow [6]. The density and orientation of the trabeculae is site-dependant 

and dictated by their mechanical environment [7]. 

 

Figure 2.2. Diaphysis section of a long bone, from the surrounding periosteum on the right, to cortical bone in the 

middle, to trabecular bone and the medullary cavity on the left. The inset at the upper right shows an osteocyte in 

a lacuna. Adapted from [8], Copyright © 2013 John Wiley & Sons, Inc. 

Cortical and trabecular bone can present two main categories of microstructure, woven or immature 

and lamellar or mature. Woven bone is the first tissue to be formed during the embryonic development 

and in fracture healing in the form of callus, which is then replaced by lamellar bone. While woven bone 

is characterized by a random deposition of fine collagen fibres with a lower mineral content, lamellar 

bone displays regularly oriented collagen fibres arranged in lamellae, approximately 3 to 7μm thick [1]. 

In cortical bone, a first layer of lamellae parallel to each other is found immediately beneath the 

periosteum i.e. the outer circumferential lamellae as well as beneath the endosteum around the bone 

marrow cavity in diaphysis, i.e. the inner circumferential lamellae (Figure 2.2). Between the two 

circumferential systems, sets of lamellae are arranged in concentric rings around a vascular Harversian 

canal forming the fundamental structure of bone tissues, the osteon or Haversian system [4,9]. 

Triangular or irregularly shaped groups of parallel lamellae fill the gaps between the Haversian systems, 

known as interstitial lamellae. These structures are lamellae left from haversian systems degraded 

during bone remodelling. Each osteon is covered by a thin mineralised matrix layer, about 0.5 to 1μm 

thick, the cement line. Small cavities within the lamellae, the lacuna, contain mature bone cells, the 
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osteocytes, whose long cellular processes connected by tubular canals are named canaliculi. Blood 

vessels, lymphatic vessels and nerves penetrate the cortical tissue via transverse Volkmann’s canals 

maintaining a circulation between the Haversian canals, the bone marrow and the periosteum [10,11]. 

Trabecular lamellar bone consists of concentric sheets of lamellae, trabecular packet; arranged 

longitudinally along the trabeculae (Figure 2.3). Despite the absence of Haversian systems, osteocyte 

lacunae and cement lines maintaining the trabecular packs together are found within the lamellae [6,8]. 

 

Figure 2.3. Enlarged aspect of trabecular bone trabeculae (left) and details of a section of a trabecula (right). 

Adapted from [8], Copyright © 2013 John Wiley & Sons, Inc. 

1.1.2. Bone composition 

The dry phase of bone tissue consists of cells embedded in an extracellular matrix made of an organic 

phase (35%) and minerals (65%). The organic phase is mainly composed of collagen fibres (90%), 

especially type I collagen, and various non-collagenous proteins (10%) such as osteocalcin, osteonectin 

and osteopontin [12]. The bone minerals are located within and between the collagen fibres (Figure 2.4) 

resulting in a highly mineralised tissue, in the form of small crystals in the shape of needle, plates and 

rods. The main component of the minerals is non-stochiometric hydroxyapatite, Ca10(PO4)6(OH)2 with 

the addition of carbonate, citrate, magnesium, fluoride and strontium [13]. 

 

Figure 2.4. Hierarchical structural organization of bone from whole bone to nanostructures. Adapted from [14]. 
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The cells of bone include osteoblasts (bone-forming cells), osteoclasts (bone-resorbing cells), 

osteocytes (bone-maintaining cells) and bone-lining cells (Figure 2.5). Bone-lining cells derive, via 

several complex changes, from osteoprogenitor cells and are grouped in a thin layer localized in the 

periosteum and endosteum. Osteoblasts participate in tissue formation by secreting the uncalcified 

bone matrix, known as osteoid, and regulating the flux of calcium and phosphate to enrich the matrix in 

bone minerals. Once the osteoblasts are surrounded by mineralised tissue in the lacunae, they 

differentiate into osteocytes which are then able to communicate with each other as well as with bone-

lining cells by means of processes within the canaliculi. The osteocytes are responsible for maintaining 

bone tissue integrity due to their ability to detect and respond both microdamage and changes in the 

amount and distribution of strain that initiates bone remodelling and repair, although the details of the 

subjacent cellular mechanisms remain unclear. Finally, osteoclasts are multinucleated giant cells 

actively resorbing bone in cavities on the bone surfaces, known as Howahip’s lacunae [15,16]. 

 

Figure 2.5. Bone cells organisation in the process of bone remodelling. Copyright © Biomedical Tissue Research, 

University of York. 

1.1.3. Bone growth, modelling and remodelling 

Bone formation starts early in the foetal period, with the production of temporary and low-mineralised 

woven bone tissue through two distinct processes, later replaced by definitive mineralised lamellar bone 

[11] (Figure 2.6). First, the intramembranous ossification begins during the embryonic period and 

continues into adolescence with the apposition of bone tissue onto a mesenchymal condensation layer, 

named the primary ossification centre. Thereafter, clusters of cells, within the mesenchymal 

condensation, differentiate into osteoblasts, leading to the secretion of a bone matrix with collagen 

fibres as irregular and non-oriented bundles. As the amount of bone matrix increases forming woven 

bone, the osteoblasts are encapsulated and become osteocytes. Later, remodelling of the structure 

results in the development of mature lamellar bone [1,10,17]. Secondly, endochondral ossification forms 

most of the skeletal bones and differs from intramembranous ossification in that bone formation takes 

place by the deposition of bone matrix on a pre-existing cartilage matrix. A cartilage structure is formed 

as a result of mesenchymal condensation during the embryonic period, which differentiates into 

cartilage cells (i.e. chondrocytes), instead of osteoblasts. The chondrocytes proliferate and lay down 
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cartilage model matrix in the shape of the future bone to be formed, surrounded by a thin membrane 

layer, the perichondrium. As the cartilage cells mature and calcify the matrix, they initiate apoptosis, 

while angiogenesis progresses, resulting in a highly vascularised calcified cartilage matrix. Ossification 

starts within the perichondrium, in the central region of the cartilage matrix model, where osteoblastic 

progenitor cells, carried by blood vessels, produce osteoblasts that adhere to the calcified cartilage 

matrix and continuously appose woven bone [5,8,18]. 

 

Figure 2.6. Stages of long-bone formation from foetal period to adulthood. Adapted from [19], Copyright © The 

McGraw-Hill Companies, Inc. 

Bone growth occurs longitudinally and radially during childhood and adolescence to extend the bone 

tissues in length and diameter, respectively. Longitudinal growth apposes newly formed trabecular bone 

onto pre-existing trabecular bone and cortical bone onto pre-existing cortical shell, while radial growth 

apposes newly formed periosteal bone onto the cortical shell [20]. Longitudinal growth takes place in 

the growth plate that separates the metaphysis and epiphysis. Two simultaneous physiological 

mechanisms of cartilage proliferation and destruction operate during the endochondral ossification on 

both side of the growth plate. In the epiphyseal side chondrocytes proliferate, while in the diaphyseal 

side they die, and their matrix becomes calcified followed by a replacement of this cartilaginous region 

by a layer woven bone laid down by osteoblasts. The growth plate is therefore displaced away from the 

middle of the diaphysis, leading to an increase in length of bones [21,22]. Bone growth in diameter is 

achieved by the proliferation of osteoblasts, derived from osteoblastic progenitor cells located on the 

periosteal bone of the central diaphysis region, that deposit a thin layer of cortical bone [8,11]. 
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The growth plate disappears in adults, hence the termination of long bone growth in adulthood. But 

adult bones are still subjected to modelling and remodelling, these are physiological processes by which 

bone architecture is adapted and mass is increased, maintained or eventually decreased depending on 

mechanical stimuli [23]. The changes based on the mechanical environment occur via 

mechanotransduction during which forces are transformed into biochemical signals and afterwards to 

cellular response. During modelling, the osteoblastic and osteoclastic activity leading to formation and 

resorption of bone respectively, are independently regulated and occur in different bone surface while 

in remodelling, osteoclastic and osteoblastic activities are synchronised in cycles [1,24]. Bone 

remodelling ensures bone turnover and the preservation of mechanical strength by replacing the 

immature, damaged or old bone by newly formed and healthy lamellar mature bone through four phases 

named activation, resorption, reversal and formation (Figure 2.5). First the activation consists in the 

recruitment of osteoclast predecessors and their differentiation in osteoclasts at the surface of the bone 

followed by the dissolution of the mineral content of the bone matrix during the resorption phase. The 

reversal involves the transition between the cessation of resorption and the activation of bone formation 

where osteoblasts secrete newly formed bone matrix [25]. Remodelling serves to heal microdamages, 

replace old or over-mineralised bone and adapt the architecture to local mechanical forces as stated by 

Wolff’s law [26-28]. 

1.1.4. Bone healing 

Bone possesses a highly efficient healing process capable of restoring not only the structural and 

anatomical integrity of the damaged site without producing scar tissue, but also its mechanical integrity 

by involving various mechanisms at different levels [29,30]. At the microscopic level, the remodelling 

process ensures the constant repair of microcracks resulting from exposure to physiological loads. This 

repair capacity prevents the accumulation of microdamage within the tissue and tends to limit the 

occurrence of macrofractures [25,27]. However, bone fractures are inevitably caused by local 

overloading beyond physiological load, leading to high stresses accumulation exceeding the strength 

of the bone tissue, or by the accumulation of damage during cyclic activities (e.g. locomotion) at a rate 

exceeding the repair capacity of bone. Bone fracture causes the destruction of the bone matrix and the 

death of adjacent cells [11,17,31]. 

Fracture healing is the result of a multitude of complex and well-coordinated mechanisms that are highly 

dependent on the physiological environment and the mechanical stability of the tissue [32-25]. In fact, 

while controlled and adequate mechanical stimulation is necessary to ensure fast and efficient tissue 

healing, large inter-fragmentary movement due to fracture instability can compromise the bone 

regeneration process and, consequently, the patient’s recovery [36,37]. 

Two healing processes lead to bone repair depending on the size of the fracture and their degree of 

mechanical stability. First, primary bone healing mainly happens when the fracture gap between the 

bone is less than about 0.1 mm and rigid fixation reduces the mobility of the fracture fragments thereby 

decreasing inter-fragmentary strain [38-40]. It involves intramembranous bone formation and direct 

bone remodelling where continuous ossification and subsequent Haversian systems are filling the bone 

gap without the formation of external tissue (i.e. callus) [41-42]. Secondary bone healing (Figure 2.7) 
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occurs when the gap size is less than twice the diameter of the injured bone and starts with the 

production of a blood clot in the lesion site (i.e. hematoma) by the damaged blood vessels initiating the 

inflammatory phase [26]. Vascular endothelial damage results in the activation of the complement 

cascade, platelet aggregation and release of growth factors that triggers chemotactic signals. 

Polymorphonuclear leukocytes (PMNs), lymphocytes, blood monocytes, and tissue macrophages are 

attracted to the wound site and are activated to initiate the primary resorption of the damaged cells and 

bone matrix, and to release cytokines that can stimulate angiogenesis. [43,44]. The inflammation lasts 

for 5-7 days after the occurrence of tissue fracture and is than followed by the endochondral phase 

characterised by an active proliferation and differentiation of mesenchymal cells from the periosteum 

and endosteum into various cellular phenotypes that collectively form external and internal 

fibrocartilaginous soft calluses, respectively, rich in collagen and fibroblasts [45]. As more extra cellular 

matrix is formed and mineralized, the calluses extend throughout the gap and finally bridge the bone 

fragments participating in the mechanical stabilisation of the bone fracture. Approximately two weeks 

post-fracture, these soft calluses are invaded by osteoblasts and osteoclasts that gradually replace the 

fibrocartilage by irregular trabeculae of woven bone through intramembranous and endochondral 

ossifications processes contributing to the hardening of the callus that becomes a hard bony callus 

[46,47]. Over the following few weeks to months, depending on the size and anatomical site of the bone 

fracture, but also the age and health status of the patient, the woven bone undergoes remodelling in 

response to mechanical stresses as cortical and trabecular bone in continuity with the adjacent intact 

areas until full restoration is achieved, finalizing the remodelling phase [31,48]. 
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Figure 2.7. Fracture healing process with biological events and cellular activities at different phases (brown bars). 

The healing time frame corresponds to that of a closed femur fracture in mice. Adapted from [49], Copyright © 

Springer Nature. 

Bone healing phases require a highly spatially and temporally controlled and coordinated cellular activity 

mainly dictated by the release of a variety of growth factors and regulatory inflammatory molecules that 

lead to the restoration of the anatomical and mechanical integrity of the bone tissue [42,49]. Ultimately, 

residual stress concentration is eliminated, and the strength of the bone returns to pre-fracture values 

[17,31]. 

1.1.5. Critical-sized defect 

Bone tissue has an efficient regeneration capacity resulting in the spontaneous healing of the vast 

majority of bone defects, when stimulated by balanced biological and mechanical conditions [50]. 

However, high-energy traumatic injuries, diseases, tumours resections or osteomyelitis are associated 

with critical bone loss and represent extreme bone clinical conditions that can alter the tissue healing 

capacity [51,52]. Therefore, external clinical interventions are required to favour healing and achieve 

the restoration of the anatomical integrity and subsequent full recovery of the patient [53,54]. 

Critical-sized defects are commonly defined as “the smallest osseous defect in a particular bone and 

species of animal that will not heal spontaneously during the lifetime of the animal” or as “a defect which 

shows less than 10 percent bony regeneration during the lifetime of the animal” [55,56]. Therefore, the 

designation of a bone defect as a critical-sized defect is highly dependent on the healing capacity of the 

bone tissue affected that, despite surgical stabilization, is unable to recover its initial shape and function 

and constitute a specific form of non-union [26,57]. Although, general guidelines suggest that a defect 
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size greater than 1 to 2 cm or a bone loss exceeding two times the diameter of the injured bone is 

unlikely to result in successful union, this largely relies on the anatomic location of the defect and the 

state of the adjacent soft tissue [58,59]. 

Critical-sized bone defects represent a societal challenge as the non-union associated often leads to 

detrimental complications such as functional limitations and morbidity, and thus a subsequent 

deterioration of the quality of patient’s life [55,60]. Additionally, with the ageing of the population and 

the rise in osteoporotic incidence, the number of patients affected by non-union fractures is expected 

to drastically increase. Historically, massive segmental bone loss causing non-unions required 

inevitably the amputations of the limb [43]. However, advances in medical applications and surgical 

treatments over the past several decades resulted in the emergence of innovative orthopaedic solutions 

providing beneficial and efficient bone restoration following fractures [61-63]. 

2.2. Orthopaedic treatments for bone regeneration 

2.2.1. Fixation device 

Fracture fixation is used to anatomically align and maintain in position the fractured bone fragments in 

order to achieve adequate mechanical stability and promote bone healing [64]. The nature and the 

rigidity of the fixation employed has a major influence on the healing process. As mentioned previously, 

treatments that rigidly stabilize the fracture site induce primary bone healing while compliant fixations 

that allow for minor inter-fragmentary movements lead to secondary healing process involving different 

mechanisms [38]. Both external and internal fixation devices also differ by their degree of encumbrance 

on the patient, whose mobility and freedom of movement can be drastically reduced. 

External fixations are often used in orthopaedic surgery and constitute pins and screws placed 

percutaneously into the bone fragments and connected with a fixator shaft outside the body. They are 

least invasive and create minimal soft tissue damage, especially beneficial for open fractures, and their 

placement can easily be adjusted after fixation to optimise stability while minimizing tissue damage 

[65,66]. However, external fixators also provide limitations to their use, such as restriction in limb 

movement and higher rates of malunions and non-unions [67,68]. Therefore, although external fixators 

can be applied through to the final stage of treatment, they are preferentially used as; temporary 

treatments in patients who are unable to undergo invasive surgery and are later substituted for an 

internal fixation device two or three weeks when the soft tissues have healed [69]. 

Internal fixation consists of the surgical implantation of fixator devices such as screws, pins, plates, 

nails, rods and wires depending on the fracture site and type (Figure 2.8). Bone plates are the most 

common internal fixation implants to reduce the fracture and prevent any movement [70]. They have 

evolved from compression plates to more flexible fixation such as bridging plates and locked internal 

fixators that have minimal implant-to-bone contact and require fewer screws for fixation resulting in 

minimal surgical invasion while preserving the vascular system around the fracture site [39]. By enabling 

increased inter-fragmentary movement, flexible fixations also ensure more efficient load transfer and 

mechano-stimulation leading to optimal bone formation [71]. Bone plates, nail and screws are 

conventionally composed of bioinert materials, mainly titanium and stainless steel, but recent studies 
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have investigated the potential of biodegradable materials as temporary fixation device allowing 

appropriate mechanical stability while degrading to be completely replaced by the host bone tissue [72-

74]. 

 

Figure 2.8. Illustration of orthopaedic fixation devices used to stabilise bone fractures, including plates, screws and 

nails made of magnesium. Adapted from [75], Copyright © Elsevier. 

Despite improvements in external and internal techniques over the past decades, orthopaedic fixators 

suffer from a high complication rate of up to 35% depending on the method and type of device used 

[76]. Complications mainly involve malunions or non-unions, infections and restrictions of patient 

movement, besides being technically demanding and requiring complex surgical practices [77,78]. 

Therefore, in order to increase the success rate of healing bone for critical-sized defects as well as the 

patient’s well-being, current research focuses on the use of scaffolds made of biomaterials either 

derived from physiological tissue or synthetically manufactured [64], as well as on the combined use of 

these biomaterials with fixators in order to promote bone ingrowth while ensuring mechanical stability 

[79]. 

3.2.2. Bone graft 

Bone grafts represent the current bone substitutes gold-standard, as over 400000 bone-grafting 

surgical operations are performed in Europe each year and more than 600000 in the United States [80]. 

Like any other biomaterial, they must exhibit specific biological properties, including osteogenesis, 

osteointegration, osteoconduction and osteoinduction, but also appropriate mechanical support when 

used as bone substitutes [81]. Osteogenesis represents the potential of bone grafts to provide cells 

capable of differentiating into bone cells and subsequently offering bone formation. Osteointegration 

refers as the ability of an implant to bond with the surrounding host bone without the formation of fibrous 

tissue through close interactions resulting in homogenously distributed composite structure [26]. 

Osteoconduction is the capacity to support the migration and adhesion of the osteoblasts and osteo-

progenitor cells allowing for cellular ingrowth within the three-dimensional environment offered by the 

architecture of the scaffold [82]. Finally, osteoinduction describes the process of recruitment, 

proliferation and differentiation of mesenchymal cells into bone-forming cells lineage [83]. 
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Bone grafts are classified as natural bone substitutes as they are harvested from human or animal 

physiological tissue [84]. Autografts remain the most commonly used graft surgical technique due to 

their high osteogenic cells as well as endogenous growth factor content resulting in enhanced 

incorporation rate associated with early revascularisation without inducing immunogenic response [85-

86]. In fact, autograft surgical procedures consist in harvesting bone tissue from the patient’s own body, 

mainly from the iliac crest, and re-implanting it to fill the void bone defect. After surgery, the physiological 

bone remodelling process integrates the implanted bone graft creating a bridge with the native intact 

bone and restoring the mechanical integrity of the tissue. However, they bring their share of unwanted 

effects such as donor-site morbidity and limited availability [87-88]. 

Allografts represent the transplantation of bone tissue from living donor or human cadavers within 

patient’s bone defects and are considered the best alternative to overcome the limitations of autografts 

associated with harvesting site morbidity and the limited quantity of graft materials, as they are available 

through tissue banks in a wide variety of sizes and shapes [89,90]. They are found in different forms, 

such as cortical, trabecular and demineralised bone matrix (DBM), in which at least 40% of the mineral 

content is removed while collagen proteins and growth factors are preserved [26,91]. Allografts display 

osteoconductive and osteoinductive properties by releasing bone morphogenic proteins, but lack of 

osteogenic properties due to the absence of viable cells. However, there is some controversy regarding 

the transmission of infectious agents, the risk of donor tissue rejection and the high failure rates over 

long-term use associated with allografts [92,93]. 

Xenografts also offer an alternative and abundant source of natural bone tissue coming from nonhuman 

species, especially bovine, in addition to lower manufacturing costs [94]. Nevertheless, like allograft, 

they constitute a risk of viral transmission and a more pronounced immune rejection. Thus, sterilization 

processing by means of gamma irradiation, that theoretically eliminate the risk of disease transmission, 

results in various adverse effect such as reduced osteoinductive properties, a longer degradation rate 

and weakening [95-97]. 

3.2.3. Synthetic biomaterial 

The many limitations of the autologous, allogeneic and xenogeneic bone grafts led to the development 

of alternative bone substitutes [26,64]. Currently the research focuses on three mains groups of 

biomaterials, namely calcium phosphate-based ceramics, bioactive glasses and metals, some of which 

have been approved for clinical use by public health agencies and are commercially available to treat 

critical-sized defects [80]. 

Ceramics refers to the group of calcium-based materials and can be divided into two main categories, 

calcium sulphate and calcium phosphate [98]. Calcium sulphate possesses a crystalline structure 

composed of CaSO4 relatively inexpensive and easy to prepare, which makes it an attractive material 

to be used as bone filler [99]. When used in load-bearing conditions, a recrystallization process is 

required to provide enough mechanical stability to the injured site, otherwise its implantation might lead 

to critical failure due to low mechanical strength and is thus mainly used to fill small bone defects in 

combination with rigid internal fixators [26,64]. Calcium sulphate commonly fully degrades in vivo within 

6 to 8 weeks, thereby exceeding the rate of new bone growth resulting in a mismatch between bone 
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regeneration capacity and material degradation rate that can compromise tissue healing [100]. Besides 

this inappropriate and too fast degradation rate, calcium sulphate structures often display limited 

osteoconductivity due to a lack of porosity restricting cell migration [101]. 

Calcium phosphate exhibits a chemical composition similar to the mineral content of calcified bone 

tissue and includes mainly hydroxyapatite (HA) and tri-calcium phosphate (TCP). They are found as 

form of synthetic mineral salts and are then usually manufactured by sintering process at high 

temperature associated with high-pressure compaction to produce various shapes and architectures 

[102]. This results in highly porous calcium phosphate-based scaffolds promoting cells migration and 

ingrowth, thus displaying optimal osteoconductivity properties [88]. Their high content in calcium and 

phosphate first serves as mineral pool that can be used subsequently in the mineralization phase 

leading to a lamellar and highly calcified mature bone tissue and is also easily absorbed by the body 

and causes virtually no foreign body reaction indicating excellent biocompatibility [103,104]. The 

chemical composition of calcium phosphate materials is of crucial importance in determining their 

degradation rate and mechanical properties by tuning their ratio of calcium to phosphate [105]. In this 

sense, HA, that has a higher ratio of calcium to phosphate degrades slower and presents more efficient 

mechanical properties than TCP. Despite the possibility of enhancing mechanical properties, calcium 

phosphates have relatively low strength and brittle behaviour causing premature failure, a major 

limitation to their use in critical-sized bone defects [106]. 

