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Abstract   

 

Ilizarov circular fixator (ICF) is an external bone fixation device used by orthopaedic 

surgeons in treating variety of bone defects. Despite the fact that ICFs are being used for 

over seven decades, the interplay between ICF mechanics and biology of fracture healing 

remains poorly understood. The roles of ICF configurations on processes within the 

fracture site during fracture healing such as cell differentiations, solute (e.g. cell, growth 

factors etc.) transport and angiogenesis have not been explained well yet. Furthermore, 

how the interplay between ICF and other mechanical factors such as fracture geometry 

and loading affect these processes remains unclear. This knowledge gap in the 

mechanobiology of fracture healing under ICF is a barrier to address clinical problems 

associated with ICFs. Consequently, treatment failures and complications are significant 

with ICF treatments (around 10 – 30 %). This thesis intends to address this knowledge 

gap by conducting systematic mechanobiological investigations of fracture healing under 

ICFs.  

In this research, various computational models to simulate various aspects of fracture 

healing under ICFs were developed. In developing the models, various novel 

methodologies and modelling techniques were adopted. Firstly, unlike in most previous 

studies, a fully coupled fracture healing prediction model of fractured bone stabilized with 

ICFs, including soft tissues and mechano-regulation was developed to simulate early 

stage mesenchymal stem cell (MSC) differentiations. Secondly, a model combining both 

mechano-regulation and bio-regulation was implemented to simulate healing of fractures 

stabilized with ICF under dynamic loading. Thirdly, a new regulatory model considering 

level of vascularity and local tissue strain was proposed and implemented to simulate 

angiogenesis and fracture healing under ICF. Finally, a methodology using computational 

modelling in conjunction with engineering reliability analysis was implemented to 

investigate the role of uncertainties in mechanical parameters on fracture healing under 

ICFs. All computational models were developed based on the theory of porous media and 

continuum mechanics. The models were first validated using experimental data and 

subsequently used for fracture healing predictions. Mechanical experiments involving 

measurement of bone interfragmentary movements (IFM) using an advanced 3D optical 
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measuring system (ARAMIS) were conducted in this research for model validation 

purposes. Wherever possible, the predictions of the models were corroborated by 

experimental and clinical data.  

Through systematic analyses, this thesis contributes to the existing body of knowledge by 

providing new insights into the mechanobiology of fracture healing under ICFs. This 

thesis elucidates the following mechanobiological aspects of fracture healing under ICF 

that have not been systematically studied so far: 

1. The effects of ICF configuration, loading and fracture geometry on the early stage 

mesenchymal stem cell (MSC) differentiations during fracture healing; 

2. The roles of physiologically relevant dynamic loading on cell differentiations and cell 

/ growth factors transport within the early stage fracture site;  

3. The effects of subject specific factors (i.e. body weight, fracture geometry and ICF 

configuration) on angiogenesis and optimal time dependent weight bearing levels for 

bone fractures treated with ICFs; and 

4. The effects of uncertainties in mechanical factors (i.e. fracture geometry, weight 

bearing and ICF configuration) on fracture healing under ICF. 

In addition, the models presented in this thesis could potentially be used for further 

systematic investigations and in clinical settings for designing and comparing ICF 

treatment strategies. 
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1 Introduction 

 Background 

Musculoskeletal injuries make up a significant proportion of the total world health 

expenses [1]. In particular, long bone fracture which occurs due to various reasons such 

as osteoporosis and trauma is one of the frequent non-fatal injuries reported worldwide 

[1, 2]. In Australia, it is reported that a bone breaks every 3.4 minutes and results in over 

150,000 hospitalisations and almost one million bed-days each year [3]. This makes bone 

fractures the most common form of hospitalised trauma in Australia [3]. The nationwide 

costs of poor bone health in Australia exceeded 2 billion dollars in 2016 alone and the 

total cost since 2012 is predicted to exceed a staggering 33 billion dollars by 2022 [4]. 

From these numbers of Australia, one could imagine how big the total global economic 

burden of skeletal problems would be. These are just the direct costs and not inclusive of 

the indirect costs due to reasons such as loss of productivity. The indirect costs associated 

with bone fractures could be much higher than the direct costs and account for around 65 

– 95 % of the total cost of fractures [5]. These facts clearly suggest that bone fracture is 

a serious health problem that needs to be addressed as it is becoming increasingly 

burdensome.  

In working age adults, long bone fracture is the most common type of fracture [3]. Out of 

all bone fractures, thigh bone (femur), upper arm bone (humerus) and shinbone (tibia) 

fractures alone account for 3 %, 14 % and 24 %, respectively [3]. Long bone fractures 

mainly result from high energy trauma such as falls or transport accidents and often these 

fractures are complex to manage due to high risk of treatment failures [3, 5, 6]. A recent 

Australian study considering 3886 patients with humeral, femoral and tibial fractures 

reported healing complication rates as high as 8.1 % with non-union being the most 

common complication [3]. Therefore, is essential to treat long bone fractures effectively 

so that the time and cost associated with treatment could be minimized. Minimizing 

treatment time can also minimize the risk of complications and the indirect costs due to 

loss of productivity [7].  