Bioglass biomaterials are bioactive silicate-based ceramics and are mainly composed of silicates that 

are coupled to other minerals physiologically found in the body (calcium, sodium, hydrogen and 

phosphorus) [107]. The original bioglass composition is 45 % silica (SiO2), 24.5 % each of calcium oxide 

(CaO) and sodium oxide (Na2O) and finally 6% of phosphorous pentoxide (P2O5) [108]. Like calcium 

phosphate-based ceramics, their tuneable chemical composition is actively driving their biological 

properties, in particular their bioactivity through their capacity to strongly bind with the host bone [109]. 

This strong bone-bioglass interaction is caused by dissolution and accumulation of silicon ions (Si+4) 

exposed to body fluids in vivo, that in turn, from a sequence of reactions, favour the formation of a 

hydroxyapatite coating on the surface of the bioglass. After long-term implantation, this biological thin 

apatite layer is partially replaced by bone tissue [110]. Although they also exhibit various additional 

benefits such as appropriate degradation rate, biocompatibility and osteoconductivity; they suffer from 

insufficient osteoinductive properties and mechanical support that make them unsuitable for load-

bearing applications [26,89]. 

The limited use of ceramic materials for cranial and maxillo-facial bone defects due to their poor 

mechanical support has conducted the orthopaedic research towards biomaterials showing higher 

mechanical properties [64]. Stainless steel [111], titanium [112] and cobalt-based alloys [113] are the 

three mains metallic bioinert materials that have been extensively employed for permanent bone 

replacement in load-bearing applications, such as knee or hip prostheses as well as fracture fixation 

devices (i.e., pins, wires, plates and screws) [114]. However, their use as short-term porous implant 

remains controversial owing to the second revision surgery required to remove the implant after bone 

healing, that can be source of complications [115]. In addition, these metallic biomaterials are known to 
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induce biological side effects, in particular cytotoxicity, inflammatory reactions, local irritations, cardiac 

and nervous system damage when residues are released in the body fluids [116] and stress-shielding 

[117]. Despite these complications, porous implants designed for bone regeneration have been 

produced in titanium and tantalum [112,118] and have shown osteointegration and osteoconduction 

properties; however, they were characterised by reduced osteoinduction and high removal rates [74]. 

Considering the many advantages of the degradable materials mentioned above (i.e. ceramic-based), 

biodegradable metals including porous magnesium [119-121], iron [122] and zinc [123], that combine 

mechanical strength and degradation leaving space for bone ingrowth, have also been extensively 

investigated. Nevertheless, preliminary animal tests have revealed a too slow degradation rate in vivo 

of iron-based scaffolds; where large portions remained intact twelve months post-surgery and were 

considered to cause similar reactions to those found in permanent applications [124]. On the other 

hand, zinc-based implants show promising benefits, however there is lack of studies demonstrating 

their capabilities as bone substitute making their clinical use in addressing bone critical-sized defects 

uncertain. 

To such extent, Mg-based materials appear to be very promising degradable materials by combining 

the advantageous mechanical strength of metals and the bio efficiency of ceramics, thus offering an 

optimal trade-off between biological and mechanical properties [125]. 

3.2.4. Magnesium-based materials 

The use of magnesium (Mg) for clinical practice began in 1878 when the physician Edward C. Huse 

employed Mg wire as a vascular ligature to control bleeding from vessels in three patients [125]. This 

cardiovascular application was rapidly followed in 1906 by orthopaedics applications to treat a 

complicated pseudarthrosis with severe malalignment of the distal third of the lower leg by Albin 

Lambotte [75]. Since then, Mg scaffolds have demonstrated great biological potential and have been 

extensively documented [126-130]. Being the fourth most abundant cation in the human body, its 

physiological concentration is accurately regulated mainly through its excretion by the kidneys [131] 

and it is unlikely to reach toxic levels and induce complications from Mg overdose that can occur with 

metallic materials [132]. Various histological evaluations [121,133] have been performed to assess 

potential toxicity of Mg2+ ions to various organs (i.e. liver, kidneys, brain, spleen and heart) after 

implantation of Mg alloys up to 3 months post-operatively, as well as blood biochemistry analysis [134] 

to monitor its physiological concentration, white blood cells and markers of liver and renal dysfunction 

levels. No pathological changes were observed, suggesting that Mg implants possess excellent 

biocompatibility. In fact, the release of magnesium ions (Mg2+) during its biodegradation process have 

even been considered crucial for bone regeneration, especially via the activation of the Wnt signalling 

pathway [135] and the release of calcitonin gene-related peptide (CGRP) in the periosteum [75,136] 

(Figure 2.9), that in turn leads to osteogenic differentiation of mesenchymal stem cells as well as 

angiogenesis [137]. 

Similarly, this release Mg2+ ions can also influence the crystallization rate of calcium phosphate and 

thus, subsequent formation and deposition of hydroxyapatite (HA) [138]. Therefore, Mg implants show 

great bone formation potential by enhancing osteoblast differentiation and mineralization of the 
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extracellular matrix resulting in the production of a high quantity of immature bone tissue, that is later 

remodelled and further mineralized to form mature lamellar bone tissue. In addition, Mg scaffolds can 

easily be customized through various manufacturing processes [139,140], offering different shape and 

size architectures. The diameter of the pores, the overall porosity and conductivity can be tuned to 

provide an optimal 3D environment favouring cells ingrowth and adhesion and thus enhanced 

osteointegration and osteoconduction. 

Besides its good biological properties, the main advantage of Mg lies in its mechanical properties, 

mainly density (1.74-2.0 g.cm-3) and Young’s modulus (30-45 GPa), closer to those of bone (1.8-2.1 

g.cm-3 and 3-20 GPa) than most other biomaterials [75]. This similarity is of fundamental importance to 

promote appropriate mechanical support until the bone regains sufficient strength, thereby minimising 

the risk of premature failure [106] and ensuring enhanced load transfer to avoid stress-shielding [117]. 

In fact, favourable local mechanics is crucial for achieving efficient load transfer in bone and optimal 

overall mechanical performance, as the accumulation of local strain favours microdamage initiation and 

progression within the tissue (e.g. microcracks) reducing the local mechanical efficiency and, 

consequently, the overall mechanical properties [141]. Uniform load transfer and sufficient mechanical 

stimulation were also reported to be highly beneficial for bone regeneration [33,34,36], by favouring the 

activation of bone healing mechanisms as described previously. 

Mg metals degrade in aqueous solutions through the following electrochemical reactions (2.1) and (2.2) 

[75]: 

𝑀𝑔 + 2𝐻2𝑂
 

→ 𝑀𝑔(𝑂𝐻)2 + 𝐻2 

𝑀𝑔(𝑂𝐻)2 + 2𝐶𝑙−
    
→ 𝑀𝑔𝐶𝑙2 + 2𝑂𝐻− 

First, the reaction between Mg and water molecules produces Mg hydroxide (Mg(OH)2) that tends to 

deposit on the Mg matrix forming a corrosion protective layer while liberating gaseous dihydrogen (H2). 

The Mg(OH)2 layer naturally protects the Mg implants against active degradation and reduces the 

corrosion rate. Mg(OH)2 further reacts when in contact with chloride ions (Cl-), forming highly soluble 

magnesium chloride (MgCl2). Mg is one of the most electrochemically active metals; it exhibits a 

standard electrode potential of -2.372 V contributing to low corrosion resistance [132] and it is prone to 

fast degradation especially during the first days after in vivo implantation [142-145]. 

(2.1) 

(2) (2.2) 
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Figure 2.9. Schematic representation of the osteogenic differentiation of periosteum-derived stem cells (PDSCs) 

induced by the release of Mg ions (Mg2+) during the in vivo degradation process of Mg implants. Mg2+ ions diffuse 

across the bone to the sensory dorsal root gangling (DRG) neurons of the periosteum resulting in the accumulation 

and exocytosis of CGRP-vesicles. Finally, the activation of CGRP receptor promote the expression of specific 

genes (e.g. Osterix) contributing to osteogenic differentiation. Adapted from [136], Copyright © Nature publishing 

group. 

Uncontrollable and fast corrosion rate remains the main challenge for Mg scaffolds leading to 

complications and currently prevents its successful application in clinical orthopaedic practise [125]. 

Specifically, the excessive amount of hydrogen (H2) released which accumulates in bone tissue causes 

the formation of temporary gaseous cavities in vivo (later resorbed spontaneously in few weeks) 

responsible for slowing down newly formed bone ingrowth [144-146]. Additionally, substantial 

deterioration of mechanical properties (e.g. Young’s modulus, yield stress) is usually observed when 

pure Mg scaffolds are immersed in simulated body fluid (SBF) in vitro [147-151]. Several authors have 

pointed out the crucial importance of tuning the corrosion rate with the bone regeneration ability to 
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ensure sufficient mechanical support of the scaffold until complete bone regeneration [75,124,132]. 

Therefore, significant reduction in Mg scaffolds strength can potentially result in premature failures in 

vivo. 

Several strategies have been investigated to reduce the corrosion rate, including the addition of alloying 

elements [152-154] and the use of coatings [155-158]. To such extent, a great variety of Mg-based 

alloys have been investigated and can be divided into two main groups, the AZ (Mg-Al-Zn system) and 

WE alloys (Mg-RE-Zr system) [159]. AZ alloys, mainly AZ31 (Mg-3Al-1Zn) and AZ91 (Mg-9Al-1Zn), 

showed enhanced mechanical performance [160] due to the addition of zinc (Zn) and aluminium (Al); 

however, their degradation rate has been found to be very high and aluminium is also known to induce 

toxicity at high doses [132]. WE alloys, mainly WE43 (Mg-4Y-3RE), are capable of forming a rare- earth 

(RE) oxide layer, which can improve biocorrosion resistance and biocompatibility [127,161], as well as 

participating in the strengthening of the overall scaffold [162]. The use of coatings, particularly bioglass, 

CaP and fluoride-based coatings, offers an alternative approach to slowing down the corrosion rate in 

in vitro [163,164] and in vivo [130,156] environments. Nevertheless, to date, none of the Mg alloys 

investigated can fully combine durable biomechanical properties with an appropriate corrosion rate and 

absence of gas cavity formation in vivo [138]. Therefore, enhanced Mg-based implants combining 

innovative combinations of manufacturing processes, resulting in specific architectures, and alloy 

composition still need to be explored to ensure their successful application in surgical practice. 

3.2.5. High-resolution X-ray imaging 

High-resolution X-ray computed tomography (XCT) is an imaging technique that allows access to the 

three-dimensional internal structure of an object of interest in a virtually non-destructive way and has 

been extensively used to investigate bone and biomaterials [165-167]. XCT also provides multi-scale 

details with resolutions ranging from few millimetres to hundreds of nanometres resulting in the 

exploration of tissue structures from organ to cellular level (from macroCT, through microCT to nanoCT) 

[168], giving a superior resolution to that of other technologies including ultrasound or magnetic 

resonance imaging (MRI). 

XCT systems are composed of different major components such as X-ray tube source, radiation filter, 

collimator and detector (Figure 2.10) [169]. Its operating principle is based on the attenuation of X-rays, 

produced by the source, passing through matter, in a specific energy range typically used for micro-

imaging. The initial intensity (I0) is reduced during its interaction with matter resulting in an attenuated 

intensity (I), that depends on both the material properties and the energy spectrum of the X-ray source. 

Attenuation of monoenergetic X-rays is described by the following equation (2.3) [170]: 

𝐼 = 𝐼0 × 𝑒−µ𝑥  

where x is the thickness of the absorbing material characterised by a linear attenuation coefficient µ. 

(2.3) 
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Figure 2.10. Principal components of high-resolution X-ray computed (XCT) systems. From [169], Copyright © 

BioMed Central. 

Then, the X-rays with attenuated intensity reach the detector that produces X-ray images transcribing 

the sum of all the local attenuations along the X-ray beam path as a grey value pattern. Individual two-

dimensional projections (i.e. X-ray radiographs) are recorded from different viewing directions where 

the source and the detector are fixed in place while the object is rotating around its vertical axis. In order 

to obtain an image of sufficient quality, adequate number of projections are required [171]. Acquisition 

time also contributes to the image quality since longer scans increase the signal-to-noise ratio (SNR), 

defined as the ratio between the level of the desired signal to the level of background noise. However, 

the longer the acquisition time, the higher the radiation dose which can be critical for physiological tissue 

by negatively affecting their material integrity and properties [172]. The obtained two-dimensional 

images are then combined using a reconstruction algorithm, commonly a filtered-back-projection, to 

compute a three-dimensional image (i.e. tomograms) [173,174]. 

Many parameters and artefacts can result in reduced image quality, obstruct details of interest and 

introduce errors during image reconstruction; the most commonly found are motion artefacts, ring 

artefacts and beam hardening [175]. Firstly, motion artefacts represent unexpected movement or 

rotation of the samples during the acquisition causing a misalignment of the projection during the 

reconstruction and thus, a distortion of the object. A simple way to avoid motion artefacts is to ensure 

appropriate fixation of the sample in the XCT chamber. Ring artefacts are characterised by the presence 

of rings or half-rings around the centre of rotation that arise from defective pixels in the detector, defects 

in the scintillator or dust in the detector system [176]. Finally, beam hardening is defined as a wide 

variation in the attenuation of the X-rays at the interface between the sample and the background, 

leaving the object brighter at its edges than at its centre [177]. 

XCT imaging is a powerful tool in the investigation of biomaterial properties that allows assessment of 

their in vitro corrosion pattern [178-180] as well as the quality and quantity of regenerated bone tissue 
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in critical-sized defects following biomaterial implantation [166,181,182]. This evaluation is fundamental 

to validate their ability to degrade with an appropriate corrosion rate without releasing excessive 

amounts of hydrogen while promoting bone healing. In fact, corrosion rate evaluation has been 

extensively performed by means of weight loss measurements, hydrogen evolution and electrochemical 

analysis [149-151]; however, although they allow quantification of the corrosion rate, these methods 

suffer from inaccuracy without supplying details of local morphological changes [183]. Similarly, 

biological investigations are usually carried out using histological techniques [128,184], which allow the 

examination of both hard and soft tissues, but often involve many preparation steps that require the 

destruction of the sample and restrict the analysis to a 2D evaluation only. In addition, when high-

resolution image acquisition is used in combination with densitometric calibration phantoms, an 

accurate assessment of the distribution and degree of tissue mineralization can also be achieved 

[185,186]. 

2.3. Biomechanics of biomaterials and bone tissues 

 2.3.1. Bone mechanical properties 

An understanding of bone mechanics is crucial for bone tissue engineering strategies aiming at 

promoting tissue healing with the appropriate mechanical properties matching those of the bone it is 

meant to temporally or permanently replace [81]. 

Bone is the main organ of the skeletal system ensuring the mechanical support and locomotion of the 

body as well as the protection of internal organs. Thus, to carry out these functions, bones must display 

high load-carrying capacity, which is ensured by the optimized architecture and composition of their two 

tissues, namely trabecular and cortical bone [187]. In fact, bone is an anisotropic and heterogeneous 

material presenting a highly hierarchical structure, where its material properties (i.e. at micro-level) 

affect its mechanical performance at the macro-level [188,189]. In addition, as a dynamic tissue, bones 

are able to adapt their structure and mineral density to provide a more efficient mechanical support 

[190,191]. Therefore, the mechanical properties of bone tissue vary depending on its architecture that 

is in turn correlated to the anatomic site and the amount of load applied on it [192,193]. 

Cortical bone tissue is the main contributor to mechanical bone strength [194,195] and is particularly 

abundant in long bones subjected to high load-bearing conditions. The mechanical properties of this 

bone tissue are greatly influenced by the size and distribution of the lacunae at micro-level and by the 

orientation of collagen fibres and mineral content density at nano-level resulting in variation of its osteon 

mechanical properties [196,197]. Furthermore, variations in mechanical strength are found between the 

different sub-microstructural elements of cortical bone; where the interfacial strength of cement lines 

(17.5 MPa) is lower than the osteonal lamellae strength (30.4 MPa) [198,199]. The mechanical 

properties of cortical tissue are higher in the longitudinal direction (i.e. parallel to the osteons orientation) 

than in the transverse direction (i.e. perpendicular to the osteons orientation), indicating anisotropic 

mechanical behaviour. Therefore, under compression, cortical tissue first displays a linear elastic 

behaviour followed by rapid hardening post-yielding and then a softening phase along longitudinal 
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direction while its post-yielding behaviour is characterised by brittle failure under transverse direction 

[200]. 

The main property of trabecular bone tissue that distinguishes it from many other physiological tissues 

is its significant heterogeneity, resulting in wide variations, more than an order of magnitude, in 

mechanical properties from one anatomic site to another [7,192]. This heterogeneity is due to the 

multiple architectures and arrangements of trabeculae within the tissue as a function of the load 

conditions [201]. In fact, apparent Young’s modulus has been found to be strongly correlated to 

apparent density [202]. This is a key concept for bioengineering biomaterial applications and implant 

conception, where the anatomic site of interest and its mechanical properties must carefully be 

considered. Like cortical bone, trabecular bone possesses anisotropic properties, therefore its elastic 

behaviour varies depending on the loading direction [16]. 

When overloading occurs, the apparent modulus of bone tissue is reduced and micro-damages (i.e. 

micro-cracks) commonly appear in regions with higher strain accumulation exceeding the bone tissue 

yielding (i.e. ~10000 µε for human trabecular bone femur) [141,195]. Therefore, the formation of micro-

cracks at tissue-level leads to local tissue yielding responsible for the decrease in apparent mechanical 

properties at the whole specimen level [203,204]. Formation of micro-damages under overloading is 

generally associated to variation in micro-architecture and lower volume fraction regions representing 

weaker regions more likely to fail [205,206]. Cyclic loading (e.g. during locomotion) also contributes 

significantly to the accumulation of residual strain and the initiation of fatigue micro-cracks [207]. 

 2.3.2. Biomechanical testing 

The biomechanical characterisation of biomaterials used in the healing of critical-sized defects consists 

in the assessment of their both in vitro mechanical performance as well as the in vivo competence of 

the biomaterial-newly formed bone structure. However, assessing the in vivo mechanical properties of 

regenerated bone after biomaterial implantation remains difficult and ex vivo evaluations are generally 

favoured [208,141]. Ex vivo evaluations are carried out externally by extracting the bone tissue where 

a critical-sized defect was generated. Various techniques are commonly employed to investigate 

mechanical properties at different level starting from whole bone with compression, tension and bending 

tests providing the apparent mechanical performance to nano-level with nanoindentation where the 

material properties can be investigated [209]. 

Compression tests consist in loading the specimen placed between two parallel platens until failure 

resulting in the computation of load-displacement curves that can be converted into stress-strain curves. 

These curves allow for the determination of mechanical properties such as Young’s modulus and yield 

stress. Many artefacts can compromise the accuracy of the results when testing bone tissue or 

biomaterials [2010,211]. Therefore, standard recommendations suggest using specific sample shape 

and especially cylinders with a 2:1 sample ratio. Misalignment also represent a high source of errors in 

the calculation of the mechanical properties due to non-parallel posterior and anterior extremities. A 

simple way to minimize misalignment and end-artefacts lies with the use of end caps embedding the 

sample extremities maintaining it perpendicular to the platens [212]. 
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Although the stress-strain readings allow one to investigate the overall mechanical behaviour of 

biomaterials, the local distribution of the deformation that can lead to premature failure remains 

unexplored. High-resolution XCT, being virtually non-destructive, represents an ideal technique for the 

investigation of 3D bone deformation mechanisms, damage initiation and propagation due to loading 

[213]. In situ XCT mechanics involves 3D image acquisition of a sample while micromechanically tested 

in a stepwise way. Therefore, after a first image is acquired in an undeformed or preloaded state, several 

tomograms are performed at defined deformation stages. When testing viscoelastic materials, the 

specimen is allowed to relax before image acquisition in order to reduce movement artefacts during 

image acquisition [214,215]. Additionally, due to the time-lapsed inherent characteristic of this 

technique, the recorded stress-strain curves display discontinuities caused by material relaxation [213]. 

In combination with digital volume correlation (DVC), in situ mechanics offers the opportunity to quantify 

the full-field strain magnitude and its distribution through the material [215-218]. 

 2.3.3. Digital volume correlation 

Digital volume correlation (DVC) was developed and first used by Bay et al. in 1999 to compute the 

strain distribution in trabecular bone extracted from femoral condyles under compression [219]. This 

method allows for the calculation of the 3D full-field displacement and strain magnitude and distribution 

between undeformed and deformed images. DVC has been applied on confocal, micro-magnetic 

resonance and optical coherence tomography imaging, but high-resolution XCT imaging remain the 

main technique used in combination with DVC [220]. Since its development, DVC has widely been 

applied to physiological tissues, such as trabecular bone [221-223], cortical bone [224,225], woven 

bone [208] and whole bones [226-228]. However, its application to biomaterials remains limited to date 

[141,229]. 

The three main steps that compose the DVC process are first the acquisition of the undeformed and 

deformed 3D tomograms, followed by the correlated computation of the displacement field throughout 

the specimen and finally the extraction of the strain tensor field from the displacement vector field. The 

correlative computation between the undeformed and deformed 3D image is based on the grey-level 

intensity values which depend on the material texture and identifiable features within the volumes. The 

resulting displacement values are obtained for each point of a grid applied on the reference image that 

can be manually identified or generated via pre-defined meshing techniques resulting in an even 

distribution within the volume [230]. Two approaches have been developed for the measurement of the 

displacement between the undeformed and the deformed volumes, namely the local and global 

approach (Figure 2.11). The local approach relies on dividing the reference image into sub-volumes, 

usually having a cubic shape, each corresponding to a displacement measurement. The size of the 

sub-volumes can be defined and determines the DVC analysis resolution, also with respect to the 3D 

image magnification [231]. The main advantage of local approaches lies on their ease of use and 

relatively reduced computation time, but they suffer from inaccuracy in the case of large deformation 

due to discontinuity between the sub-volumes that are registered independently [232,233]. On the other 

hand, in global approaches the displacement field computation is continuous as nodes are generated 

over the full image leading to a mesh covering the entire volume resulting in higher measurements 
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precision [234]. Then, the DVC algorithm identifies the deformation vectors that best correlate the 

unloaded (i.e. reference) image with the loaded (i.e. target) image based on their grey-level intensity. 

To do so, the undeformed volume is deformed following an affine transformation (i.e. linear mapping 

method preserving points, straight lines, and planes) that is usually a translation and thus estimates the 

displacement vector [235,236]. Rotation, normal and shear strains can be used as secondary 

transformation to improve the accuracy of the correlation [237,238]. The overlaying of the different sub-

volumes or nodes in the reference image to their best corresponding position in the target image is 

achieved by a correlative function that quantifies the degree of correspondence between the two 

volumes [239]. In order to minimize incorrect sub-volume or nodes deformations, interpolations are 

applied (i.e. tricubic interpolation). Finally, the displacement vector field is differentiated into strain 

tensor. 

 

Figure 2.11. Illustration of the difference between the DVC (a) local, where the full volume is divided into smaller 

sub-volumes and (b) global approach, where a finite number of elements forming a mesh covers the full volume. 

Adapted from [229], Copyright © Elsevier. 
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DVC measurements are highly dependent on the input images quality, especially the voxel size and the 

number of detectable features that are related to the texture and architecture of the material of interest 

as well as the operational DVC parameters employed [240,241]. Accumulation of errors due to incorrect 

correlation generally leads to incorrect displacement and strain and, therefore, misinterpretation in 

mechanical behaviour. In fact, it has been observed that the sub-volume is one of the main settings that 

improves DVC measurements precision where the larger the sub-volume or meshing element the lower 

the error. However, the size of grid is also determining the spatial resolution of the computation and its 

ability to track smaller structures. Therefore, a trade-off must be estimated between acceptable DVC 

errors and spatial resolution by each individual user [242,243]. A common way to assess DVC precision 

relies on the acquisition of two consecutive undeformed or preloaded tomograms on which DVC is 

applied, considering any non-zero value as an error [240]. The accuracy and precision of the strain 

measurements are then quantified by the mean and standard deviation of the set of errors, respectively 

[244]. 

Therefore, in situ XCT mechanics combined with DVC is a powerful and unique tool in the investigation 

of biomaterial properties, that is able to quantify the three-dimensional (3D) full-field strain distribution. 

This technique allows to evaluate their mechanical properties, that together with the assessment of their 

biocompatibility and osteoinductivity, enables to conclude on their potential sustainability as a clinical 

application to treat bone critical-sized defects. 
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Chapter 3 – Multi-scale mechanical and morphological 

characterisation in a non-corrosive environment 
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Degradable biomaterials for regeneration are expected to withstand the load commonly applied on the 

bone; they are meant to temporarily replace during patients’ daily activities. Therefore, this chapter 

describes the morphological and mechanical properties under compression of Mg-based scaffolds in a 

non-corrosive environment in order to investigate the influence of the manufacturing process from the 

nano-level by means of nanoindentation and its repercussion on the apparent level through high-

resolution XCT mechanics combined with DVC. Additionally, the correlation between scaffold 

architecture and mechanical properties plays a fundamental role in the conception of medical devices, 

especially those involved in tissue regeneration. This relationship is further investigated in this chapter 

by comparing morphological parameters of high-strain regions with low-strain regions. The mechanical 

and morphological properties are finally compared to those of bone tissues to ensure similarity and to 

assess their ability in replacing physiological tissue. 
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Abstract 

Magnesium (Mg) and its alloys are very promising degradable, osteoconductive and osteopromotive 

materials to be used as regenerative treatment for critical-sized bone defects. Under load-bearing 

conditions, Mg alloys must display sufficient morphological and mechanical resemblance to the native 

bone they are meant to replace to provide adequate support and enable initial bone bridging. In this 

study, unique highly open-porous Mg-based scaffolds were mechanically and morphologically 

characterised at different scales. In situ X-ray computed tomography (XCT) mechanics, digital volume 

correlation (DVC), electron microscopy and nanoindentation were combined to assess the influence of 

material properties on the apparent (macro) mechanics of the scaffold. The results showed that Mg 

exhibited a higher connected structure (38.4mm-3 and 6.2mm-3 for Mg and trabecular bone (Tb), 

respectively) and smaller spacing (245µm and 629µm for Mg and Tb, respectively) while keeping an 

overall appropriate porosity of 55% in the range of trabecular bone (30-80%). This fully connected and 

highly porous structure promoted lower local strain compared to the trabecular bone structure at 

material level (i.e. -22067 ± 8409µε and -40120 ± 18364µε at 6% compression for Mg and trabecular 

bone, respectively) and highly ductile mechanical behaviour at apparent level preventing premature 

scaffold failure. Furthermore, the Mg scaffolds exceeded the physiological strain of bone tissue 

generated in daily activities such as walking or running (500-2000µε) by one order of magnitude. The 

yield stress was also found to be close to trabecular bone (2.06MPa and 6.67MPa for Mg and Tb, 

respectively). Based on this evidence, the study highlights the overall biomechanical suitability of an 

innovative Mg-based scaffold design to be used as a treatment for bone critical-sized defects. 
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3.1. Introduction 

Bone has a very efficient healing process that usually leads to a complete repair without the need for 

external medical contribution [1]. However, high-energy trauma, disease, tumour resection or 

osteomyelitis represent extreme bone healing clinical conditions leading to critical-sized defects that 

can cause non-union [2]. To address this clinical issue, different bone repair methods have been 

developed where autologous bone grafts have been considered the gold-standard [3-4]. However, bone 

grafts bring their share of unwanted effects such as donor-site morbidity, disease transmission, 

immune-mediated rejection, high non-union rate and limited availability [2-5]. To meet the growing 

demand in non-union defect treatment, biodegradable materials have been developed, offering a 

temporary solution able to maintain the mechanical integrity of the injured site while new bone is forming 

[6]. Currently, bone substitute materials mainly include calcium-phosphate (CaP) [7], bioglass [8] and 

natural or synthetics polymers, also including hydrogels [9]. These materials have been extensively 

investigated for bone tissue engineering due to their high bioactivity [2]. Nevertheless, their relatively 

low strength and brittle behaviour leading to premature scaffold failure, their unsuitable degradation rate 

and the difficulty to customize their apparent (macro) structure to resemble trabecular bone represent 

major limitations to their use in critical-sized bone defects [10]. 

Mg-based alloys represent a promising compromise between biocompatibility, bone regeneration ability 

and appropriate mechanical properties [11-12]. Mg, being the fourth most abundant cation in the human 

body, is involved in many biological functions (e.g. ion transport, enzymatic reactions or cell 

proliferation) and its physiological concentration is accurately regulated [13-14]. Consequently, the 

common side-effects induced by metallic biomaterials such as cytotoxicity, inflammation, cardiac and 

nervous system damage or implant removal [15-17], have not been found following Mg-based materials 

implantation. The in vivo efficacy of Mg in promoting bone regeneration has been extensively 

documented [18-22] and after 12 weeks of implantation, newly formed bone tissue is generally 

observed, suggesting enhanced bone mineralization and remodelling. In addition to its bone 

regeneration ability, the density (1.74-2.0g.cm-3) and Young’s modulus (41-45GPa) of Mg [6] appear to 

be closer to those of bone (1.8-2.1g.cm-3 and 3-20GPa) than the majority of other biomaterials. This 

aspect is fundamental to promote a suitable mechanical support until the bone regains enough strength; 

thus, limiting premature failure [10] and ensuring improved load transfer while avoiding stress-shielding 

[23]. 

However, it has been reported that the Mg-based alloy composition can greatly influence their 

mechanical behaviour [24-25]. In particular, zinc (Zn), another abundant essential nutrient in the human 

body, possesses a strengthening effect, able to improve the yield strength of Mg-based scaffolds [24]. 

The addition of manganese (Mn) has also shown an additional improvement in strength, while 

favourably decreasing the corrosion rate. Finally, some rare earth elements have been widely used in 

the composition of biodegradable Mg, such as yttrium (Y), able to refine the microstructure and also 

contribute to the mechanical properties [25]. The most widely studied Mg-based alloys can be divided 

into two groups, the AZ (Mg-Al-Zn system) and WE alloys (Mg-RE-Zr system) [12]. AZ alloys, mainly 

AZ31 (Mg-3Al-1Zn) and AZ91 (Mg-9Al-1Zn), showed enhanced mechanical performances [26]; 
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however, their degradation rate has been found to be very high and aluminium is also known to induce 

toxicity at high doses [24]. WE alloys, mainly WE43 (Mg-4Y-3RE), are capable of forming a rare-earth 

(RE) oxide layer, which can improve biocorrosion resistance and biocompatibility [19]. The WZM211 

(Mg-2Y-Zn-Mn) alloy proposed in this study aims to combine the mechanical and biological capabilities 

of these two groups through the addition of Zn to improve the mechanical performance and Y reducing 

the corrosion rate. 

Mg, like most biomaterials, can be used to produce fixation devices (screws, plates or nails) to stabilize 

and enhance complex fracture healing [16,27] or porous scaffolds to promote bone regeneration in non-

union defects [21]. Usually, porous Mg-based scaffolds are mechanically evaluated by uniaxial 

compression or tension [18,28,29] and although the stress-strain readings allow to investigate their 

overall mechanical behaviour (e.g. Young’s modulus, yield stress), the local distribution and magnitude 

of the deformation that can lead to premature failure remains unexplored. Favourable local mechanics 

is crucial to achieve efficient load transfer and optimal overall mechanical performance as local strain 

accumulation has been found to promote the formation of microdamage (e.g. microcracks) reducing 

local mechanical efficiency and, consequently, overall mechanical properties [30]. In situ mechanics 

coupled with time-lapsed high-resolution X-ray computed tomography (XCT) and digital volume 

correlation (DVC) has emerged as a powerful and unique tool to quantify the three-dimensional (3D) 

full-field strain distribution in bones [31-34], cartilage-bone interface [35], biomaterials [36] and bone-

biomaterial systems [30,37,38]. However, to the authors’ knowledge, no studies have reported the local 

mechanical behaviour of open-porous Mg-based scaffolds using in situ XCT experiments and DVC. 

The mechanical properties of scaffolds depend not only on their design and apparent structure, but also 

on the material properties. Nanoindentation is a robust testing methodology that has been widely used 

to measure local material properties of biomaterials [39] and bone tissue [40-42]. This technique has 

been already employed to characterise local mechanical variations related to the different components 

of Mg-based alloys [39], as well as to describe how in vitro corrosion reduces those mechanical 

properties [43-45]. Similarly, electron imaging techniques such as scanning electron microscopy (SEM) 

and electron backscatter diffraction (EBSD) have been proven highly beneficial in understanding the 

microstructural organisation and grain refinement of Mg-based materials following corrosion or 

manufacturing process [46-47]. However, a comprehensive multi-scale mechanical and structural 

evaluation of Mg-based materials, allowing to fully investigate their biomechanical performance as bone 

substitutes in critical-sized defects, is still missing as the majority of studies generally focused on a 

single level, either apparent [48-49] or micro [46]. 

Therefore, the aim of this study is to fully characterise the mechanical and morphological properties at 

different scales of a unique Mg-based scaffold composition to be used as a treatment for critical-sized 

bone defects. In situ XCT mechanics coupled with DVC was performed to assess the 3D full-field strain 

distribution and damage evolution in the Mg-based scaffolds as well as trabecular bone, which was 

used to provide a local mechanical comparison with the scaffold performance. This was coupled with 

electron microscopy-based imaging techniques (SEM/EDX/EBSD) and nanoindentation to further 
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understand the influence of the Mg-based material properties on the apparent mechanical behaviour of 

the scaffold. 

3.2. Methods 

3.2.1. Sample preparation 

The manufacturing process of porous Mg scaffolds has already been described elsewhere [18,50,51]. 

Briefly, the open-porous structures were manufactured from WZM211 Mg alloy 

(MgY2wt%Zn1wt%Mn1wt%) using single short fibres of approximately 4-8mm in length and 100-250µm 

in diameter. The fibres were fused by liquid phase sintering carried out at 10K.min-1 until 600°C, followed 

by further heating at 3K.min-1 until 628°C, held for 20 minutes. Cylindrical samples (55% porous) were 

then cut by CNC machines to obtain final dimensions of 8mm in diameter and 20mm in length. 

Trabecular bone (Tb) samples were obtained from bovine proximal femurs. All surrounding soft tissues 

were removed and 20mm bone slices were cut perpendicularly to the physiological loading axis. 

Thereafter, 8mm diameter cylindrical cores (n=5) were extracted under copious water irrigation and 

then stored at -20°. In order to simulate the physiological conditions leading to scaffold implantation, 

bone specimens were cored near a bone defect (i.e. a cyst). Thus, two different bone structures were 

obtained, depending on their distance from the defect; away from the defect (~10-20mm), typical 

trabecular bone specimens were produced; closer to the defect (~1-5mm), the bone structure was more 

resembling a mix of trabecular and cortical bone, referred elsewhere as compact-coarse-trabecular 

bone (CCTb) [52]. Therefore, a direct comparison could be made between the porous Mg performance 

and that of trabecular or remodelled coarse-compact-trabecular bone, which represents the 

physiological response to specific mechanical demands generated by the presence of a bone defect. 

3.2.2. In situ mechanical testing and XCT imaging 

In order to minimize the influence of end-artifacts during mechanical testing [53], the two extremities of 

each Mg and bone specimens were embedded into endcaps (acetal for Mg and brass for bone) using 

a custom-made alignment system (Figure 3.1). The resulting specimens had a reduced-section gage 

length of approximately 15mm, close to a 2:1 ratio [30,37,54]. 

In situ uniaxial step-wise compression tests were conducted on n=5 Mg, n=3 trabecular bone (Tb) and 

n=2 compact-coarse-trabecular bone (CCTb) in a loading stage (CT5000 5kN, Deben Ltd, UK) fitted 

within the X-ray microscope chamber (Versa 510, Zeiss, US) with a speed rate of 0.1mm/min at room 

temperature (Figure 3.1). The bone specimens were kept hydrated in PBS solution throughout the 

duration of the test. A preload of 10N was first applied to ensure contact with the compression platens 

prior to testing; then, two repeated scans were acquired, without repositioning, for the estimation of the 

DVC strain uncertainty [55]. Mg specimens were tested at 1, 3, 6 and 10% apparent compression, 

whereas the bone cylinders were loaded up to 6% as a critical decrease of the strength (i.e. failure) was 

observed just after 3% compression. 

Young’s modulus was determined from the stress-strain curves by calculating the slope of the linear 

regression between σ30 or σ50, for Mg and bone respectively, and σ80, corresponding to 30, 50 and 80% 
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of the ultimate stress. The correlation value (R2) between the linear regression and the linear section of 

the mechanical curve was equal or superior to 98% in all cases [56]. The linear regression was then 

offset by 0.2% to calculate the yield stress. For each compression step high-resolution XCT was carried 

out at 60V and 4/5W or 80V and 7W for Mg and bone, respectively; 1601 projections were acquired 

over 360° with an exposure time of 5s or 3.5s (Mg and bone, respectively) per projection and the 

resulting tomograms had a voxel size of 20µm. All specimens were allowed to settle for 30 minutes 

prior to image acquisition to reduce imaging artifacts due to stress relaxation [32]. 

In order to better visualise the formation of microcracks, higher magnification scans were performed 

using a different loading stage (CT500 500N, Deben Ltd, UK), allowing higher XCT resolution on an 

additional Mg scaffold (n=1, 8mm diameter and 15mm length) and three additional Tb samples (4mm 

diameter and 10mm length). Images were acquired at 1, 3 and 6% compression for Tb and up to 10% 

for Mg targeting the centre of the structures and achieving a voxel size of 5µm for Mg and 3.5µm for 

the Tb with a 4s exposure time. 

3.2.3. Image post-processing 

The XCT datasets were rigidly registered using a correlative metric (Avizo 9.7, ThermoFisher Scientific, 

US) using the first preloaded image as a reference. Each image was cropped to include only the 

specimen’s structures in the field of view (~8.4x8.4x10mm3). On the resulting images, DVC was 

performed. Higher magnification images were subjected to extra filtering steps. Noise was first reduced 

by a non-local mean denoising filter [57]. Then, they were converted into binary images using Otsu’s 

method [58] and isolated voxels were eliminated using an erosion module in Avizo followed by a 

dilatation operation. Finally, they were masked by multiplying the filtered image by the corresponding 

binary image. The resulting image contained the material (bone or Mg) surrounded by a “zero-value 

background” [59]. 

3.2.4. Morphometry 

Morphometric parameters were computed in a smaller volume of interest (~6.6x6.6x10mm3) of the 

preloaded 20µm voxel size tomograms, excluding the sample edges in order to further limit the side-

artifacts occurring during sample manufacturing [60]. These cropped images were then converted to 

binary as described above. 

Morphometric parameters, commonly computed to describe bone morphometry [61], were calculated 

for Mg, Tb and CCTb using the BoneJ plugin of Fiji software [62,63]; these are fibre/trabecular thickness 

(Th), fibre/trabecular spacing (Sp), solid volume fraction (SV/TV), solid surface density (SS/TV), solid 

specific surface (SS/SV), structure model index (SMI), degree of anisotropy (DA) and connectivity 

(Conn.D). The values are presented as mean ± standard deviation. Morphometric properties were also 

investigated using the pore network and volume fraction map modules of Avizo. 

3.2.5. Digital volume correlation (DVC) 

DVC (DaVis v10.0.5, LaVision Ltd, Germany) was performed between the first preloaded image and 

those at 1, 3, 6 and 10% compression to compute the 3D full-field third principal strain (εp3) of Mg, Tb 

and CCTb at different resolutions (20µm and 3.5-5µm voxel size) while being stepwise compressed in 
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situ (Figure 3.1). DaVis software is based on a local approach of cross-correlation operating on the 

intensity values (grey-level) of the 3D images. Further details on the operating principles have already 

been reported elsewhere [31,59]. For both apparent and tissue levels, a multi-pass scheme with 

decreasing sub-volumes, from 128 to 48 voxels [64,65], and 0% overlap [55] were used, followed by a 

vector post-processing, where sub-volumes with a correlation coefficient below 0.6 were removed. 

Strain uncertainties were found to be below 300µε in all cases for all specimens [55,59]. 

Based on the strain maps obtained by DVC, two volumes of interest (3mm3) were extracted in both the 

highest (exceeding the absolute strain (εp3) of 40000µε) and lowest (not exceeding the absolute strain 

(εp3) of 10000µε) strain regions from each Mg sample (Figure 3.1). On every lowest and highest area, 

a local analysis was performed by computing the morphometric parameters with ImageJ as previously 

described in 3.2.4. This sub-level of investigation was carried out to detect local morphometric 

differences related to the strain variation for the Mg scaffolds. 

3.2.6. SEM, EDX and EBSD 

Microstructural studies were performed on the uncompressed (N=3) and compressed (N=3) Mg 

scaffolds to correlate the fibre microstructure to the mechanical behaviour at apparent level. The 

microstructure and composition were assessed by scanning electron microscopy (SEM - EVO MA10, 

Zeiss, US) coupled with energy-dispersive X-ray spectroscopy (EDX, X-Max 80, Oxford Instruments, 

UK). Then, electron backscatter diffraction (EBSD) was used to further understand grain texture and 

orientation (Nordlys Nano, Oxford Instruments, UK). 

When preparing the samples for EBSD, a water-free procedure was employed [46]. The samples, either 

before or after compression, were first cut in two directions to expose the longitudinal or transverse 

sections of the fibres (Figure 3.1). They were then embedded into a low-viscosity resin (EpoThin 2, 

Buehler, USA) and polished with a polycrystalline diamond suspension (successively 6, 3 and 1µm) for 

approximately 5-8 minutes. Final polishing was executed using 0.05µm aluminium oxide powder for 20-

30 minutes to achieve an optimal final polished surface for EBSD. A glycerol-based was employed as 

lubricant. Mg alloys possess a high affinity with oxygen [50], therefore to limit their oxidation in air they 

were kept in glycerol. Before imagining, glycerol was taken off with isopropanol and the microstructure 

was revealed by etching with a 1% nitric solution. 

3.2.7. Nanoindentation 

The embedded Mg samples, prepared for electron microscopy imaging, were used to further investigate 

the mechanical properties at the material level by nanoindentation. Nanoindentation tests were 

performed with a TI PREMIER indenter (Hysitron, Bruker Inc., US) equipped with a Berkovich tip. A 

matrix of 114 indents (square of 12x12) with a spacing of 6µm and 1000µN load control was applied on 

6 fibres per specimen (uncompressed vs. compressed and longitudinal vs. transverse). The 

loading/unloading rate was set to 10mN/s with a holding time of 0.1s. The hardness (H) and the reduced 

elastic modulus (Er) [66] were obtained with TriboScan software (TriboScan Professional, Hysitron, 

Bruker, US). The reduced modulus was finally converted to the indentation modulus (Ei) using equation 

(3.1): 
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𝐸𝑖 =  
1 −  𝑣2

1
𝐸𝑟

− 
1 − 𝑣𝑡

2

𝐸𝑡

 

where 𝑣 and 𝑣𝑡 refer to the Poisson’s ratio of Mg and the Berkovich tip (0.261 and 0.07, respectively) 

and 𝐸𝑡 to the Young’s modulus of the Berkovich tip (1141GPa) [66,67]. The anisotropic ratio was also 

calculated for uncompressed and compressed conditions by dividing the indentation modulus and 

hardness of the transverse section by the longitudinal section (Ei/H). 

3.2.8. Statistical analysis 

Differences between the highest and lowest strain areas for the local morphometry and between the 

nanoindentation groups were tested using the Mann-Whitney U test. All statistics were performed using 

SPSS statistics (SPSS statistics 25, IBM, USA) and the significance level was =0.05. 

 

Figure 3.1. Schematic representation of the multi-scale analysis workflow at (I) apparent level including in situ XCT 

mechanics coupled with DVC and morphometric analysis of the overall structure (Mg and trabecular bone). (II) 

micro-level employing various electron-based imaging techniques (SEM, EDX and EBSD) to evaluate the incidence 

of the Mg fibre microstructure on the apparent behaviour and finally, (III) nano-level to understand the influence of 

Mg material properties, through nanoindentation, on the mechanical performance of the scaffold. 

3.3. Results 

3.3.1. Mechanical properties 

The stress-strain curves of the Mg and bone specimens are shown in Figure 3.2. On the Mg curves, 

the linear elastic region could not be clearly identified. Then, around 4% compression it was rapidly 

(3.1) 
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followed by a long strain hardening where the stress still ramped up to 10% compression. Tb showed 

typical elastic-plastic behaviour, first a linear elastic region up to 3-4% compression, followed by a 

plateau and finally a prolonged softening with a reduction of the stress, corresponding to failure, up to 

6% compression. Due to its more compact structure, CCTb did not display any stress reduction after 

yielding within the range of strain used, but rather a strain hardening region, as previously observed on 

the Mg curves. 

Mg, Tb and CCTb yielded at the same compression stage (around 3-4%), whilst the stress reached by 

both Tb and CCTb was much higher than Mg (2.1 ± 0.9MPa, 6.7 ± 1.8MPa and 9.8 ± 1.0MPa for Mg, 

Tb and CCTb, respectively) (Table 3.1). 

 

Figure 3.2. Compressive (a) stress-strain curves of magnesium (Mg), trabecular bone (Tb) and compact-coarse-

trabecular bone (CCTb) and (b) normalized stress-strain curves where the stress is divided by the solid volume 

fraction. Stress drops reflect stress relaxation during image acquisition. 
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Table 3.1. Mechanical properties of Mg, Tb and CCTb. Data are shown as mean ± SD. 

 Mg Tb CCTb 

Young’s modulus E 

(GPa) 
0.068 ± 0.028 0.293 ± 0.082 0.412 ± 0.148 

Normalized Young’s 

modulus (E/solid volume 

fraction) 

0.153 ± 0.067 1.129 ± 0.180  0.895 ± 0.142 

Yield stress σ (MPa) 2.06 ± 0.78 6.67 ± 1.75 9.77 ± 1.04 

Normalized yield stress 

(σ/solid volume fraction) 
4.37 ± 1.74 25.98 ± 5.01 22.48 ± 2.46 

3.3.2. Morphometry 

The morphometric parameters of Mg were comparable to those of Tb or CCTb, except for lower 

fibre/trabecular spacing and higher connectivity as reported in Table 3.2. In addition, fibre/trabecular 

spacing, solid volume fraction and solid surface density of Mg were closer to the CCTb values than 

those of Tb.  

Table 3.2. 3D morphometric parameters of Mg, Tb and CCTb. Data are shown as mean ± SD. 

 Mg Tb CCTb 

Fibre/trabecular thickness 

(µm) 
178 ± 2 195 ± 9 256 ± 76 

Fibre/trabecular spacing (µm) 245 ± 11 629 ± 89 455 ± 36 

Solid volume fraction 0.45 ± 0.02 0.26 ± 0.05 0.45 ± 0.13 

Solid surface density (mm-1) 5.9 ± 0.2 3.8 ± 0.5 4.6 ± 0.2 

Solid specific surface (mm-1) 13.1 ± 0.2 14.7 ± 1.1 10.9 ± 3.6 

Structure model index 1.7 ± 0.4 2.2 ± 0.2 0.6 ± 1.2 

Degree of anisotropy 2.2 ± 0.5 2.1 ± 1.0 3.1 ± 1.3 

Connectivity (mm-3) 38.4 ± 2.4 6.2 ± 0.8 3.4 ± 0.9 



80 
 

This was also observed on the porous network (Figure 3.3 II) where the pore distribution and diameter 

of Mg were more resembling CCTb. Mg and CCTb presented a majority of pores with a diameter ranging 

500-600µm while the pores of Tb appeared larger, about 900-1000µm. In terms of local volume fraction 

(Figure 3.3 III), all specimens exhibited a non-uniform distribution with areas of higher porosity (i.e. 

lower volume fraction). Comparing the pore network and volume fraction maps, it was found that these 

higher local porosities corresponded to a local accumulation of larger pores. 

 

Figure 3.3. (I) XCT reconstruction, (II) 3D pore network and (III) volume fraction map for representative (a) Mg; 

(b) Tb and (c) CCTb specimens. 

3.3.3. Digital volume correlation (DVC) 

The full-field third principal strain (εp3) distribution at different compression stages is reported in Figure 

3.4 and 3.5 for Mg, Tb and CCTb (20µm voxel size). Strain build-up was observed longitudinally in the 
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centre of Mg and CCTb and transversally displaced to the periphery (Figure 3.4 and 3.5 II). This strain 

distribution indicated that the structures were subjected to some buckling, which increased with further 

compression. It could be noticed how the strain distribution of Tb differed by being mainly localised in a 

central pack of trabeculae (Figure 3.5 I) leading to a global failure (Figure 3.2). However, although the 

strain pattern of Mg was closer to CCTb, their magnitude varied widely. At 6%, Mg scaffolds locally 

reached -13658 ± 5485µε, whilst CCTb reached -8564 ± 5801µε and Tb -3005 ± 1308µε. 

 

Figure 3.4. Full-field third principal strain (εp3) distribution and spacing maps where white ovals indicate partial 

pores closure (reduced local spacing) at (a) 1%, (b) 3%, (c) 6% and (d) 10% for a representative Mg scaffold (20µm 

voxel size). 

 

Figure 3.5. Full-field third principal strain (εp3) distribution at (a) 1%, (b) 3% and (c) 6% for a representative (I) Tb 

and (II) CCTb specimen (20µm voxel size). 
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Figure 3.6 shows the third principal strain (εp3) of Mg and Tb visualised at the fibre/tissue level (5 or 

3.5µm voxel size). The strain pattern of Mg (-22067 ± 8409µε at 6% compression) appeared to be 

similar to that of the apparent level with one major deformation area gradually distributed throughout 

the whole structure, which increased with further compression. In contrast, the strain distribution of Tb 

(-40120 ± 18364µε at 6% compression) displayed multiple accumulation regions, where the presence 

of microcracks was observed at 6% compression corresponding to the apparent plastic region of the 

mechanical curves (Figure 3.2). Such microcracks were not visible on Mg. 

 

Figure 3.6. Full-field third principal strain (εp3) distribution at (a) 1%, (b) 3%, (c) 6% and (d) 10% for a representative 

(I) Mg (5µm voxel size) and (II) Tb (3.5µm voxel size) specimen. Microcracks in Tb at the final compression step 

(6%) are indicated by arrows. 

As no microcracks were observed in the Mg scaffolds, a local morphometric analysis was carried out in 

order to explain its strain distribution. Based on the apparent full-field εp3 maps (Figure 3.4), two regions 

called “high-strain” and “low-strain” were defined and their morphometric parameters were computed 

(Figure 3.1). The results are presented in Table 3.3. Although all morphometric parameters seemed to 

suggest a local increase in porosity in high-strain regions compared to low-strain ones (i.e. a decrease 

in solid volume fraction, 0.48 vs. 0.44, and connectivity, 45.1 mm-3 vs. 38.8mm-3 for low-strain compared 

to high-strain regions), only the fibre/trabecular spacing presented a significant difference with a 

reduction from 248µm in high-strain areas to 217µm in low-strain ones. Furthermore, in the high-strain 

regions, partial pore closure was observed (Figure 3.4) with an average reduction in spacing from 248 

± 11µm to 238 ± 7µm for preload and 10% compression, respectively. 
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Table 3.3. 3D morphometric parameters of high (exceeding the absolute strain of 40000µε) vs. low (not exceeding 

the absolute strain of 10000µε) strain areas of Mg, based on the DVC full-field εp3 maps. Data are shown as mean 

± SD. *p<0.05 when comparing low-strain to high-strain. 

 High-strain Low-strain 

Fibre/trabecular thickness 

(µm) 174 ± 3 
178 ± 39 

Fibre/trabecular spacing 

(µm) 
248 ± 22 217 ± 12* 

Solid volume fraction 0.44 ± 0.03 0.48 ± 0.01 

Solid surface density (mm-1) 6.0 ± 0.3 6.4 ± 0.2 

Solid specific surface (mm-1) 13.7 ± 0.2 13.3 ± 0.6 

Structure model index 1.9 ± 0.3 1.6 ± 0.1 

Degree of anisotropy 2.8 ± 0.2 2.7 ± 0.3 

Connectivity (mm-3) 38.8 ± 6.1 45.1 ± 7.0 

3.3.4. SEM, EDX and EBSD 

The SEM images before and after compression of the Mg scaffolds at different magnifications are 

reported in Figure 3.7. Figure 3.7 a and b show how the fibres were randomly distributed to form a 

highly connected porous structure and no significant visual differences were observed before and after 

compression. At higher magnification, before compression, the surface of the fibres looked smooth and 

only a few large grains of about 50µm were detectable, as well as particle inclusions of about 2.3 ± 

0.9µm. (Figure 3.7 c). However, after compression, even though the grain sizes were similar, their 

boundaries were more visible. Two types of microdamage were identified at the fibre junction prior to 

compression (Figure 3.7 e and g). The first type, containing a high concentration of particle inclusions, 

was oriented in a single direction parallel to the fibres, whereas the second type had multiple 

orientations. After mechanical testing, the grain boundaries were accentuated and developed typical 

ductile damage patterns. However, no additional microcracks were observed in the Mg scaffolds when 

compared to the undeformed stage. 
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Figure 3.7. SEM images of Mg at different magnifications before (a,c,e,g) and after (b,d,f,h) mechanical testing. 

Grain boundaries are indicated by red arrows determined by EBSD inspections and particle inclusions by blue 

circles. 
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The EBSD results prior and post mechanical testing are detailed for the longitudinal (Figure 3.8) and 

transverse (Figure 3.9) sections of the Mg scaffolds. In the longitudinal section, both before and after 

compression, the fibres did not appear to be plastically strained. Moreover, no difference was observed 

in the distribution and magnitude of the degree of orientation of the grains after compression. However, 

in the transverse section, the grains were plastically deformed, even in the uncompressed condition. A 

slight increase in the degree of orientation of the grains was identified in the transverse section 

compared to the longitudinal one. On the maps (Figure 3.9 g), it was also observed how the degree of 

orientation was higher at the fibre junctions after compression. 

 

Figure 3.8. Microstructure and grain orientation of one fibre (a,d) with its corresponding pole figure (b,e) and 

orientation of one grain of the fibre (c,f), before (a,b,c) and after (d,e,f) mechanical testing in the longitudinal section. 

 

Figure 3.9. Microstructure and grain orientation of one (a and b) or two fibres (e) with its corresponding pole figure 

(c, f) and orientation of one grain of the fibre (d, g), before (a, b, c, d) and after (e, f, g) mechanical testing in the 

transverse section. 
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While the Mg content seemed to be uniformly distributed along the fibres, Zn, Y and Mn seemed to be 

more heterogeneous (Figure 3.10). In specific areas, especially at the fibre junction and grain boundary, 

a higher concentration of Y and Zn was observed. Despite keeping the specimens in glycerol to avoid 

direct contact between Mg and air, oxygen was observed (10-15%) on the fibres, especially at the 

fibre/resin interface. 

Figure 3.10. EDX mapping of (a) the fibre junction where fibre 1 and fibre 2 are indicated, (b) the grain boundaries 

and (c) the percentages of alloying elements. Black arrows indicate the Zn-Y rich particles at the grain boundaries. 

3.3.5. Nanoindentation 

The indentation modulus (Ei) and hardness (H) in uncompressed and compressed Mg, for the 

longitudinal and transverse sections, are presented in Figure 3.11. Before compression, the transverse 

section exhibited a higher indentation modulus (37.29 ± 1.59GPa) and hardness (1.26 ± 0.10GPa) 

compared to the longitudinal (32.26 ± 3.38GPa and 1.06 ± 0.18GPa, for indentation modulus and 

hardness, respectively). This difference highlighted an anisotropic mechanical behaviour with an 

anisotropic ratio of 1.2. 

A reduction in hardness and indentation modulus was noticed after compression in both sections (1.01 

± 0.21GPa and 31.05 ± 3.58GPa, 0.95 ± 0.01GPa and 30.09 ± 1.35GPa for the transverse and 

longitudinal sections, respectively). However, it seemed that this decrease affected the transverse 

section (reduction of 20%) more than the longitudinal (11%). 

Element At. % 

Mg 95.5 

Zn 1.5 

Y 2.3 

Mn 0.7 



87 
 

 

Figure 3.11. Indentation modulus Ei (left) and hardness H (right) before and after mechanical testing in longitudinal 

and transverse section. *p<0.001 when comparing uncompressed to compressed values on the same section; 

**p<0.001 and #p<0.05 when compared transversal to longitudinal values on the same mechanical condition. 

3.4. Discussion 

In this study, an innovative porous Mg-based scaffold produced by liquid-phase sintering of melt 

extracted Mg fibres and designed to promote bone regeneration in critical-sized defects was 

mechanically and morphometrically evaluated. This characterisation was conducted at different scales 

using in situ XCT mechanical testing coupled with DVC as well as electron microscopy-based methods 

(SEM, EBSD and EDX) and nanoindentation. The Mg scaffolds mechanical behaviour was 

characterized by a long strain hardening region without any apparent reduction of the stress (Figure 

3.2). It can be assumed that beyond the deformation range tested (up to 10%), this hardening phase 

will be followed by a densification phase where the pores would start to collapse [68]. Jiang and He [29] 

compressed 45-55% porous pure Mg structures up to 60% compression with a high-speed rate of 

1mm/min without any stress reduction. It therefore seemed that porous Mg scaffolds can withstand high 

deformation without global failure. 

Trabecular bone displayed its typical mechanical behaviour, with a linear elastic region followed by an 

increasing plastic deformation and failure. Based on the mechanical curves (Figure 3.2), the elastic-

plastic transition in bone occurred between 3-4% compression. This was consistent with the DVC third 

principal strain (εp3) maps (Figure 3.5 Ib), where, at 3% compression, the local areas approached -

9000µε and thus reached tissue yielding [69-70]. Moreover, microcracks were visible on higher 

magnification DVC maps, at 6% compression (Figure 3.6 IIc), when bone failed (Figure 3.2). Similar 

results in term of strain magnitude and distribution have been previously found in trabecular bone 

specimens extracted from vertebral body [32], condyles [30] and femoral diaphysis [34]. 

The apparent yield stress (2.06 ± 0.87MPa) and Young’s modulus (0.068 ± 0.028GPa) of Mg, in this 

study, were comparable to other Mg scaffolds in literature. Hedayati et al. [26] reported yield stress and 

Young’s modulus of 1.70MPa and 0.03GPa for 80% porous Mg-Mn alloys, whereas Toghyani et al. [71] 
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obtained values of 7.3MPa and 0.12GPa for 60% porous pure Mg scaffolds coated with an MgF2 layer. 

Zhang et al. [49] achieved an even higher yield stress and Young’s modulus, 22.67MPa and 0.23GPa, 

for less porous (35-55%) pure Mg scaffolds. In the present study, the yield stress for Mg was three to 

five times lower than Tb and CCTb, respectively (6.67 ± 1.75MPa and 9.77 ± 1.04MPa), as was the 

Young’s modulus (0.29 ± 0.08GPa and 0.41 ± 0.15GPa for Tb and CCTb, respectively) (Table 3.1). 

However, these values were still within the range of trabecular bone reported in literature; 0.01-2GPa 

for Young’s modulus and 0.2-80MPa for yield stress [72]. 

The accumulated strain by Mg visualised at fibre/tissue level was of the same order of magnitude as 

for Tb, but whilst it was largely spread over the Mg specimens (Figure 3.4 and 3.6 I), leading to the 

overall buckling of the structure at apparent level, a more localised distribution was observed for Tb 

(Figure 3.5 I and 3.6 II), resulting in a large local strain variation between Mg and Tb at apparent level 

(-13658 ± 5485µε and -3005 ± 1308µε at 6% for Mg and Tb, respectively) (Figure 3.4 c and 3.5 Ic). 

Additionally, the fact that Mg tended more towards the CCTb mechanical pattern, which is 

physiologically found in the proximity of bone defects, than Tb (Figure 3.2, 3.4 and 3.5 II) seemed to 

corroborate a suitable mechanical ability for critical-sized defects. Thus, although the Mg mechanical 

properties (e.g. Young’s modulus, yield stress) appeared to be lower than those of the bone tissues 

tested, its ability to deform without failing or forming microcracks at fibre/material level allowed the 

scaffold to accumulate higher strain. This ability to deform without fracture would be beneficial to prevent 

premature failure, especially during the first days of implantation, when the corrosion rate of Mg 

scaffolds is highest and the bone callus is forming [25], and would also lead to a more uniform strain 

distribution providing a better mechanical stimulus for bone regeneration [3,73,74]. Furthermore, the 

strain range employed to deform the Mg scaffolds exceeded, by one order of magnitude, the 

physiological strain of bone tissue generated in daily activities such as walking or running (500-2000µε) 

[75], suggesting that, in theory, the scaffold could also endure any high-intensity impact. 

The majority of morphometric parameters computed for Mg scaffolds fell within the range of trabecular 

bone [76,77] (Table 3.2). The two exceptions were connectivity, 38.4 ± 2.4mm-3 for Mg compared to a 

range of 1.3-4.8mm-3 for trabecular bone [78] and pore size, 550 ± 10µm for Mg compared to 1000µm 

for trabecular bone [79], as these two parameters must be kept within specific limits to bone scaffolds 

to allow appropriate osteoconductivity and therefore facilitate tissue regeneration [80,81]. Chang et al. 

[81] have shown, by in vivo implantation of porous hydroxyapatite blocks, that mineralized lamellar bone 

tissue was obtained with a pore size of 300-500µm. In fact, optimal pore size combined with a highly 

connected porous structure facilitates cell migration and bridging of bone fragments at the injured site 

[80]. Thus, the fully interconnected Mg structure and 550µm average pore size would offer the ideal 3D 

environment to promote critical-sized bone defect healing (Figure 3.3). Furthermore, a two-fold 

reduction in Mg pore diameter compared to trabecular bone resulted in a four-fold reduction in the load 

above which the fibres/trabeculae parallel to the load axis start to buckle and then fail [82]. Thus, the 

presence of smaller pores in the Mg structure contributed to a more efficient load transfer, preventing 

microcrack formation at fibre level [83]. Porosity is also strongly involved in the overall mechanical 

behaviour of highly connected Mg porous scaffolds. Mg structures with an overall porosity lower than 

40-42% tend to be more brittle and exhibit shear behaviour with cracks along the maximum shear 
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stress, while the porosity of the Mg scaffolds herein presented (50-60%) promotes a more ductile 

densification behaviour, thus tending towards optimised mechanical performances [84]. 

In order to further understand the Mg strain distribution, a local morphometric analysis was performed 

by targeting potential differences related to strain variations. Based on a direct comparison between 

high (exceeding the absolute strain of 40000µε) and low (not exceeding the absolute strain of 10000µε) 

strain regions, it was found that higher local porosity (fibre/trabecular spacing from 248µm to 217µm 

with connectivity from 38.8mm-3 to 45.1mm-3, for high and low-strain, respectively) contributed to higher 

local strain (Table 3.3), as previously observed for trabecular bone [85], bone-biomaterial systems [86] 

and metallic foams [83], where microarchitecture plays a fundamental role in their load-transfer 

mechanism. Thus, suggesting how a local variation of the morphometric properties led to a higher local 

deformation (Figure 3.4) that in turn guided the mechanical behaviour of the structure at apparent level. 

At the grain level, the EBSD results highlighted how some fibres were made of one single grain (Figure 

3.9 b) and thus, their microstructure seemed not to be subject to grain refinement due to the melt 

extraction process used, which allows rapid solidification and consequently a relatively homogeneous 

grain structure [50,51]. However, grain refinement was also observed in most fibres (Figure 3.8 and 

3.9) as a consequence of the use of liquid-sintering to fuse the fibres. Furthermore, although no 

microcracks were observed in the XCT images after mechanical testing, some defects could be 

detected by electron microscopy (Figure 3.7 e and g) prior to compression at the fibre junction, resulting 

from incomplete fusion between two fibres due to the accumulation of Y-Zn-rich particles and causing 

higher deformation areas after compression (Figure 3.7 h). The accumulation of such Y-Zn-rich particles 

was also found at the grain boundary (Figure 3.10 b), which is typical of the liquid-sintering process and 

has already been observed for various Mg alloys [26,47,87]. In particular, the significant impact of 

sintering conditions and especially the temperature was previously studied by Zhou et al. [87], where 

an increase in sintering temperature affected the distribution of the β-Mg17Al12 phase particles, more 

abundant along the grain boundary for AZ91 scaffolds. Thus, it could be observed how the sintering 

process was responsible for microdefects (i.e. grain refinement and incomplete melting at the fibre 

junction) by promoting the precipitation of Y-Zn-rich particles within the Mg-based scaffold (Figure 3.10 

b). However, it has been shown that, despite the accumulation of such particles at the fibre junctions in 

MgY4 (W4) alloys, the fibre bonds were still strong enough to avoid dislocation [18,50,51]. This was 

consistent with the results of this study, as no differences were observed after compression at the grain 

level (Figure 3.8 f and 3.9 g).  

Additionally, it appeared that only the fibres in the transverse section were plastically strained prior to 

mechanical testing during the sintering process (Figure 3.8 and 3.9). This induced a higher hardness 

and indentation modulus in the transverse section before compression at the nanoscale (Figure 3.11), 

reflecting how plastic deformation during the manufacturing process induced fibre anisotropy and 

changed their mechanical behaviour. The anisotropic ratio of 1.2 was relatively close to that of the 

trabecular bone (about 1.6), obtained by nanoindentation on undeformed trabeculae [42]. After 

mechanical testing, the indentation modulus and hardness of Mg were further reduced along the 

transverse section (17 and 20% of reduction, respectively), compared to the longitudinal (7 and 11% of 
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reduction, respectively). It was therefore assumed that microdamage occurred on the crystallographic 

level along the directional solidification of the fibres during the melt-extraction process. In addition, the 

liquid-sintering process by initiating Y-Zn-rich particles precipitation and microdefects formation, also 

contributed to the reduction of mechanical properties locally. The indentation modulus and hardness of 

Mg were relatively similar to those obtained by Witte et al. [39] for Al-Zn-Mg alloys (AZ91D) with 

hydroxyapatite particles as reinforcements (40GPa), as well as for others Mg-based alloys [43-45], but 

slightly higher than trabecular bone (15 to 20GPa) [41]. 

The set of results presented in this study highlight the importance of a multi-scale examination of Mg-

based scaffolds to better understand their mechanical behaviour after implantation and provide 

evidence that these scaffolds could be biomechanically suitable to act as a bone treatment for critical-

sized defects. However, this study has not explored the impact of corrosion on the mechanical and 

morphological properties of the scaffolds. Several authors have pointed out the crucial importance of 

tuning the corrosion rate with the bone regeneration ability in order to ensure sufficient mechanical 

support of the scaffold until the bone is fully restored [6,11,24,25]. A substantial deterioration in 

mechanical properties (e.g. Young’s modulus, yield stress) was observed when pure Mg scaffolds were 

immersed in simulated body fluid (SBF) in vitro and then mechanically compressed [88-89]. On the 

other hand, the use of specific chemical elements such as Y and Zn has been shown to significantly 

contribute to the strengthening of Mg-based scaffolds [24,25]. Li et al. [90] measured the variation in 

mechanical properties of Y-RE-Mg (WE43) alloys after in vitro corrosion in revised SBF. It was observed 

that the yield stress remained relatively constant up to 14 days, followed by a decrease at 28 days (from 

23MPa to 15MPa) while Young’s modulus increased during the first days of immersion, then decreased 

after 7 days to a value similar to that measured before immersion. The change in mechanical properties 

was mainly attributed to an increase in the amount of corrosion products and structural changes in 

some severely degraded struts. These results suggest that the Mg-based scaffolds herein studied 

should maintain their mechanical integrity after corrosion during the first days post-operatively, given 

that Y and Zn are part of their alloying composition. Subsequently, the bone tissue, guided by the Mg 

scaffold, will regenerate in vivo [18-22,54] providing a mechanically compliant bone-biomaterial system 

to counterbalance the decline in mechanical properties of Mg-alloy due to corrosion and to sustain the 

load up to the full bone restoration. 

Another major challenge concerning Mg-based implants relates to the in vivo release of hydrogen gas 

due to excessive corrosion rates [11]. In a similar scaffold design made of uncoated MgY4 alloy, Bobe 

et al. [18] observed the presence of gas cavities in proximity of the scaffolds 6 weeks post-implantation 

in a rabbit femoral condyle model, corresponding to a higher corrosion rate (0.6mm/year). However, 

after 12 weeks, the corrosion rate decreased to 0.08mm/year resulted in the absence of gas cavities; 

thus, suggesting control of hydrogen formation. Moreover, surface treatments and coating of the 

scaffolds are known to reduce the corrosion rates and thus, the evolution of hydrogen gas without 

impairing the mechanical properties [91]. Therefore, further investigation should be conducted 

accordingly to evaluate the mechanical and morphological changes in such Mg-based scaffolds 

following controlled in vitro as well as in vivo corrosion to fully characterize their suitability for the 

treatment of critical-sized bone defects. 
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3.5. Conclusions 

This study aimed to fully characterise the morphological and mechanical properties of open-porous Mg-

based (WZM211) scaffolds produced by sintering in order to evaluate their biomechanical suitability as 

bone substitutes in critical-sized defects. Various techniques, including in situ mechanical testing 

coupled with XCT imaging and digital volume correlation (DVC), electron-based microscopy and 

nanoindentation were successfully applied, allowing a multi-scale evaluation of these scaffolds. The 

results showed that at apparent level, the Mg scaffold exhibited slightly lower mechanical properties 

than trabecular bone but was highly ductile and able to accumulate a considerable amount of strain 

without global failure, while trabecular bone developed microcracks for similar strain levels. This 

behaviour could be explained by its highly connected porous network, which contributed to a more 

efficient load transfer at Mg fibre level. Ultimately, the investigated Mg porous scaffolds represent a 

valid bone replacement, capable of sustaining mechanical loads in situ during the first post-operative 

phase. 
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Chapter 4 – Influence of in vitro corrosion on the 

morphological and mechanical properties 
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Mg is one of the most electrochemically active metals, which makes it prone to corrosion and therefore 

to degradation and material loss. The subsequent changes in structure could have a significant impact 

on the mechanical integrity of the Mg-based scaffolds leading to critical failure. This chapter examines 

the in vitro corrosion pattern, including the degradation of the coating layer and formation of microcracks 

leading to material loss, during 2 weeks of dynamic immersion in a corrosive solution of HBSS 

employing SEM imaging techniques. To achieve closer physiological conditions, continuous in situ 

cyclic compression is applied to replicate the load generated on load-bearing bones by the patients’ 

locomotion during two months of post-surgery recovery. In situ XCT mechanics coupled with DVC is 

again performed and the results are compared with the previous chapter to assess the influence of the 

corrosion process on the mechanical and morphological properties of Mg-based scaffolds. 
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Abstract 

Magnesium (Mg) and its alloys are promising candidates for orthopaedic treatments due to their 

appropriate mechanical properties, closer to the bone than any other biomaterial. However, their 

successful application as biodegradable bone substitutes for critical-sized defects may be comprised 

by their high degradation rate resulting in a loss of mechanical integrity. This study investigates the 

degradation pattern after 2, 8 and 14 days of dynamic in vitro immersion in HBSS (Hanks’ balanced salt 

solution), including continuous in situ cyclic compression for 2 days of a unique open-porous fluoride-

coated Mg-based scaffolds. The influence of this degradation on the mechanical behaviour was 

assessed using scanning electron microscopy (SEM) and by coupling in situ high-resolution X-ray 

computed tomography (XCT) mechanics with digital volume correlation (DVC). The accumulation of 

corrosion debris between the scaffold fibres resulted in an overall increase in the material volume 

fraction (0.47 ± 0.03 and 0.52 ± 0.07 before corrosion and after 14 days, respectively) and a reduction 

in pore diameter (356 ± 56 μm and 302 ± 46 μm before corrosion and after 14 days). This apparent 

morphological densification led to an increase in mechanical properties after 14 days (89 ± 39 MPa and 

110 ± 38 MPa, Young’s modulus at 2 and 14 days, respectively) as well as lower third principal strain 

(εp3) accumulation (-91000 ± 6361 με and -60093 ± 2414 με after 2 and 14 days, respectively) whose 

distribution was mainly driven by localized material loss. The addition of in situ cyclic compression 
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induced acceleration of the corrosion rate that, despite an increase in material loss volume, led to 

enhanced mechanical performance. It appears, therefore, that these innovative scaffold design and 

composition display appropriate corrosion rate in vitro, favouring the preservation of their mechanical 

and structural integrity.  
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4.1. Introduction 

Bone is a unique organ with the ability to self-regenerate through physiological remodelling or in 

response to moderate injury, without the occurrence of scar tissue [1]. However, high-energy traumatic 

injuries, diseases, tumour resection or osteomyelitis are extreme clinical conditions that can alter the 

bone healing capacity leading to critical-sized defects resulting in non-union [2]. To meet the growing 

demand for non-union defect treatment, various bone repair methods have been developed, with 

autologous bone grafts being considered the gold standard, despite their many adverse effects, 

including donor-site morbidity, high non-union rate, limited availability and poor structural integrity [3]. 

Unlike calcium-phosphate (CaP) ceramics, which usually display low strength and brittle behaviour 

resulting in premature scaffold failure metallic biomaterials have emerged as an alternative [4] due to 

their enhanced mechanical properties, allowing support of the injured site under load-bearing conditions 

[5]. Stainless steel [6], titanium [7] and cobalt-based alloys [8] are the three mains metallic bioinert 

materials that have been extensively employed for permanent bone replacement [9], but their use as 

short-term implant to stabilise a bone during healing after a fracture remains controversial and often a 

second revision surgery is required to remove the implant after bone healing [10]. Using conventional 

metal alloys stress shield often results in sub-optimal bone formation. 

In this context, biodegradable metals offer a temporary solution able to mechanically maintain the 

integrity of the tissue for the first two months and then gradually degrade to allow blood vessel formation 

(angiogenesis) and bone regeneration enhanced by reduction in stress shielding [11,12]. More 

specifically, Mg-based alloys represent a promising combination of biodegradability, bone healing 

capacity and adequate mechanical properties [13], closer to those of bone than most other biomaterials 

[11,14], thus reducing the risk of premature failure [5] and stress-shielding [15]. In addition, Mg, the 

fourth most abundant cation in the human body [16], does not exhibit the common side effects of metallic 

biomaterials, such as cytotoxicity, inflammation or damage to the cardiac and nervous systems. [17,18]. 

However, Mg is one of the most electrochemically active metals, which makes it prone to corrosion [11] 

associated with high amounts of hydrogen released, leading to the formation of gas cavities in vivo 

[13,19]. Despite the fundamental importance of achieving an optimal corrosion rate, obtaining a 

controlled and adequate degradation rate remains challenging when using Mg scaffolds. Several 

strategies have been investigated to reduce the corrosion rate, including the addition of alloying 

elements [20-22] and the use of coatings [23,24], but, to date, in vivo studies show that Mg alloys are 

unable to combine durable biomechanical properties with an appropriate corrosion rate and the absence 

of gas cavity formation [25]. Therefore, enhanced Mg-based implants with an innovative combination 

of manufacturing processes [26,27], resulting in specific architecture, and alloy composition [4,21] need 

to be developed and tested to ensure their successful application in clinical practice. 

An assessment of the in vitro corrosion pattern of Mg-based scaffolds is fundamental to validate their 

ability to degrade with an appropriate corrosion rate without releasing excessive amounts of hydrogen. 

This evaluation has been extensively performed by means of weight loss measurements, hydrogen 

evolution and electrochemical analysis [28-33], however, although they allow quantification of the 

corrosion rate, they do not provide details of local morphological changes [34] which may impact tissue 

growth as the alloy degrades. To address these limitations, the use of X-ray computed tomography 
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(XCT) has emerged, providing a unique 3D insight into material degradation patterns in a non-

destructive way [35-38], as well as variations in microstructures derived from morphological changes 

[14,39,40]. 

Several authors have pointed out the crucial importance of tuning the corrosion rate with the bone 

regeneration to ensure sufficient mechanical support of the scaffold until complete bone regeneration 

[4,11-13]. In fact, substantial deterioration of mechanical properties (e.g. Young’s modulus, yield stress) 

is usually observed when pure Mg scaffolds are immersed in simulated body fluid (SBF) in vitro [41,42], 

potentially resulting in a premature failure in vivo. Such mechanical evaluations are traditionally 

performed using uniaxial compression or tension [28,32,43,44]; despite the information provided on the 

overall mechanical behaviour, the correlation between local microcrack formation induced by corrosion 

and the magnitude of deformation remains unexplored. Favourable local mechanics is crucial for 

achieving efficient load transfer, as the accumulation of local strain reduces the local mechanical 

efficiency and, consequently, the overall mechanical properties [14,45]. In situ mechanics coupled with 

time-lapsed high-resolution XCT and digital volume correlation (DVC) provides a powerful and unique 

tool for the experimental computation of 3D full-field strain distribution in bones [46-50], biomaterials 

[51] and bone-biomaterial systems [42,52]. However, to the authors’ knowledge, only one study has 

investigated the local mechanics and morphological changes of non-corroded Mg-based scaffolds using 

in situ XCT experiments and DVC [14]. 

Therefore, the purpose of this study is to employ SEM and XCT imaging combined with DVC to evaluate 

the in vitro degradation pattern of a unique Mg-based scaffold composition, produced by liquid phase 

sintering to be used as a treatment for critical-sized bone defects and to assess how the 3D full-field 

strain distribution and damage evolution were influenced by corrosion in vitro. 

4.2. Methodology 

4.2.1. Sample preparation 

The open-porous Mg-based scaffolds were composed of WZM211 (MgY 2 wt%, Zn 1 wt%, Mn 1 wt%) 

fibres and further details about its manufacturing process have been extensively reported elsewhere 

[19,53,54]. Briefly, single short fibres of approximately 4-8 mm in length and 100-250 μm in diameter, 

were produced by CME in a high-purity argon-6.0 atmosphere. The fibres were then sintered by liquid 

phase sintering at 10 K/min until 600 °C, followed by further heating at 3 K/min until 628 °C, held for 20 

minutes. Cylindrical samples (55% porosity) were cut by CNC machines to final dimensions of 10 mm 

in length and 6 mm in diameter. Finally, all samples were coated with a MgF2 layer using a conversion 

coating method where the fibres were boiled in a sodium hydroxide solution, resulting in a dense 

magnesium hydroxide layer, followed by immersion in 40% hydrofluoric acid [24,55]. 

4.2.2. In vitro corrosion 

 To asses dynamic corrosion samples were placed into the 2 cm3 wells of a mechanical stimulation 

system (MechanoCulture TR, CellScale, Canada) and fully immersed in Hank’s balanced salt solution 

(HBSS Gibco, ThermoFisher, US) circulating at a constant rate of 0.3 mL/min (peristaltic pump P-1, 

Pharmacia Biotech, US) [43]. The experimental set up was maintained at 37 °C and 5% CO2. The 
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specimens were exposed to dynamic corrosion for 2, 8 and 14 days (n = 3), referred as Mg2, Mg8 and 

Mg14, respectively. Additional 3 samples were subjected to continuous in situ cyclic mechanical 

stimulation up to 30 N at a frequency of 1 Hz [38], along with dynamic corrosion for 2 days, referred as 

Mg2c. The pH of the medium was recorded daily (Orion 8103BNUWP ROSS Ultra pH Electrode, 

Thermo Scientific, US) and maintained between 7-8. 

4.2.3. Electron microscopy 

The coating layer microstructure and composition were evaluated by scanning electron microscopy 

(5kV, SEM, EVO MA10, Zeiss, US) coupled with energy-dispersive X-ray spectroscopy (EDX, X-Max 

80, Oxford Instruments, UK). Surface observations, as well as cross-sectional examinations of the 

fibres, were carried out to assess the evolution of corrosion microdamage and the coating layer 

microstructure. The cross-sections were prepared using a water-free protocol [56]. The specimens were 

first embedded into a low-viscosity resin (EpoThin 2, Buehler, USA). They were then cut to expose the 

transversal sections of the fibres and polished with a polycrystalline diamond suspension (successively 

6, 3 and 1 μm) for approximately 5-8 minutes. A glycerol-based solution was employed as lubricant. 

4.2.4. In situ mechanical testing and XCT images 

Prior to in vitro corrosion, 3D images of the full non-corroded specimens were acquired by means of 

high resolution XCT (XTH-225, Nikon metrology, UK). 2400 projections were carried out over 360 ° at 

100 kV and 95 μA for a resulting voxel size of ~25 µm. 

Similar parameters were used to conduct in situ XCT mechanical testing on corroded Mg-based 

specimens; each extremity of which was embedded into acetal endcaps using a custom-made 

alignment system in order to minimize end-artifacts [57]. They were then placed in the loading stage 

(CT500 500N, Deben Ltd, UK) fitted within the X-ray microscope chamber. In situ uniaxial stepwise 

compression tests were performed with a speed rate of 0.2 mm/min at room temperature. A preload of 

10 N was first applied to ensure contact with the compression platens, followed by two repetitive scans, 

without repositioning, for estimation of the DVC strain uncertainty [58]. A single tomogram was then 

acquired at 1, 3, 6 and 10% apparent compression. All specimens were allowed to settle for 15 minutes 

prior to image acquisition to minimize image artifacts due to stress relaxation [47]. 

Young’s modulus was determined from the stress-strain curves by calculating the slope of the linear 

regression between σ30 or σ90, corresponding to 30 and 90% of the ultimate stress. The correlation 

value (R2) of the calculated slope was equal or superior to 99% in all cases [59]. The linear regression 

was then offset by 0.2% to calculate the yield stress. 

4.2.5. Image post-processing and morphometry 

The 32-bit XCT datasets were reconstructed with VGSTUDIO MAX (VGStudio MAX 2.0.5, Volume 

Graphics, Germany) and rigidly registered with a correlative metric in Avizo (Avizo 9.7, ThermoFisher 

Scientific, US) using the first preloaded image as a reference. Each image was cropped to include only 

the specimen structures in the field of view (~6 mm3) and converted to binary images using Otsu’s 

method [60]. 

The corrosion rate (CR) was estimated using the binary 3D tomograms and applying equation (4.1): 
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𝐶𝑅 =
𝛥𝑉

𝐴 ∗  𝛥𝑡
 

where A was the initial total surface area of the fibres exposed to corrosion computed using the BoneJ 

[61] module of Fiji [62], Δt the corrosion time (i.e. 2, 8 or 14 days) and ΔV the reduction in volume, equal 

to the difference between the initial non-corroded volume and the remaining volume. Corrosion maps 

were obtained by subtracting the registered binary image of non-corroded samples by the 

corresponding binary image of corroded samples before loading, resulting in the quantification of lost 

material volume. 

Morphometric properties, such as pore size and solid volume fraction, were computed and 

corresponding 3D maps were produced using the pore network and volume fraction map modules of 

Avizo. 

4.2.6. Digital volume correlation 

DVC (DaVis v10.0.5, LaVision Ltd, Germany) was performed between the first preloaded image and 

those at 1, 3, 6 and 10% apparent compression to compute the 3D full-field third principal strain (εp3) of 

the scaffolds while being stepwise compressed in situ. The DaVis software is based on a local cross-

correlation approach operating on the intensity values (grey-level) of the 3D images. Further details of 

the operating principles have already been reported elsewhere [49,63]. A multi-pass scheme with 

decreasing sub-volumes, from 110 to 20 voxel [64,65], and 0 % overlap [58] was used, followed by 

vector postprocessing, where sub-volumes with a correlation coefficient below 0.6 were removed. Strain 

uncertainties were found to be below 400 με in all cases [58,63]. 

4.2.7. Statistical analysis 

Differences in morphometric parameters were analysed by Kruskal-Wallis test. All statistics were 

performed using SPSS statistics (SPSS statistics 25, IBM, USA) and the significance level was  = 

0.05. 

4.3. Results 

4.3.1. Electron microscopy 

The surface of the non-corroded fibres appeared uniform without apparent microdamage (Figure 4.1 

Ia). Particle deposition started to occur after 2 days of in vitro corrosion in HBSS, along with the initiation 

of transverse microdamage, that progressively increased after 8 and 14 days, leading to critical fibre 

failure (Figure 4.1 Ic). The coating layer of non-corroded specimens showed an inhomogeneous 

covering, highlighted by the presence of micropores of 1-2 μm in diameter. After corrosion, the coating 

layer displayed a rougher surface, extensively fissured with high relief variations, contrasting with the 

smooth surface of the non-corroded coating. While the addition of in situ cyclic compression (Mg2c) led 

to increased particle deposition, the apparent surface of the coating was similar to that of Mg2 (Figure 

4.1 IIb and c). 

The transversal cross-sections of the fibres were exposed, showing a mixture of non-corroded and 

corroded fibres, as well as an accumulation of corrosion debris from 2 to 14 days. Once again, the 2-

(4.1) 
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day cyclic specimens showed a higher volume of corrosion particles trapped between the inner fibres. 

The structure of the residual corrosion particles was investigated in more detail using higher 

magnification and the images are shown in Figure 4.1 IV. Two different Mg structures were identified, 

with a highly irregular interface, and deep penetration of dark areas into brighter areas. Intense 

microcrack propagation occurred within the darker areas, starting from the edges of the fibre and then 

propagating towards the centre, while the brighter central areas were characterised by high-intensity 

particle deposition. Severe fragmentation of the outer layer and the formation of debris were observed 

at 14 days. 

EDX examinations (Figure 4.1 V) were performed to analyse the elemental content of particle deposition 

in contrast to the central regions of the fibres, defined as areas 2 and 1, respectively. Although Mg 

remained the main component in both cases, large variations in zinc (Zn) and manganese (Mn) content, 

which were lower in area 1, were observed. Besides these different proportions of alloying elements, 

additional chemical elements were found in area 2, such as calcium (Ca) and phosphorus (P), in high 

concentrations. 

 

Figure 4.1. SEM images of (I) the surface of the Mg fibres at 500X magnification and (II) higher 5kX magnification 

focusing on the coating layer indicated by blue squares in (I), as well as (III) 80X magnification and (IV)1kX 

magnification cross-sections targeting corrosion debris indicated by blue squares in (III) at (a) 0, (b) 2, (c) 2 cyclic, 

(d) 8 and (e) 14 days of in vitro corrosion in HBSS. (V) EDX spectrum of areas 1 and 2 delimitated by the two 

yellow squares in (IVd), investigating the non-corroded area and particle deposition, respectively. Red arrows 

indicate microcrack initiation and orange arrows brighter particle deposition. 
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4.3.2. Mechanical properties 

The stress-strain curves Mg2, Mg2c, Mg8 and Mg14 are reported in Figure 4.2. The curves displayed 

similar trends without obvious distinction between the different immersion times, except for Mg14#3 

where the apparent maximum stress reached at 10% compression was twice as high. The stress/strain 

curves started with a linear elastic region followed, at 2-3% compression, by a long strain hardening 

region where the stress increased up to 10% compression. No critical failure occurred in any of the 

samples. However, the mechanical properties (i.e. apparent Young’s modulus and yield stress) 

increased with immersion time (Table 4.1). Mg14 exhibited higher Young’s modulus and yield stress 

(Young’s modulus of 89 MPa and 110 MPa, and yield stress of 2.2 MPa and 3.0 MPa for Mg2 and 

Mg14, respectively). Interestingly, Mg2c showed a Young’s modulus closer to Mg2 (89 ± 34 MPa and 

86 ± 8 MPa for Mg2 and Mg2c, respectively), but yield stress as high as Mg14 (2.9 ± 0.5 MPa and 3.0 

± 1.3 MPa for Mg2c and Mg14, respectively). 

 

Figure 4.2. Compressive stress-strain curves of Mg-based scaffolds after 2, 2 cyclic, 8 and 14 days of in vitro 

corrosion. 

Table 4.1. Mechanical properties of Mg-based scaffolds after 2, 2 cyclic, 8 and 14 days of in vitro corrosion. Data 

are shown as mean ± SD. 

 Mg2 Mg2c Mg8 Mg14 

Young’s modulus E (MPa) 89 ± 34 86 ± 8 113 ± 37 110 ± 38 

Yield stress σ (MPa) 2.2 ± 0.6 2.9 ± 0.5 2.3 ± 0.4 3.0 ± 1.3 
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4.3.3. Corrosion rate and morphometry 

The corrosion rate was higher during the first 2 days of incubation, then seemed to decrease, although 

not significant, with longer immersion time (1.2 ± 0.2 mm/year and 0.6 ± 0.1 mm/year after 2 and 14 

days, respectively) reaching a plateau after 8 days maintained until 14 days (Figure 4.3 a). The fastest 

corrosion rate was obtained for Mg2c when in situ cyclic compression was applied in combination with 

dynamic immersion (2.3 ± 0.4 mm/year and 1.2 ± 0.2 mm/year for Mg2c and Mg2, respectively), and 

this was significantly higher (p < 0.05) than Mg8 and Mg14. In contrast, the amount of material loss 

volume increased significantly (p < 0.01) from 2 to 14 days (7.4% to 24.5% for Mg2 and Mg14, 

respectively). Mg2c, although subjected to a shorter corrosion time, achieved a similar material loss 

volume as Mg8 (Figure 4.3 b). In all cases, the material loss volume was heterogenous and occurred 

in restricted areas mainly located at the periphery of the scaffolds (Figure 4.3 c). 

 

Figure 4.3. (a) Corrosion rate and (b) material loss volume with immersion time. Data are reported as mean ± SD 

(n = 3). (c) Reconstructed XCT tomograms for a representative Mg-based specimen. Red areas indicate material 

loss after in vitro corrosion. * p<0.05 and # p<0.01 significant differences. 
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The immersion of the Mg-based scaffolds in HBSS solution induced local changes in microstructure. 

The initial structures displayed heterogeneous local volume fractions ranging from 0.15 to 0.50. In all 

cases these variations were amplified after in vitro corrosion (Figure 4.4 II), with the occurrence of 

denser local areas up to 0.70, were mostly found at the periphery of the scaffolds. Mg14 exhibited a 

significant (p < 0.05) increase in overall volume fraction compared to Mg2 (Figure 4.4 e) (increase of 

1.9 % and 9.7 % for Mg2 and Mg14, respectively). Mg2c also presented a significant (p < 0.05) increase 

in volume fraction, equivalent to that obtained for Mg14. 

The pore network also showed a heterogeneous distribution before corrosion with a majority of smaller 

pores in the centre of the scaffold and larger pores at the periphery (Figure 4.5 I). Despite local 

enlargement of the external pores from 450 μm before corrosion to 700 μm at 14 days after corrosion, 

the corrosion led to a significant (p < 0.05) overall reduction in pore diameter (Figure 4.5 e), which 

became more pronounced with longer corrosion times (reduction of 3.6 ± 0.4 % and 14.9 ± 1.6 % for 

Mg2 and Mg14, respectively). 

 

Figure 4.4. Volume fraction maps for a representative Mg-based specimen (I) before and (II) after (a) 2, (b) 2 

cyclic, (c) 8 and (d) 14 days of in vitro corrosion. (e) Variation in average volume fraction equal to the difference 

between the initial and post corrosion values. Data are reported as mean ± SD (n = 3). White ovals indicate local 

densification after corrosion. * p<0.05. 
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Figure 4.5. Pore network for a representative Mg-based specimen (I) before and (II) after (a) 2, (b) 2 cyclic, (c) 8 

and (d) 14 days of in vitro corrosion. (e) Variation in average pore diameter equal to the difference between the 

initial and post corrosion values. Data are reported as mean ± SD (n = 3). Red ovals indicate local pore diameter 

increase after corrosion. * p<0.05. 

4.3.4. Digital volume correlation 

Local third principal strain (εp3) distributions computed by DVC are shown in Figure 4.6. In all cases, the 

strain distribution was heterogeneous with large variations ranging locally from -10000 με to -150000 

με at 10% compression. However, the apparent high-strain region was evenly distributed in the core of 

the scaffold for Mg2 and Mg8, while Mg2c and Mg14 multiple areas of higher strains were located at 

the edges of the structures. A gradual increase in strain was observed across the compression steps 

in all cases (-4617 ± 2008 με and -63230 ± 17954 με in average for 1% and 10%, respectively). 

Interestingly, lower strain accumulation occurred with longer corrosion times, as well as in Mg2c (Figure 

4.6 V), where the average εp3 strain decreased from -91000 ± 6361 με to -60093 ± 2414 με and -40791 

± 1321 με after yielding at 10% compression for Mg2, Mg14 and Mg2c, respectively. 

A local structural analysis was carried out by examining the selected volume of interest of the preload 

XCT tomograms corresponding to the high (> -100000 με) and low-strain regions (≤ -100000 με) at 10% 

compression in order to explain their distribution. In all cases greater material loss and a lower volume 

fraction (Figure 4.6 e and f) were observed in the high-strain region compared with the low-strain region 

(0.3 and 0.5 average volume fraction in the high and low-strain regions, respectively). 
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Figure 4.6. Full-field third principal strain (εp3) distribution at (a) 1%, (b) 3%, (c) 6% and (d) 10% for a representative 

Mg-based specimen at (I) 2, (II) 2 cyclic, (III) 8 and (IV) 14 days of in vitro corrosion. (V) Normalized histogram of 

the average third principal strain after apparent yielding at 10% compression of the three specimens tested per 

corrosion time. Normalization was performed by dividing the number of counts by the mode (i.e. most frequent 

value) of each histogram. (e) Reconstructed XCT image where red parts indicate material loss and (f) volume 

fraction maps associated with high-strain (dotted black square) and low-strain (dotted red square) regions. 
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4.4. Discussion 

The aim of this study was to investigate the in vitro degradation pattern and its effects of a novel Mg-

based alloy produced by liquid phase sintering. Degradation was studied using SEM and XCT. In situ 

XCT mechanics, in combination with DVC, was used to measure the full-field third principal strain (εp3) 

distribution within the apparent elastic and post-yield regimes in order to evaluate the influence of the 

corrosion process on the mechanical and morphological performance of the scaffolds. Degradation was 

initially rapid with a corrosion rate of 1.22 ± 0.24 mm/year after 2 days and this then significantly 

decreased from day 2 to day 8 (0.58 ± 0.01 mm/year) to remain unchanged until day 14 (Figure 4.3 a). 

Although this trend is commonly observed when Mg-based materials are immersed in corrosion media 

[37,41,66,67], the corrosion values reported in this study were lower than those obtained with pure 

uncoated Mg [29,66], fluoride-coated [36] and various Mg alloys [19,68,69]. However, external 

parameters such as the composition of the solution employed [68,70,71] or the flow rate [72,73] can 

substantially influenced the corrosion rate and should be considered when comparing studies. In fact, 

Johnston et al. [73] observed a higher corrosion rate, associated with a more uniform corrosion pattern, 

under dynamic flow than in static immersion. Similarly, an acceleration of the degradation was induced 

by the application of in situ cyclic compression in SBF (simulated body fluid) due to the amplification of 

stress corrosion by continuous and repetitive loading [74,75]. The corrosion protocol implemented in 

this study combined a dynamic flow with in situ cyclic loading conducive to fast corrosion. Thus, the 

lower corrosion rates observed from 2 to 14 days, demonstrated the ability of this unique Mg-based 

scaffold to effectively resist in vitro degradation with most of the fibres remaining intact after immersion 

(Figure 4.1 III) and nearly 75% of the initial structure retained (Figure 4.3 b) resulting in an overall 

conservation of structural integrity. Moreover, although the highest corrosion rate obtained at 2 days 

cyclic (2.32 ± 0.37 mm/year) was comparable to the in vivo values of uncoated Mg-6Zn, Mg-2Sr and 

Mg-2Y-Zn (WZ21) for which hydrogen gas cavities were observed [29,67,76], the corrosion rates have 

been extensively reported to be much faster in vitro than in vivo [19,29,69,77]. It can therefore be 

expected that the corrosion rate of the present scaffold would be slower in vivo achieving a low level of 

degradation without the release of hydrogen [19,24,69]. 

The fluoride coating, still covering the fibres at 14 days, displayed a smooth surface up to 8 days, similar 

to the uncorroded state (i.e. before corrosion), but suffered from substantial changes in roughness at 

14 days (Figure 4.1 II). In fact, a sporadic deposit of particles started at 2 days and extended to cover 

the majority of the coating layer at 14 days. This round-shaped particles deposition has already been 

observed and attributed to calcium phosphate (CaP) particles [41,78,79], consistent with the EDS 

findings of this study (Figure 4.1 V), with a Ca:P ratio close to 1.67, suggesting hydroxyapatite 

formation. Therefore, besides providing a protective layer that slowed down the corrosion process 

(Figure 4.3 a), the fluoride coating promoted the deposition of hydroxyapatite crystals, crucial for the 

mineralization of bone tissue in vivo. A localized accumulation of corrosion debris, trapped between the 

central fibres of the scaffold, appeared from 2 days and increased at 14 days (Figure 4.1 III). SEM 

cross-section images revealed a fragmentation coating layer with irregular corrosion penetration 

through the fibres aligned with microcracks initiation (Figure 4.1 IV). Considering the heterogeneous 

and stripe-like shape of the corrosion pattern of a few microns thickness, we hypothesise that the 
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micropores found on the surface of the coating layer may initiate the corrosion process that continues 

by penetrating the fibres and forming corrosion microcracks that lead, with longer immersion time, in 

complete fibre failure (Figure 4.1 Id). 

The corrosion process was characterised by material loss that increased with immersion time (7.4 ± 

0.9% and 24.5 ± 2.5% of material loss from the initial volume at 2 and 14 days, respectively), and was 

mainly located at the periphery of the scaffold. The outermost pores of the structure, that were initially 

larger than the inner pores, underwent further enlargement from 430 to 750 µm on average (Figure 

4.5). However, despite this external local increase in porosity, the structure was subjected to overall 

densification after corrosion, including a reduction in inner pore diameter (reduction of 3.6 ± 0.4% and 

14.9 ± 1.6% at 2 and 14 days, respectively) and an increase in volume fraction (increase of 1.9 ± 0.1% 

and 9.7 ± 1.8% at 2 and 14 days, respectively) (Figure 4.4), principally due to the accumulation of 

corrosion debris. The three-dimensional arrangement of the scaffold represents a crucial factor in 

ensuring clinical success as this may enhance cell migration, invasion of blood vessels and bone 

formation. leading to enhanced osteoconductive properties [80,81]. Chang et al. [81] have shown, by 

varying the porosity and pore size of hydroxyapatite blocks implanted in vivo, that highly mineralized 

lamellar bone tissue was obtained with a specific pore size range of 300-500 μm. XCT tomograms on 

this Mg-based scaffold showed morphometric similarity to trabecular bone as we reported previously 

[14], and although the average pore diameter, which measured 550 ± 10 μm, was lower than trabecular 

bone (1000 µm) [82], it was within the range identified by Chang et al. [81]. In the present study, the 

overall porosity (Figure 4.4) computed after 14 days of immersion (48 ± 7%) still fell within the range of 

trabecular bone [83,84] and the average pore size (302 ± 46 µm at 14 days) within the optimal range of 

300-500 µm. Therefore, although corrosion induced structural changes over time, the resulting Mg-

based structure maintained a 3D environment conducive to bone formation. 

The Mg-based scaffolds exhibited similar mechanical behaviour regardless of immersion time, 

characterised by a linear elastic region followed by a long strain hardening without any apparent stress 

reduction or critical failures in the deformation range tested (i.e. up to 10% compression) (Figure 4.2). 

Similar trends have widely been observed with Mg-based scaffold under mechanical compression 

testing before [14,85-89] and after [28,32,41,90] corrosion. Gibson et al. [91] described the mechanical 

behaviour of cellular solids until failure and found that the hardening phase is usually followed by a 

densification phase whereby the pores start to collapse. This densification phase was also observed by 

Jiang and He [85] for pure Mg 45-55% porous structures (up to 60% compression at 1 mm/min); curves 

displayed a constant increase in stress as also described by Hedayati et al. [28] and Li et al. [90] after 

1 and 7 days of corrosion. Therefore, it was expected that the Mg-based scaffolds used in this study 

would withstand high deformation without global failure up to 14 days of corrosion and that beyond the 

deformation range tested, the hardening phase will be followed by a densification phase. 

Despite a significant material loss, higher apparent mechanical properties (Table 4.1) were observed 

after 14 days of corrosion compared to the initial samples or after 2 days of corrosion [14]. This variation 

correlated with the overall increase in volume fraction (Figure 4.4 e) and the reduction in pore diameter 

(Figure 4.5 e) due to the accumulation of corrosion debris in the structure (Figure 4.1). Thus, it appeared 

that the overall densification of the structure and the morphological changes caused by the degradation 
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process were involved in the enhancement of mechanical performance. Similarly, an increase in 

mechanical properties occurred with Y-RE-Mg (WE43) alloys immersed in SBF [90], Al-Zn-Mg (AZ63) 

and Mn-Mg (M2) alloys [28] in PBS during the early stages of corrosion (2 days and 5 hours, 

respectively), however, followed by a reduction of Young’s modulus and yield stress. In both cases, the 

temporary rise in mechanical properties was attributed to the accumulation of corrosion particles. In 

contrast, most studies investigating the influence of corrosion on the mechanical performance of Mg-

based materials reported a constant decrease in mechanical properties when subjected to compression 

[32,41,42], tension [31] and three-point bending [33]. However, although various chemical compositions 

were explored, none of these Mg-based scaffolds were coated, suggesting that the enhanced 

mechanical behaviour of the present scaffold may be due to its fluoride coating which reduced the 

corrosion rate. In addition, the entangled design of this structure (Figure 4.3 c) tended to retain the 

corrosion debris and preserved the mechanical integrity even after 14 days of corrosion. 

The third principal strain (εp3) accumulation decreased on average from 2 to 14 days (Figure 4.6 V), but 

was higher than measured in the non-corroded samples (-26243 ± 7870 µε, average εp3 at 10% 

compression) [14]. This suggested that during the first two days, when the corrosion rate was faster, 

the trade-off between the external material loss and internal accumulation of corrosion products was 

unfavourable resulting in lower mechanical performance, while after 2 days the structure regained 

strength and load bearing properties similar to that seen prior to corrosion. The strain distribution also 

displayed a more heterogeneous pattern after corrosion (Figure 4.6), while regions of high strain were 

largely spread over the structure before corrosion [14], they were more localised in specific areas after 

corrosion. Local morphometric observations revealed a higher volume fraction (Figure 4.6 f) as well as 

higher material loss (Figure 4.6 e) in the high-strain regions than in the low-strain regions, indicating 

that local variations in morphometric properties led to higher local deformations. It appeared therefore 

that the corrosion pattern, which caused structural changes, was actively and directly involved in the 

overall strain distribution and mechanical behaviour of the Mg-based scaffold. 

Corrosion studies on biodegradable metals are usually performed using static [19,28,30-33,68,69,90] 

or dynamic [37,41-44] flow, simulating physiological fluids in vivo, but the impact of repetitive loading 

remains unexplored. Only a few studies have combined in vitro dynamic immersion with in situ cyclic 

loadings to investigate the degradation pattern of Mg-based scaffolds [38,74,75], but an intense loading 

frequency (10 Hz) up to premature failure as well as a higher flow rate (65 ml/s) than physiological 

intraosseous blood flow rate [92] were used. The present corrosion protocol was designed in order to 

best approximate in vivo corrosion conditions by employing an appropriate flow rate and cyclic 

frequency averaging 150000 cycles, which is comparable to the number of steps taken by the patients 

during a recovery period of approximately 6 months. The addition of cyclic compression increased the 

corrosion rate, that in turn accelerated material loss, to levels comparable to those of 8 days (Figure 

4.3), apparent densification (Figure 4.4) and accumulation of corrosion debris (Figure 4.1). These 

structural changes caused enhanced mechanical behaviour, including higher Young’s modulus and 

yield stress) (Figure 4.2) without critical failure and lower εp3 accumulation (Figure 4.6), thus preserving 

mechanical integrity despite a corrosive environment. In addition, these mechanical values fell within 

the range of trabecular bone reported in literature; 0.01-2 GPa for Young’s modulus and 0.2-80 MPa 
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for yield stress [93]. This resemblance to trabecular bone and its ability to deform without fracturing 

would be beneficial in preventing premature failure in vivo, and would lead to a more uniform strain 

distribution, providing a better mechanical stimulus for bone regeneration [94,95]. Furthermore, the 

strain range employed to deform the Mg-based scaffolds after corrosion exceeded, by one order of 

magnitude, the physiological strain of bone tissue generated during daily activities such as walking or 

running (500-2000 με) [96], suggesting that, in theory, the scaffold would also endure any high-intensity 

impact. 

The accumulation of corrosion debris trapped within the inner pores of the scaffold, although beneficial 

for the preservation of mechanical integrity, could on the other hand interfere with bone growth during 

in vivo implantation. However, the results in Chapter 5, where Mg-based fibres were implanted in a 

canine maxillofacial model for up to 4 months showed that a significant amount of newly formed bone 

tissue was synthesized, thus ensuring complete regeneration of the tissue and recovery of the initial 

bone shape post-injury. This newly formed bone tissue was undergoing mineralized, which also 

suggests a recovery of bone function. It can therefore be assumed that bone regeneration starts at the 

edges and takes a few months to completely colonise the inner part of the scaffold, during which time 

the debris is mostly resorbed. 

4.5. Conclusion 

The purpose of this study is to evaluate the in vitro degradation pattern of a unique Mg-based scaffold 

composition, produced by liquid phase sintering and its influence on morphological and mechanical 

performance. The fluoride coating efficiently protected the Mg-based scaffold from severe degradation, 

resulting in a relatively low in vitro corrosion rate and preservation of the structural integrity after 14 

days of corrosion. The internal accumulation of corrosion debris contributed to the enhancement of the 

mechanical properties and to the reduction of the third principal strain accumulation under compression, 

whose distribution was mainly driven by localized material loss and decreased volume fraction. In 

addition, the optimal load transfer and resulting morphological parameters would tend to favour bone 

regeneration in vivo. Ultimately, the investigated porous Mg-based scaffolds provides a bone 

replacement, capable of sustaining mechanical loads in situ during the postoperative phase allowing 

bone formation to be initially supported by the scaffold and to transfer loads efficiently enhancing bone 

formation as the scaffold resorbs. 
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Chapter 5 – In vivo assessment of the osteo-conductivity 

and mechanical evaluation of the regenerated bone-

biomaterial system 
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In vivo corrosion rates have been extensively described as slower than in vitro corrosion rates, mainly 

due to the difficulties in mimicking the complex physiological processes and conditions in vitro. 

Therefore, an in vivo approach is needed not only to investigate the regenerative capabilities of 

biomaterials, but also to gain a more accurate assessment of their degradation pattern. This chapter 

evaluates the in vivo tissue ingrowth and mineral density distribution induced by Mg-based fibres from 

the micro to the macro scale, in comparison with commercially available bovine bone grafts and empty 

controls after their implantation in dog mandible critical-sized defects up to 4 months. High-resolution 

XCT mechanics coupled with DVC was employed to assess the in vivo degradation of the Mg-based 

fibres and the 3D full-field strain distribution and damage evolution of the bone-biomaterial system.
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Abstract 

Magnesium (Mg) alloys are of particular interest for application as degradable bone substitutes due to 

their appropriate mechanical properties, which are closer to bone than any other biomaterial. Once 

implanted, Mg implants must provide adequate mechanical support to maintain the integrity of the 

injured site while promoting bone ingrowth to ensure optimal tissue healing. The aim of this study was 

to assess the quality of bone regeneration in a dog model via high-resolution X-ray computed 

tomography (XCT) at 4, 8 and 16 weeks following the implantation of Mg-based fibres into critical-sized 

defects, and to compare these results to that induced by natural bovine bone grafts (BBG) and empty 

controls. At 16 weeks, mechanical characterisation was also performed on the defects using in situ XCT 

mechanics coupled with digital volume correlation (DVC). Mg promoted greater bone formation (bone 

volume fraction of 0.77 ± 0.15, 0.53 ± 0.07 and 0.45± 0.06 at 16 weeks for Mg, control and BBG, 

respectively). New bone formation combined with homogenous integration of the Mg fibres led to 

complete restoration of the defect. The newly formed bone showed mineralization (541 ± 50 mg HA.cm-

3), physiological remodelling (osteocytes cavities 426 ± 221 μm3) and angiogenesis after 16 weeks, 

enabling the Mg-bone system to support complete tissue healing and sufficient mechanical strength 

(3.32 ± 0.92 MPa and 152 ± 1 MPa for apparent yield stress and Young’s modulus, respectively) to 

support loading. This study provides evidence that these Mg-based fibres can promote osteointegration, 

osteoconduction and promoting the reconstruction of critical-sized defects while maintaining the 

mechanical integrity of the injured site. 
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5.1. Introduction 

Although bone tissue has highly efficient regenerative growth and remodelling processes [1], high-

energy traumatic injury, disease, tumour resection or osteomyelitis represent extreme bone healing 

clinical conditions altering these capacities and leading to critical-sized defects that can result in non-

union [2]. To address the growing demand for treatment of bone defects, current orthopaedic research 

focuses on the restoration or replacement of irreversibly damaged bone tissue by implantation of 

biodegradable materials [3]. Ideally, a biomaterial should mechanically sustain the injured site and then 

gradually degrade to allow cell invasion, blood vessel formation (angiogenesis) and bone formation, 

followed by remodelling required to complete the bone healing process [4]. 

Various bone repair therapies have been developed, with autologous bone grafts being considered the 

gold-standard [5]. However, autologous bone grafts suffer from adverse effects such as donor-site 

morbidity and limited availability [5,6]. Considering these complications, xenografts, bone tissue from 

non-human species, and bovine-based xenografts, have emerged as an alternative [7]. Despite their 

higher risk of disease transmission, immune-mediated rejection and their requirement to be processed 

and sterilised, resulting in reduced osteoinductive properties and a longer degradation rate [8], the 

abundance of such materials and their low manufacturing costs have made them a very attractive 

solution for treating bone critical-sized defects. 

Magnesium(Mg)-based alloys also offer a promising combination of biodegradability, bone healing 

capacity and adequate mechanical properties [9]. Mg, the fourth most abundant cation in the human 

body, whose physiological concentration is precisely regulated [10], does not exhibit the commonly 

occurring side-effects of metallic biomaterials, such as cytotoxicity, inflammation, cardiac and nervous 

system damage that can lead to premature implant removal [11-13]. In addition, its material properties, 

namely density (1.74-2.0 g.cm-3) and Young’s modulus (30-45 GPa) [3,14] are closer to those of bone 

(1.8-2.1 g.cm-3 and 3-20 GPa) than most other biomaterials. This similarity is of fundamental importance 

to promote appropriate mechanical support until the bone regains sufficient strength, optimising load 

transfer to avoid stress-shielding [15] thereby minimising the risk of premature failure [16]. 

The in vivo efficacy of Mg in promoting bone regeneration has been extensively documented [17-21] 

and after 12 weeks of implantation, high quantity of newly formed bone tissue is generally observed, 

suggesting enhanced bone mineralization and remodelling. Specifically, the release of magnesium ions 

(Mg2+) can influence the crystallization rate of calcium phosphate and subsequent formation and 

deposition of hydroxyapatite (HA) [22]. Mg alloys also promote bone tissue growth and remodelling [17-

20] by enhancing osteoblast differentiation, bone formation and angiogenesis [21]. Nevertheless, none 

of the Mg alloys investigated so far can fully combine the above requirements with appropriate corrosion 

rates and the absence of hydrogen release in vivo [22], fundamental to maintain the mechanical integrity 

of the injured site during osteogenesis. Therefore, new Mg-based implants, in particular innovative 

manufacturing processes [23,24] resulting in specific architectures combined with alloy composition 

[25,26] that is known to greatly influence their properties, need to be investigated to ensure their 

successful application in clinical practice. 

An assessment of the quality and quantity of regenerated bone tissue in critical-sized defects following 

biomaterial implantation is fundamental to validate their ability to promote bone healing. This evaluation 
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is usually carried out using histological techniques [19,20], which allow the examination of both hard 

and soft tissues, but often involve many preparation steps and restrict the analysis to a 2D evaluation 

only. In this context, the use of non-destructive X-ray computed tomography (XCT) has emerged 

providing a unique 3D insight into bone formation, material degradation patterns [27-29], bone-

biomaterial interactions as well as morphological changes in bone tissue during healing [30,31]. When 

used in combination with densitometric calibration phantoms, an accurate assessment of the 

distribution and degree of tissue mineralization can be achieved [32,33]. However, while the use of 2D 

or 3D imaging techniques enables the evaluation and quantification of bone regeneration, the 

biomechanical performance of the newly formed bone tissue remain unresolved. 

Traditionally, biomaterials or bone tissues are mechanically evaluated by uniaxial compression [34-37] 

and, although the stress-strain readings allow the investigation of their overall mechanical behaviour 

(e.g. Young’s modulus, yield stress), no specific information is provided on the local distribution and 

magnitude of strain that can lead to premature failure. Favourable local mechanics is crucial for 

achieving efficient load transfer from the implant into bone and optimal overall mechanical performance. 

The accumulation of local high strain levels favours microdamage initiation and progression within the 

tissue (e.g. microcracks) reducing the local mechanical efficiency and, consequently, the overall 

mechanical properties [14,30]. Uniform load transfer and sufficient mechanical stimulation were also 

reported to be highly beneficial for bone regeneration [38,39]. Recent clinical findings suggest that early 

weight-bearing after surgery induces necessary stimulatory strains without compromising the stability 

of fracture site [40,41]. In situ mechanics coupled with time-lapsed high-resolution XCT and digital 

volume correlation (DVC) has already been employed for quantifying the three-dimensional (3D) full-

field strain distribution in biomaterials [42,43], mature [44-47] and newly formed (woven) bones [30,31]. 

More specifically, Karali et al. [31] and Peña Fernández et al. [30] employed DVC to explore the strain 

pattern of regenerated bone tissue induced by external fixator placement or calcium-phosphate ceramic 

materials implantation. Large variation and heterogeneity of strain distribution were reported with high 

deformations located in the newly formed bone or close to the bone-biomaterial interface. However, to 

the authors’ knowledge, only one study has reported the local mechanical behaviour of Mg-based 

scaffolds using in situ XCT experiments and DVC [14], but its performance in a bone-biomaterial system 

following in vivo implantation has never been reported. 

Therefore, this study aims to use high-resolution XCT imaging to evaluate in vivo tissue ingrowth and 

mineralization, induced by a unique Mg-based fibre composition in critical-sized bone defects and 

combine this with in situ XCT mechanics coupled with DVC to assess the 3D full-field strain distribution 

and damage evolution of the bone-biomaterial system. 

5.2. Methodology 

5.2.1. Sample preparation and surgical procedure 

The manufacturing process of the Mg fibres has already been described elsewhere [17,48,49]. Briefly, 

the fibres were manufactured from WZM211 Mg alloy (MgY2wt%Zn1wt%Mn1wt%) by CME in a high-

purity argon-6.0 atmosphere resulting in single short fibres of approximately 4-8 mm in length and 100-

250 μm in diameter. After CME, all samples were coated with a MgF2 layer using a conversion coating 
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method where the fibres were boiled in a sodium hydroxide solution resulting in a dense magnesium 

hydroxide layer, followed by immersion in 40% hydrofluoric acid [50,51]. The subsequent coated fibres 

were gamma-sterilized prior to implantation by a cobalt-60 gamma-radiation with a total dose of 25 KGy 

(BBF, Sterilisationsservice GmbH, Kernen-Rommelshausen, Germany) [52]. 

Beagle dogs were selected as a maxillofacial bone animal model due to their similarity in structure to 

human facial bones. Teeth were removed and time allocated for regeneration to occur, then 5 mm 

diameter defects were cored into the mandibles. N=2 defects were created per hemi-mandible, the first 

defect being filled with Mg-based fibres and the second either with natural bovine bone grafts (BBG; 

Cerabone, Botiss dental, Germany) or left empty as a control. Metal screws were inserted adjacent to 

each defect to ensure primary support. At 4, 8 and 16 weeks post-implantation, the animals were 

sacrificed, the hemi-mandibles1 harvested and the surrounding soft tissue removed. N=8 hemi-

mandibles were obtained for each time point from N=4 dogs (both left and right sides each) and 

preserved in pure ethanol 1. 

5.2.2. Multi-scale XCT imaging 

A three-step multi-scale approach was used to assess the bone regeneration quality of the different 

defects. High-resolution XCT (Versa 520, Zeiss, US) was first performed (1.0x objective, 70 kV/5 W, 

1601 projections, 0.5 s exposure time) to include both defects of each hemi-mandible in the field of view 

(~7x7x4 cm3) achieving a resulting voxel size of 45 μm. Then, a higher magnification zoom-in was 

performed (0.4x objective, 70 kV/5 W; 2001 projections, 9 s exposure time, 6-7 µm voxel size) 

containing exclusively and entirely each defect in the field of view (~7 mm3). Finally, the interface 

between bone and biomaterials (~1.5 mm3) was imaged (4.0x objective, 80 kV/6 W, 2401 projections, 

20 s exposure time, 1.5 µm voxel size). 

5.2.2.1. Bone regeneration and external callus 

The 16-bit 6-7 µm voxel size images were used to evaluate the regeneration pattern of each defect. 

The noise was first reduced by a non-local mean denoising filter [53], then bone and biomaterials (i.e. 

Mg or BBG) were segmented individually using a 3-phases segmentation approach based on Otsu’s 

method [57], followed by manual segmentation to refine the voxel selection by removing any non-

bone/biomaterials voxels. The bone volume fraction (Bvf) calculated was slightly different from 

conventional BV/TV values [55], as the total volume has been subtracted by the volume occupied by 

the materials to only consider the volume where bone was able to grow and was, therefore, computed 

using the following equation (5.1): 

𝐵𝑣𝑓 =
𝐵𝑉

𝑇𝑉 − 𝑀𝑎𝑡𝑉
 

where BV refers to bone volume, TV to the total volume of the image and MatV to biomaterial volume 

(Figure 5.1). One of the surgical steps in implanting the biomaterials involved pressing the fibres or 

 

1 The surgical procedure was performed at Charles River Laboratories, Montreal ULC under local 
ethical clearance, further details unavailable at time of publication. 

(5.1) 
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granules into the defect to ensure that they would remain in place after the surgery. However, this step 

induced enlargement of some defects (i.e. Mg and BBG), up to more than twice their desired diameter. 

Thus, to minimise the influence of defect size on the regeneration process [56], the bone volume fraction 

values were adjusted according to the defect diameter (Bvf / Ødefect). 

Other than regenerated tissue within the defect, the external callus formed over the implantation time 

was also evaluated. The external callus was defined as the less dense bone tissue visible on the outer 

surface of the hemi-mandibles. Its thickness was measured on both sides (anteroposterior) of the 

defects on 2D cross-sections of 45μm tomograms using Avizo software (Avizo 9.7, ThermoFisher 

Scientific, US). 

5.2.2.2. Biomaterial degradation 

Biomaterial (i.e. Mg and BBG) volume fractions (Matvf) were calculated using equation (5.2): 

𝑀𝑎𝑡𝑣𝑓 =
𝑀𝑎𝑡𝑉

𝑇𝑉
 

To assess the degradation of Mg, the metallic (non-corroded) and corroded Mg segments were 

segmented separately. The corrosion of the Mg was quantified by analysing the upper range of their 

grey value distribution obtained from the full Mg-masked histograms. Metallic Mg had grey values equal 

to or slightly higher than those of the bone tissue. Thus, this range of grey values (1000-1700) was used 

to restrict the segmentation threshold to identify the voxels corresponding to the metallic Mg. The region 

of the grey value histogram attributed to the corroded Mg phase was then fitted using the sum of three 

Gaussian distributions following equation (5.3): 

𝑓(𝑥) = 𝑎1𝑒
(

−(𝑥−𝑏1)
𝑐1 )

2

+ 𝑎2𝑒
(

−(𝑥−𝑏2)
𝑐2 )

2

+ 𝑎3𝑒
(

−(𝑥−𝑏3)
𝑐3 )

2

 

with x being the grey value of the full Mg-masked histogram and f(x) the number of voxels. 

After segmenting the different Mg phases, its corrosion rate (CR) between week 4 and 8 or 16 was 

calculated according to equation (5.4) [50]: 

𝐶𝑅 =
𝛥𝑉

𝐴 ∗ 𝛥𝑡
 

where A is the total surface area of the fibres exposed to corrosion at week 4, Δt the corrosion time 

equal to the total implantation time subtracted by 4 weeks and ΔV the reduction in volume, equal to the 

difference between the initial non-corroded volume at week 4 and the remaining non-corroded volume 

at either week 8 or 16. 

5.2.2.3. Tissue mineral density 

A full tomogram of a densitometric calibration phantom (microCT-HA, QRM GmbH, Germany), housing 

five cylindrical insertions with different concentrations (0, 50, 200, 800 and 1200 mgHA/cm3) of 

hydroxyapatite (HA), was acquired using identical experimental settings employed to achieve the 6-7 

µm voxel size (0.4x objective, 70 kV/5 W; 2001 projections, 9 s exposure time) and used to calibrate 

the XCT grey-scale into tissue mineral density (TMD) [33]. The mean and peak TMD were calculated 

from the calibrated histograms. 

(5.2) 

(5.3) 

(5.4) 
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5.2.2.4. Osteocyte lacunae 

The background of the 16-bit 1.5 µm voxel size tomograms was segmented separately from the internal 

bone tissue cavities with a 3-phases segmentation approach based on Otsu’s method after the noise 

of the images was reduced using a non-local mean filter. Inter-connected regions within the bone (i.e. 

Haversian and Volkmann canals, inter-trabecular voids) were identified using the Avizo “axis 

connectivity” module and removed from the 3D volume to only include the osteocyte lacunae in the 

binary image. In addition, the “filter by measure range” module in Avizo was employed to exclude any 

segment with a diameter exceeding 20 µm [57,58]. The mean and standard deviation of the diameter 

of the osteocyte lacunae were then computed to assess the osteocytes cellular activity generally 

associated with woven bone formation. 

5.2.3. In situ mechanics 

Cylindrical cores of 6 mm diameter and ~7-10 mm length (N=3 per defects) containing the bone-Mg or 

bone-BBG structures, as well as native cortical-trabecular bone interface (CTb) away from the defects 

(i.e. not newly formed), were extracted from the hemi-mandibles at 16 weeks using a diamond coated 

drill tip under copious water irrigation and stored at -20°C. Cores around the control defects could not 

be obtained due to their high brittleness and the lack of regenerated bone in this region. The two 

extremities of each specimen were trimmed flat and parallel using a diamond coated circular saw and 

embedded into brass endcaps using a custom-made alignment system in order to minimize end-

artifacts during mechanical testing [59]. The resulting specimens had a reduced-section gauge length 

of ~6-8 mm. 

In situ uniaxial stepwise compression tests were conducted in a loading stage (CT500 500N, Deben 

Ltd, UK) fitted within the XCT chamber (XTH-225, Nikon metrology, UK), with a speed rate of 0.2 

mm/min at room temperature. The specimens were kept hydrated in PBS solution throughout the test. 

A preload of 10 N was first applied to ensure contact with the compression platens prior to testing; then 

two repeated scans were acquired, without repositioning, for estimation of the DVC strain uncertainty 

[60]. At each compression step: 2, 4 and 6% apparent compression, high-resolution XCT was carried 

out (120 kV, 115 μA, 2400 projections) and the resulting tomograms had a voxel size of ~20 µm. All 

specimens were allowed to settle for 10 minutes prior to image acquisition to reduce image artefacts 

due to stress relaxation [45]. 

Young’s modulus was determined from the stress-strain curves by calculating the slope of the linear 

regression between σ30 or σ90, corresponding to 30 and 90% of the ultimate stress. The correlation 

value (R2) of the slope was equal to or superior to 99% in all cases [61]. The linear regression was then 

offset by 0.2% to calculate the yield stress. 

5.2.4. Image post-processing and digital volume correlation 

The XCT datasets, obtained after in situ mechanics, were manually reconstructed with CT pro 3D 

software (CT pro 3D XT 4.42, Nikon metrology, UK) and rigidly registered with a correlative metric in 

Avizo using the first preloaded image as a reference. The noise was then reduced by a non-local mean 
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denoising filter [53]. Each 32-bit image was cropped to include only the bone or bone-biomaterial 

structures in the field of view (~6.5x6.5x6 mm3) and DVC was performed on the resulting images. 

In order to measure compressive strain, DVC (DaVis v10.0.5, LaVision Ltd, Germany) was performed 

between the first preloaded image and those at 2, 4 and 6% apparent compression to compute the 3D 

full-field third principal strain (εp3) of the bone-biomaterial systems while being stepwise compressed in 

situ. DaVis software is based on a local approach of cross-correlation operating on the intensity values 

(grey-level) of the 3D images. Further details on the operating principles have already been reported 

elsewhere [44,62]. A multi-pass scheme with decreasing sub-volumes, from 110 to 30 voxels [63,64], 

and 0% overlap [60] was used, followed by vector postprocessing, where sub-volumes with a correlation 

coefficient below 0.6 were removed. Strain uncertainties were found to be below 500με in all cases 

[60,62]. 

5.2.5. Statistical analysis 

Differences in external callus thickness, material volume fraction, TMD and osteocyte lacuna diameter 

were tested using the non-parametric Kruskall-Wallis test. Differences in corroded Mg volume fraction 

were analysed by one-way ANOVA with Bonferroni multiple comparison post hoc tests. All statistics 

were performed using SPSS statistics (SPSS statistics 25, IBM, USA) and the significance level was 

=0.05. 

5.3. Results 

5.3.1. Bone regeneration and external callus 

Both 45 and 6-7 μm voxel size XCT reconstructions for a representative specimen are shown in Figure 

5.1. The defects filled with Mg-based fibres showed a delay in bone regeneration at 4 weeks post-

implantation, with only a low amount of newly formed bone within the defect compared to the control 

and BBG filled defects. The Mg treated defects showed full restoration at 16 weeks while the control 

defects still showed unbridged central regions. Overtime, the Mg-based fibres were gradually integrated 

into the newly formed bone leading to a homogeneous distribution with only a few fibres remaining at 

16 weeks. In contrast, the BBG granules were still mostly present within the defect, and although the 

defects appeared to have been restored on the surface, only a thin layer of bone tissue (~ 1.5 mm thick) 

was regenerated, but not the entire defect (Figure 5.2). In all cases, no pathological gas cavities from 

hydrogen released from the Mg-based scaffolds were observed. 

The bone volume fraction (Bvf) has been computed for each defect using the 6-7 µm voxel size binary 

images and the results are displayed in Figure 5.3. Despite an overall increase in Bvf over the weeks 

for each of the defects, only Mg induced a significant increase (p<0.001), of about 160%, between 

weeks 4 and 16 (0.30 ± 0.16 and 0.77 ± 0.15, at 4 and 16 weeks, respectively). The control and BBG 

defects showed on average an increase of about 24-28% for the same period (0.42 ± 0.03 and 0.53 ± 

0.07, for the control defect, and 0.45± 0.06 and 0.55 ± 0.08, for BBG at 4 and 16 weeks, respectively). 

At 16 weeks post-implantation, Mg displayed a significant higher Bvf than control and BBG (p<0.05). 
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Figure 5.1. Hemi-mandible taken from beagle dogs where the dotted square represents the area within which the 

critical size defects were cored (I). XCT reconstruction of 45 and 6-7 μm voxel size tomograms where the dotted 

squares represent the volume of interest selected to acquire the 6-7 μm voxel size tomograms for a representative 

specimen of the (a) left and (b) right mandible of the same dog specimen at (II) 4, (III) 8 and (IV) 16 weeks of 

implantation. Bone tissue (BV), Mg-based fibres and BBG granules (MatV) are displayed in grey, pink and purple, 

respectively. 
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Figure 5.2. XCT cross-sections of the 6-7μm voxel size images at 16 weeks post-implantation for (a) Mg, (b) control 

and (c) BBG. Red arrows indicate corroded fibres/granules. 

 

Figure 5.3. Bone volume fraction (Bvf) for Mg, control and BBG at 4, 8 and 16 weeks after implantation. # p<0.001 

significant difference between 4 and 16 weeks for Mg; * p<0.05 significant difference compared to Mg at 16 weeks. 

The external callus was mainly developed around the metallic screws. The callus layer was easily 

recognizable at 4 weeks due to a clear difference in intensity with the highly mineralized native bone, 

while at 16 weeks it exhibited higher intensity on XCT images, making it almost similar to the native 

mandibular bone. Despite the lack of significant differences, probably due to wide inter-sample standard 

deviations, the thickness of the external callus seemed to decrease between weeks 4 and 8 in all cases, 

with a more pronounced reduction at 16 weeks for Mg only (Table 5.1). It also appeared thicker for Mg 

compared to both control and BBG at each time point. 

Table 5.1. External callus thickness of Mg, control and BBG over weeks post-implantation. Data are shown as 

mean ± SD (μm). 

 Mg Control BBG 

Week 4 1063 ± 549 604 ± 261 560 ± 219 

Week 8 732 ± 444 540 ± 135 357 ± 198 

Week 16 684 ± 251 552 ± 162 414 ± 150 
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5.3.2. Biomaterial degradation 

BBG occupied a significantly larger volume at each time point up to four times higher than Mg (0.20 ± 

0.06 and 0.04 ± 0.02, for BBG and Mg at 4 weeks, respectively). Furthermore, no apparent decrease 

was observed over the weeks (0.22 ± 0.01 and 0.20 ± 0.01, at 8 and 16 weeks, respectively) (Figure 

5.4), resulting in negligible degradation rate. Due to their variation in intensity on the XCT tomograms, 

the volume fractions of the metallic (non-corroded) and corroded portions of Mg could be computed 

separately, in addition to their total volume fraction. While the total volume fraction of Mg also stayed 

constant across the weeks, the corroded portion of the fibres followed a different trend, significantly 

increasing (p<0.05) between weeks 4 and 16 (0.01 ± 0.01 and 0.03 ± 0.01 at 4 and 16 weeks, 

respectively). The in vivo corrosion rate of Mg was relatively slow at 8 weeks with a decrease between 

week 8 and 16 (86.4% of reduction), ranging from 7.53 x 10-3 mm.years-1 to 1.02 x 10-3 mm.years-1. 

 

Figure 5.4. Material volume fraction (Matvf) for Mg total and BBG at 4, 8 and 16 weeks after implantation. The total 

Mg material volume fraction is divided into the corroded and the non-corroded Mg. * p<0.05 significant difference 

between 4 and 16 weeks for corroded Mg, ** p<0.01 significant difference compared to Mg total. 

5.3.3. Tissue mineral density 

The mean and peak-TDM were constant over the weeks for Mg, while they increased significantly for 

control and BBG, especially between weeks 4 and 8 (Table 5.2), also visible on the TMD distribution 

maps (Figure 5.5). Despite significantly higher mean and peak-TDM for Mg at week 4 compared to BBG 

and almost similar to control, they were significantly lower than both BBG and control at week 16 

(p<0.05). The TDM distribution maps generally highlighted the presence of less mineralized bone tissue 

in proximity of the defect, gradually replaced by more mineralized tissue. However, differences were 

found between the defects, such as a larger volume of low-mineralized tissue (i.e. below 250 mg HA.cm-

3) located on the surface of the defects filled with Mg-based fibres, as opposed to BBG and control that 

showed minimal low-mineralized tissue mainly at the periphery of BBG granules. Those larger variations 

were also reflected by higher standard deviations for the average and peak-TDM of Mg than BBG and 

control. 
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Table 5.2. Tissue mineral density parameters (Mean and Peak-TDM) of Mg, control and BBG during the weeks 

post-implantation. Data are shown as mean ± SD (mg HA.cm-3). # p<0.05 significant difference between 4 and 8 

weeks for control; * p<0.05 significant difference from 8 and 16 weeks for BBG; † p<0.05 significant difference from 

other defect types for a same time point. 

  Mg Control BBG 

Week 4 

Mean-TDM 552 ± 24 558 ± 21# 521 ± 23*† 

Peak-TDM 586 ± 21 607 ± 20# 545 ± 29*† 

Week 8 

Mean-TDM 534 ± 38† 669 ± 10 643 ± 59 

Peak-TDM 569 ± 33† 678 ± 9 649 ± 37 

Week 16 

Mean-TDM 541 ± 50 607 ± 12 657 ± 11† 

Peak-TDM 574 ± 49 627 ± 4 664 ± 15† 

 

Figure 5.5. XCT reconstruction of 6-7 μm voxel size tomograms showing tissue mineral density distribution for a 

representative (a) Mg, (b) control and (c) BBG specimen at (I) 4, (II) 8 and (III) 16 weeks after implantation. 
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5.3.4. Bone-biomaterial interface and osteocyte lacunae 

The 1.5 μm voxel size images are shown in Figure 5.6 and were first used to investigate the bone-

biomaterial interfaces, providing insights into their interaction and the osteoconductive ability of the 

biomaterials. Consistent with the material volume fraction measurements, BBG granules occupied a 

larger volume than the Mg-based fibres and was almost equal to the surrounding newly formed bone 

from week 4 to week 16. Bone ingrowth was observed in all cases, but the tissue started to be tightly 

integrated with the remaining Mg-based fibres at week 8, while a 20-70 μm gap occasionally separated 

it from the BBG granules. Increased new bone formed between fibres at week 16. In both cases, the 

newly formed bone appeared structurally similar to that of control defects with the presence of pores of 

varying diameters. Two micropore diameters were observed within the bone tissue at 16 weeks, small-

sized pores (i.e. less than 20 µm) and larger pores (i.e. exceeding 20 µm). Finally, a thin and brighter 

layer averaging 15 µm, was seen surrounding the Mg-based fibres. 

 

Figure 5.6. 1.5 μm voxel size XCT cross sections showing the bone-biomaterial interface for (a) Mg, (b) control 

and (c) BBG at (I) 4, (II) 8 and (III) 16 weeks post-implantation. (d) Zoom-in cross sections of the volume of interest 

indicated by the black dashed squares. Black arrows indicate the brighter layer formed around the Mg-based fibres, 

red arrows small micropores and blue arrows larger pores. 

These images were then segmented to calculate the size of osteocyte lacunae and the results are 

presented in Figure 5.7. Mg, control and BBG osteocyte lacunae diameter displayed significantly 

different trends over the weeks. Mg and BBG maintained an overall increase in size for each time point 
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(4.2 ± 0.9 μm vs. 4.5 ± 1.0 μm and 7.4 ± 1.4 μm vs. 6.1 ± 1.3 μm at 4 and 16 weeks for Mg and BBG, 

respectively). The lacunae dimensions for control decreased from 8.3 ± 2.0 μm up to 3.7 ± 0.7 μm at 4 

and 16 weeks, respectively. Comparing the different treatments, control exhibited a larger diameter 

than Mg and BBG at 4, but at 8 and 16 weeks, the Mg lacunae became larger. 

 

Figure 5.7. Normalized diameter of the osteocyte lacunae for Mg, control and BBD at 4, 8 and 16 weeks post-

implantation. Normalisation was performed by the bone volume * p<0.001 significant difference between the 

defects for a same time point; # p<0.001 significant difference between the weeks for a same defect. 

5.3.5. Mechanical properties and digital volume correlation 

The stress-strain curves, shown in Figure 5.8, displayed similar trends with an initial linear region 

followed by a reduction of the slope, characteristic of elastic-plastic behaviour. This transition occurred 

around 3-4% apparent compression for Mg, 4-5% for BBG and after 5% for CTb. No stress reduction 

after yielding or critical failure was observed in all cases, but rather a strain hardening region with large 

variations in yield (Table 5.3) and ultimate stress reached at 6% apparent compression (Figure 5.8). 

Mg also exhibited lower apparent Young’s modulus than BBG and CTb (with the exception for CTb#3). 
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Figure 5.8. Compressive stress-strain curves of bone-Mg, bone-BBG and native mandibular bone (CTb). 

Table 5.3. Apparent mechanical properties of bone-Mg, bone-BBG and CTb. Data are shown as mean ± SD. 

 Mg BBG CTb 

Yield stress (MPa) 3.32 ± 0.92 7.50 ± 4.10 8.06 ± 2.18 

Young’s modulus (MPa) 152 ± 1 257 ± 88 238 ± 8 

DVC was performed on the XCT images to compute local third principal strains (εp3) and their 

distribution are shown in Figure 5.9. A regular increase in strain, heterogeneously distributed, was found 

across the three compression steps in all cases. Mg exhibited higher strain than both BBG and CTb (-

16500 ± 9000 με, -6000 ± 3500 με and -9500 ± 8500 με for Mg, BBG and CTb at 4% compression, 

respectively). Higher local strains were found in the newly formed bone of the bone-Mg system, in which 

the remaining Mg-based fibres were homogeneously integrated. Visual investigation of 2D cross-

section images in highly strained regions revealed how microcracks occurred within the Mg-based fibres 

(i.e. locally exceeding -40000 με at 6% apparent compression), but not within the newly formed bone 

which remained intact. In contrast, strain build up took place locally in the cortical bone shell of the 

bone-BBG specimens associated with microcracks initiation at 6% apparent compression, while the 

BBG granule cluster, located in the centre of the specimens, induced lower strains without apparent 

microdamage. 
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Figure 5.9. Full-field third principal strain (εp3) distribution at (a) 2%, (b) 4% and (c) 6% for representative (I) bone-

Mg, (II) bone-BBG and (III) CTb specimens. The BBG granule cluster is indicated by white dashed lines. (d) XCT 

cross-sections showing highly strained areas within the bone-biomaterial systems. Blue arrows indicate 

microcracks within the Mg fibres (red) and bone (blue). 

5.4. Discussion 

In this study multi-scale high-resolution XCT imaging was used to investigate the bone regenerative 

ability of an innovative Mg-based fibre composition produced by crucible melt extraction (CME), 

implanted into critical-sized defects in dog mandibles. In situ XCT mechanics in combination with DVC 

was also employed to obtain the full-field third principal strain accumulated in the bone-biomaterial 

systems within the apparent elastic and post-yielding regimes in order to evaluate its biomechanical 

performance during the healing process. 

Higher external and internal bone ingrowth were induced by Mg than by BBG granules (i.e. xenograft 

material) resulting in restoration of continuity of the critical-sized defect 16 weeks post-implantation 

(Figure 5.1 and 5.3). Xenografts, despite their higher risk of disease transmission [8], have 

demonstrated their in vitro [65,66] and in vivo [67-70] abilities to promote bone tissue healing. However, 

slow degradation of bovine bone graft post-implantation has been observed in long-term in vivo studies 

[61,71,72], where particles were still detectable up to 14 years after implantation, affecting the full 
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restoration of bone defects. Similar findings emerged from this medium-term study, as the volume 

occupied by BBG granules stayed constant over the experiment (Figure 5.4), indicating a negligible 

degradation rate, with many granules still present within the defects 4 months after surgery. In addition, 

the granule architecture had an overall larger volume than the Mg fibres, therefore generating volumetric 

crowding not beneficial for bone growth and angiogenesis [73,74], preventing the full restoration of 

tissue integrity and enabling only a thin surface layer of bone to form (Figure 5.2). In contrast, the more 

elongated shape and smaller size of the Mg fibres seemed to allow a closer interaction with the newly 

formed bone (Figure 5.6), while a 20-70 μm gap occasionally separated bone and BBG granules, and 

deeper bone penetration in which the remaining fibres were homogenously distributed (Figure 5.1). 

Appropriate size and architecture are not the only reasons for an efficient tissue healing. Material 

properties and especially the release of Mg2+ ions during the biodegradation process have been often 

considered essential for bone regeneration, via the activation of the Wnt signalisation pathway [75] and 

CGRP local neuronal production, that in turn lead to osteogenic differentiation of mesenchymal stem 

cells [76] as well as angiogenesis [21]. Similarly, in this study, larger cavities and osteocytes lacunae 

(9.0 ± 1.7 μm, 8.3 ± 1.5 μm and 8.0 ± 1.7 μm at 16 weeks for Mg, control and BBG, respectively) were 

detected after implantation of the Mg-based fibres (Figure 5.6), indicating blood vessels formation and 

active bone remodelling required for restoration of the bony defect. 

At tissue level, the Mg-based fibres were surrounded by a thin layer of higher intensity on XCT 

tomograms (Figure 5.6 d). Equivalent bright homogenous deposits covering Li-Al-RE-Mg alloys 

(LAE442) were also identified by Kleer-Reiter et al. [28] and attributed to calcium and phosphorus 

accumulation after SEM/EDX inspections. However, despite this tendency to favour local mineral 

apposition, lower average-TMD were induced by Mg-based fibres than by BBG and control (Table 5.2 

and Figure 5.5), reflecting an overall delay in tissue mineralization. Two factors may explain this 

variation in hydroxyapatite content; firstly the BBG granules mainly consisted of CaP molecules 

providing an abundant source of minerals to produce hydroxyapatite crystals essential for bone 

mineralization and secondly the Mg-based fibres induced a higher volume of newly formed (woven) 

bone that was still growing at 16 weeks (Figure 5.3), whereas both BBG and control exhibited limited 

bone ingrowth and had already reached their peak of induced bone volume at 8 weeks, thus enabling 

the mineralization process to completed at 16 weeks. It can therefore be speculated that in the weeks 

following the last time point evaluated in this study, the bone formation promoted by Mg will also attain 

a mineral content similar to the physiological level of the lamellar bone. 

The corrosion rates of the Mg-based fibres, 7.53 x 10-3 mm.years-1 and 1.02 x 10-3 mm.years-1 at 8 and 

16 weeks, respectively, were comparatively one to three order of magnitude lower than those obtained 

in other studies [17,18,77-81]. Uncoated Mg-Y (W4) scaffolds, studied by Bobe et al. [17], were 

manufactured from similar fibres, but showed higher corrosion rates of 0.16 mm.years-1 and 0.08 

mm.years-1 at 6 and 12 weeks, respectively, after implantation in medial femoral condyles of rabbits. 

This excessive and fast degradation resulted in the release of large amounts of hydrogen, leading to 

gas cavities formation in the proximity of the scaffold. Comparable corrosion rates and the presence of 

gas cavities were also found after in vivo implantation of various uncoated Mg-based alloys 

[77,78,80,81], as well as highly pure Mg [78]. Although the alloy composition has a valuable influence 
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on the degradation pattern [18], coatings also have a major contribution in slowing down the corrosion 

rate [82]. Witte et al. [50] investigated the influence of fluoride (MgF2) coatings on the in vivo degradation 

of Mg-Li-Al-RE (LAE442) at 2, 4, 6 and 12 weeks after implantation in rabbit medial femoral condyle. 

Besides the absence of gas cavity formation, they demonstrated the abilities of the MgF2 layer to reduce 

the corrosion rate from 0.43 mm.years-1 to 0.14 mm.years-1 at 6 weeks for uncoated and coated 

specimens, respectively. However, it was suspected that the release of rare earth elements (i.e. 

neodymium, cerium, lanthanum and praseodymium) may have caused the pathological changes in the 

liver revealed by histological analysis. Therefore, the alloy composition used in this study combining 

Mg, Zn [83], Mn [84] and Y [85,86], known to be effective in slowing down the degradation process, 

along with a fluoride coating seemed highly beneficial for the reduction of the corrosion rate, minimizing 

the release of hydrogen and thus, the occurrence of gas cavities, as no such cavities were detected 

from the XCT images (Figure 5.1). In addition, an appropriate corrosion rate ensures that sufficient 

material is left within the defect to maintain its mechanical integrity during the first weeks post-

operatively until enough bone tissue is formed. 

The bone-Mg and bone-BBG specimens displayed an overall mechanical behaviour similar to that of 

native bone harvested away from defects in the intact regions of the mandibles (Figure 5.8), 

characterized by a linear elastic region followed by a long strain hardening without any apparent stress 

reduction or critical failures in the deformation range tested. Similar behaviour is generally observed 

when Mg-based materials are mechanically compressed up to 70% of apparent compression [36,87-

89], especially with sintered fibre-based scaffolds that exhibit highly ductile behaviour able to 

accumulate large amounts of strain without failing [14]. Based on the mechanical curves, the elastic-

plastic transition occurred between 4-5% and after 5% for BBG and CTb, respectively, in line with the 

DVC third principal strain (εp3) maps (Figure 5.9) showing that at 4% apparent compression, tissues 

locally approached -9000 με, thus reaching the yield point [90,91]. Bone-Mg experienced earlier overall 

tissue yielding (Figure 5.8), between 3-4%, as well as lower Young’s modulus and yield stress than 

both BBG and CTb (3.32 ± 0.92 MPa, 7.50 ± 4.10MPa and 8.06 ± 2.18 MPa, yield stress for Mg, BBG 

and CTb, respectively), whilst remaining within the range of trabecular bone tissues reported in 

literature; 0.01-2 GPa for Young’s modulus and 0.2-80 MPa for yield stress [92]. 

The strain accumulated by Mg was on average higher than that of BBG and CTb (-16500 ± 9000 με, -

6000 ± 3500 με and -9500 ± 8500 με for Mg, BBG and CTb at 4% apparent compression, respectively) 

for each compression step. Similar strain intensities for newly formed bone, higher than those achieved 

by mature bone tissues [14,44,45], have also been reported following implantation of synthetic calcium-

phosphate ceramics and bioglass [30], BMP-collagen systems and autografts [32] or the application of 

external fixations [31]. The primary reason for this disparity between bone-Mg and bone-BBG strain 

intensities was the variation of bone tissue composition induced by the biomaterials at 16 weeks post-

implantation. The correlation between higher mineral content and higher mechanical strength has been 

widely demonstrated [93,94]. It was therefore not surprising that the bone-Mg system, not fully 

mineralized (Figure 5.5), exhibited higher overall deformation. Secondly, the volume occupied by the 

BBG granules stayed constant over the weeks (0.19 ± 0.06 and 0.20 ± 0.01 at 4 and 16 weeks, 

respectively) indicated poor biodegradation (Figure 5.4), leaving a large cluster of granules in the centre 
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of the defect actively involved in load transfer, and participating in the strengthening of the overall bone-

biomaterial system. Furthermore, the specimens were extracted around the critical-sized defects, 

consequently, the influence of the ancillary tissues, especially the external callus formed on the outer 

surface of the mandibles, was not addressed, although the thicker layer induced by the Mg fibres (Table 

5.2) would have been beneficial in contributing to better load transfer and thus, reducing inner 

deformations within the defects [95,96]. Ultimately, the strain range employed to deform the bone-Mg 

systems exceeded, by one order of magnitude, the physiological strain of bone tissue generated in daily 

activities such as walking or running (500-2000 με) [97], suggesting that, in theory, the scaffold could 

also endure any high-intensity impact. 

Both BBG and CTb experienced larger fluctuations in their mechanical properties (Table 5.3) and 

behaviour (Figure 5.8) due to variations in volume fraction between BBG granules/bone or 

trabecular/cortical tissue, leading to disparate structures. Instead, Mg values and trends were kept in a 

narrower range owing to the uniform distribution of the remaining fibres (Figure 5.2), closely integrated 

with the bone tissue (Figure 5.6). This consistency in bone-Mg architecture led to a more homogenous 

strain distribution, mainly found within the newly formed bone tissue. In contrast, the highly strained 

regions were heterogeneously distributed in bone-BBG specimens, localized in the cortical bone 

enveloping the BBG granule cluster, demonstrating their inefficiency in transferring the applied 

mechanical load. Local concentration of high strains, exceeding bone tissue yielding [90,91], led to the 

development of microcracks within the bone that might result in premature failure. Moreover, this study 

focused on critical-sized defects located at the interface between the cortical and trabecular bone in 

mandibles, such structures have demonstrated improved strength to high compression before failure 

[14.45] compared to trabecular bone alone [98]. In this sense, a more critical scenario can be expected 

if BBG granules are implanted within fully trabecular bone tissue under load-bearing conditions as in 

the femoral head and condyles. Finally, the Mg-based fibres, by ensuring optimal and more uniform 

load transfer through the critical-sized defect, as well as higher strains than physiological range, provide 

a better mechanical stimulus for tissue regeneration [38,41] that might also explain their higher bone 

ingrowth, thus initiating a beneficial cycle leading to full tissue integrity restoration. 

Despite an appropriate tissue host response with the absence of local tissue inflammation, the 

biocompatibility of Mg at the whole-body level as potential organs dysfunction was not assessed in this 

study. However, the physiological concentration of Mg ions (Mg2+) is so accurately regulated [10] that it 

is unlikely to reach toxic levels and induce complications from Mg overdose [4,26]. Histological 

evaluations [99,100] have been extensively performed to evaluate potential toxicity to various organs 

(i.e. liver, kidneys, brain, spleen and heart) after implantation of Mg-Zn-based alloys up to 3 months 

post-operatively, as well as blood biochemistry analysis [101] to monitor its physiological concentration, 

white blood cells and markers of liver and renal dysfunction levels. In all cases, no pathological changes 

were observed. Yttrium (Y) was the only non-physiological element present in the composition of the 

Mg-based fibres (2%wt) of this study, therefore its use in implantable materials may raise concerns. 

However, in vivo studies revealed no adverse effects following the implantation of Mg-Y-based alloys 

(i.e. WE34 and WZ42), as long as its overall concentration is kept below 4%wt [102,103]. Thus, these 



147 
 

results suggest that the Mg-based scaffolds herein studied should display suitable biocompatibility 

without detrimental effects. 

5.5. Conclusion 

High-resolution XCT imaging was used to evaluate in vivo tissue ingrowth and mineralization up to 4 

months after implantation of an innovative Mg-based fibre composition produced by crucible melt 

extraction (CME) in critical-sized bone defects. In situ XCT mechanics coupled with DVC was also 

performed to assess the 3D full-field strain distribution and damage evolution of ex vivo bone-

biomaterial systems. The result of this study provides evidence that these Mg-based fibres have the 

ability to promote osteointegration, conduction and promotion allowing reconstruction of critical-sized 

defects, as well as an appropriate corrosion rate while maintaining the mechanical integrity of the injured 

site. Therefore, this Mg-based implant fulfilled the main requirements to be considered an advantageous 

treatment of critical-sized bone defects. 
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6.1. Discussion 

The treatment of bone critical-sized defects remains challenging for orthopaedic surgeon [1,2]. Among 

the variety of biomaterials under investigation, magnesium (Mg) and its alloys represent a promising 

compromise between biocompatibility, bone regeneration ability and appropriate mechanical properties 

[3,4]. Therefore, this PhD project aims at combining in situ high-resolution X-ray computed tomography 

(XCT) mechanics, digital volume correlation and electron microscopy to investigate the mechanical, 

morphological and biological properties of an innovative Mg-based fibre composition manufactured by 

crucible melt extraction and liquid sintering to be used as a regenerative treatment for critical-sized 

bone defect. This project has been divided into three main studies that have evaluated the mechanical 

and morphological properties of the Mg-based scaffolds in a non-corrosive environment (i.e. air) and 

compared to those of trabecular bone tissue (Chapter 3). Then, the scaffolds were tested in vitro to 

evaluate the influence of corrosion on its mechanical and structural integrity (chapter 4). Finally, the 

biological properties of Mg-based scaffolds and mechanical performance of the bone/biomaterial 

system were investigated using samples retrieved from an in vivo implantation into dog mandible 

critical-sized defect model (Chapter 5). 

The Mg-based scaffold investigated in this project combined a unique chemical composition (Mg, Y 2 

wt%, Zn 1 wt%, Mn 1 wt%) with crucible melt extraction and liquid sintering manufacturing process. 

While the addition of the alloying components is known to reduce the corrosion rate [5-7], the 

manufacturing processes produced a highly connected porous scaffold that allowed for more efficient 

load transfer and enhanced mechanical properties [8,9]. The first part of the project aimed at assessing 

the mechanical and morphological properties of the Mg-based scaffold and compared them to those of 

trabecular bone in order to validate its design and composition. This study showed that the Mg-based 

scaffolds exhibited a highly connected porous structure resembling trabecular bone that offered an ideal 

3D environment to promote bone formation. This fully connected and highly porous network reduced 

the strain level locally in the alloy (i.e. fibre level) when similar loads were applied to trabecular bone 

(i.e. trabeculae level). The ductile mechanical behaviour of the Mg-based scaffold prevented scaffold 

failure while trabecular bone developed microcracks for similar strain levels. Furthermore, the strain 

obtained after compression exceeded the physiological strain of bone tissue generated in daily activities 

such as walking or running (500-2000µε) [10] by one order of magnitude. It has thus been hypothesized 

that, besides allowing for early patients’ locomotion, this Mg-based scaffold could also endure high-

intensity impact. However, the conventional laboratory-based XCT system used in this study requires 

long acquisition times to obtain high-resolution images, during which materials displaying viscoelastic 

properties tend to relax [11]. Therefore, the DVC analysis and the subsequent local strain 

measurements may be altered. To avoid the time-lapsed dependence of laboratory-based XCT, 

synchrotron XCT (SR-XCT) can be used in combination with continuous mechanical testing [12]. In fact, 

SR-XCT enables acquisition of high signal-to-noise ratio (SNR) images at high temporal and spatial 

resolution allowing the assessment of dynamic processes within 3D microstructures [13]. A 

supplementary study has been performed during the duration of this project aimed at using time-

resolved in situ mechanics to evaluate the time-dependant mechanical behaviour of Mg-based scaffolds 
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and bone tissues [14]. In this study, continuous in situ mechanical compression was coupled with SR-

XCT and DVC to further comprehend the structure-function relationship of trabecular bone, cortical 

bone, bone synthetic analogous (e.g. PCF15 and PCF20, Sawbones) and Mg-based scaffolds. 

Continuous in situ mechanical testing has also been compared to traditional time-lapsed in situ 

mechanical testing using bone synthetic analogous. The main finding was that SR-XCT continuous 

mechanical testing provides more realistic information than time-lapsed testing, which may 

underestimate the strain magnitudes as a result of stress relaxation during image acquisition. The strain 

distribution of the Mg-based scaffolds displayed a homogenous trend exceeding -50000 µε through the 

entire structure, while the distribution obtained after time-lapsed compression was more heterogenous 

from -10000 µε to more than -50000 µε. However, in both cases no micro-cracks were observed but 

partial pore closing was seen in high deformation regions. Therefore, this study highlighted how time-

lapsed mechanics in combination with DVC provides reliable results, but must be interpreted carefully 

when viscoelastic materials are used. 

After the assessment of the mechanical performances of the Mg-based scaffolds and the reliability of 

the mechanical test used, in vitro corrosion tests were performed to investigate the influence of 

corrosion on the mechanical properties. The scaffolds, coated with a MgF2 layer to reduce the rates of 

corrosion, were immersed in HBSS (Hank’s balanced solution) circulating at 0.3 mL/min for 2, 8 and 14 

days. In situ cyclic compression (30 N at a frequency of 1 Hz) was applied on additional samples in 

combination with the HBSS dynamic flow for 2 days. It was observed that the fluoride coating efficiently 

protected the Mg-based scaffold from severe degradation, resulting in a relatively low corrosion rate 

[15-19] and preservation of the structural integrity after 14 days of corrosion. It was hypothesised that 

the corrosion process started in the micropores on the surface of the coating layer and continued by 

penetrating into the fibres, forming corrosion microcracks that led, with longer immersion time, in 

complete fibre failure. The accumulation of corrosion debris trapped within macropores increased the 

mechanical properties and lower third principal strain accumulation under compression. In addition, 

although corrosion induced structural changes, the average pore diameter and porosity were still within 

the optimal range to favour bone ingrowth and angiogenesis [20] after 14 days of corrosion. Thus, in 

vitro corrosion tests showed that this coated Mg-based scaffold would be able to maintain its mechanical 

and structural integrity for several weeks after implantation with a pore size that conducive for bone 

ingrowth. Nevertheless, biomaterials intended to be used as bone critical-sized defect treatments must 

provide mechanical support to the injured site for longer than a few weeks, as complete bone healing 

usually requires several months [21,22]. Several authors have pointed out the large variation in 

corrosion rates between in vitro and in vivo conditions mainly attributed to the difficulties in mimicking 

the complex physiological conditions, resulting in in vitro corrosion rates up to four times faster than the 

corrosion rates in vivo [23]. It can therefore be assumed that the corrosion rate of the present scaffold 

would be slower in vivo achieving a low level of degradation without the accumulation of hydrogen. 

Biomaterials should provide not only adequate mechanical resistance and degradation rates, but also 

biocompatibility and osteoconduction to promote bone healing [24]. The biological properties of the Mg-

based scaffold were evaluated by implantation into a dog mandible critical-sized defect model for 4, 8 

and 16 weeks. The volume of newly formed bone and its degree of mineralization was investigated via 
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high-resolution XCT image acquisition (6-7 µm voxel size) and compared with a commercially available 

bovine bone graft and defects left empty (control). 3D images were taken also at higher resolution (1 

µm voxel size) to assess the bone-biomaterials interface. Mg-based alloy promoted higher bone 

formation than the control and bovine bone graft up to full restoration of the defects, with homogenous 

integration of the Mg fibres with the newly formed bone. The corrosion rate was found lower than the 

majority of the in vivo values reported in literature [27-30] and therefore did not result in formation of 

hydrogen gas cavities. The newly formed bone showed evidence of mineralization, physiological 

remodelling and angiogenesis processes after 16 weeks, enabling the Mg-bone system to gain 

sufficient mechanical strength to support complete tissue healing. In fact, the strain distribution under 

compression was homogenous suggesting an efficient load transfer that lead to the preservation of the 

bone tissue (i.e. no formation of micro-crack). Therefore, this study provides evidence that these Mg-

based alloys can promote osteointegration, conduction and promotion allowing the reconstruction of 

critical-sized defects while maintaining the mechanical integrity of the injured site. 

Ultimately, this project demonstrated the efficiency of fluoride coating in association with zinc, 

manganese and yttrium as alloying elements in Mg-based scaffolds in achieving an appropriate 

corrosion rate without excessive hydrogen accumulation compared to pure uncoated [20] and coated 

[21] Mg-scaffolds, as well as various uncoated [22–28] and coated [29] Mg alloys. This reduction in 

corrosion rate resulted in higher mechanical properties, when most of the Mg-based materials reported 

a constant decrease in mechanical properties [30–34]. In addition, this project employed for the first 

time in situ XCT mechanics in combination with DVC to assess the mechanical behaviour of Mg-based 

scaffolds. This technique provided a deeper understanding of the load transfer mechanisms involved in 

relation with the porous structure and crack formation. For example, the bovine bone graft-bone system 

had mechanical properties (i.e. Young’s modulus and yield stress) closer to those of bone than the 

magnesium alloy bone system, which would usually led to the conclusion that the bovine bone graft 

was mechanically more suitable. However, the XCT images and DVC strain maps revealed that the 

bovine bone graft-bone system displayed a more heterogenous strain distribution resulting in bone 

micro-cracks, while due to an enhanced load transfer, the bone tissue within the Mg-bone system was 

preserved. These results, therefore, highlighted how this technique was highly beneficial in the 

characterisation of biomaterials for bone regeneration. 
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6.2. Conclusion 

The mechanical, morphological and biological properties of fluoride coated Mg-based scaffolds 

produced by crucible melt-extraction and liquid sintering have been evaluated under different conditions 

(i.e. air, saline solution, in vivo) to provide evidence for a potential use as bone critical-sized defect 

treatment. 

The main findings of the project can be summarized as follow: 

1. The Mg-based scaffold displays a ductile behaviour under compression without critical failure 

or development of micro-cracks in a strain range that exceeds by one order of magnitude the 

physiological strain generated in trabecular bone by locomotion. 

2. A correlation was established between the 3D full-field third principal strain distribution and the 

scaffold architecture where local high-strain were found in highly porous regions. 

3. The fluoride coating was effective in protecting the material against fast corrosion resulting in 

relatively low corrosion rate and the preservation of both mechanical and structural integrity. 

4. The corrosion process occurred locally through the micropores observed on the surface of the 

coating layer and tended to form microcracks that led, with longer immersion time, to complete 

fibre failure. 

5. The in vitro corrosion induced morphological changes, especially an overall densification of the 

structure with a higher volume fraction and pore diameter reduction, due to the accumulation 

of corrosion products within the core of the scaffold. In turn, these changes led to higher 

Young’s modulus and yield stress. 

6. In vivo, the Mg-based alloy induced bone ingrowth, tissue mineralization and angiogenesis 

resulting in the restauration of the continuity of the bone tissue without gas cavities formation. 

7. The bone-biomaterial system showed efficient load transfer under compression associated with 

the preservation of the integrity of the trabeculae and cortical shell from micro-cracks initiation. 

8. The Mg-based fibres appeared to promote osteointegration, conduction and promotion allowing 

the reconstruction of critical-sized defects while maintaining the mechanical integrity of the 

injured site and is therefore, a promising candidate as a bone regeneration treatment. 
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6.3. Future work 

Although the mechanical and biological properties of the Mg-based scaffold have been explored in 

animal models throughout this project, its efficiency and compatibility within the human body remain 

unknown. Therefore, clinical trials need to be conducted to provide further conclusions on its possible 

translation into clinical application. 

The in vivo study performed during this project employed a mandible dog model. Such bones are 

certainly subject to high stresses during mastication, but they are not considered as load-bearing bones. 

Thus, the mechanical performance of the bone-biomaterial system after implantation in load-bearing 

bones (e.g. femur or tibia) should also be investigated in order to expand the range of critical-sized 

defects that could be treated. Current orthopaedic research also focuses on the combination of fixators 

with bioactive natural or synthetic materials, mainly bone grafts, to ensure the healing of more complex 

fractures with numerous bone fragments. In this sense, the scaffolds could also be implanted in 

combination with fixators to provide further internal mechanical support as well as favouring bone 

ingrowth. 

Finally, because the critical-sized defects can vary considerably in size depending on the injury and the 

bone injured, various scaffold sizes (e.g. diameter, length and geometry) should be studied to cover a 

wider variety of defects in different anatomical sites. 
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