The need for effective treatment has been driving the advancements in the field of 

orthopaedics for several decades. While bone has natural capacity to heal by itself after 
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fracture, the intrinsic healing capacity of bones may not always be enough [7]. Therefore, 

some external intervention may be required depending on the nature of fracture and other 

subject specific factors that affect healing. Both biology and mechanics are equally 

important for the success of healing [8]. The principle behind treating fractures is to 

provide the best possible mechanical environment within the fracture site so that the 

intrinsic biological healing capacity of bone is best utilized [7, 9]. Traditionally, most 

fractures are treated with plaster casts by stabilizing fractures and minimizing disturbance 

to the fracture site [10]. However, plaster casts may not always be suitable.  

Number of different bone fixation devices have come into existence in the past several 

decades [11]. The use of such devices requires some level of surgical procedure. Fixation 

devices are mainly categorized into either internal fixations or external fixations. Internal 

fixation devices are mounted into patients’ bodies and thus require complex surgical 

procedures. In addition, modifications to internal fixations are impossible without 

additional surgical procedures. Moreover, internal fixation devices need to be left within 

the patient’s body permanently in most cases.  

External bone fixations devices on the other hand are mounted outside of patients’ bodies 

and possess numerous advantages over internal fixations. The main advantages of 

external fixation devices include (i) being minimally invasive, (ii) being tailorable to 

patient specific needs, (iii) being adjustable depending on the progress of healing and (iv) 

being removable upon satisfactory healing [9, 12]. These advantages led to the 

development of number of external bone fixation devices in the past.    

Ilizarov circular fixator (ICF) is one such external device that has been used by 

orthopaedic surgeons in treating variety of bone defects such as fractures, length 

discrepancies, deformities and osteomyelitis [13]. It is a modular fixator consisting of 

rings, wires, half pins, struts and rods which can be assembled in endless possible ways 

to cater patient specific needs  [14]. The ICF components such as rings and wires come 

in variety of sizes and specifications. This gives surgeons the freedom to choose the most 

suitable components to get the best configuration on a case-by-case basis. Furthermore, 

ICFs allow early weight bearing which helps patients to get mobile relatively early during 

healing. It is also suggested that early weight bearing is beneficial for fracture healing 
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[12]. Clinical observations indicate that ICFs have enormous potential in treating bone 

defects effectively. 

 Problem statement 

The first use of ICFs dates to the 1950s [14, 15]. Even though ICFs have been in existence 

for nearly seven decades now, it still remains a secondary treatment option [12]. One of 

the important reasons for this situation is lack of understanding of the mechano-biology 

of healing under ICFs. Most of the existing clinical and experimental studies are limited 

in fully elucidating how ICF interacts with the fracture environment and affects healing. 

Therefore, many aspects of fracture healing under ICFs such as how ICF configuration 

affects cell differentiations or angiogenesis within the fracture site remains poorly 

understood. This is one of the reasons why clinical decisions about ICF treatments are 

often made on a trial and error basis [15]. Therefore, there is a need for systematic 

investigation on how ICF interacts with fracture environment and understand the 

mechano-biology of healing under ICFs to utilize the full potential of the device. 

It is known that patient specific factors such as fracture geometry, body weight, age, sex 

and comorbidities (e.g. osteoporosis) can influence the fracture healing process. 

Therefore, it is essential that these factors are considered when making patient specific 

treatment plans. Since ICF could be assembled in endless possible configurations, it is 

necessary to consider the ICF configuration parameters when planning treatments. This 

is because, they influence the stability of fracture site and thus affect the healing process. 

Owing to the number of factors involved and their complex interrelationships, patient 

specific treatment planning is often challenging in treatments involving ICFs.  

 Research objective 

The objective of this research is to conduct systematic investigations into the mechano-

biology of fracture healing under ICF. This research mainly focuses on how ICF interacts 

with the fracture environment and other patient specific factors during healing in order to 

determine ways to promote healing under ICFs. The effects of ICF configurations, patient 

specific factors and their interplays on fracture healing are investigated in this research. 

The results of this research would enable surgeons to make decisions based on facts rather 

than trial and error. Initially this research focuses on the early stages of bone fracture 
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healing as it is known that early stage fracture environment is very sensitive and capable 

of affecting the whole healing process [16, 17]. Subsequently the research focus moves 

into the next stages of fracture healing.    

The specific objectives of this research are as follows: 

• Developing a reliable method to study different aspects of fracture healing under 

ICFs 

• Investigating the effects of ICF configuration, loading and fracture geometry on 

the early stages of fracture healing 

• Investigating the effects of physiologically relevant dynamic loading on early 

stage bone fracture healing under ICFs 

• Determining optimal time dependent levels of weight bearing for bone fractures 

treated with ICFs. 

• Investigating how uncertainties in mechanical factors (i.e. fracture geometry, 

weight bearing and ICF configuration) affect fracture healing under ICF. 

 Methodology and scope of this research 

As the research problem is inherently complex owing to the large number of factors 

involved, experimental or clinical approaches could be either too expensive, time 

consuming or impractical with currently available techniques [18]. On the other hand, 

validated computational models provide an excellent solution to this problem. Using 

computational models, it is possible to handle multiple inputs and provide reasonably 

accurate solutions relatively quickly. With computational power growing exponentially, 

simulation of very complex processes is increasingly becoming time and cost effective. 

Moreover, computational models offer perfect repeatability and eliminate inter-subject 

differences which are generally inevitable in experimental and clinical approaches.  

Therefore, in this research, computational models of bone fractures treated with ICF were 

developed to address the research objectives. The models were validated using 

experimental data and subsequently used to simulate fracture healing under various 

conditions to address the research objectives. Wherever possible, model predictions were 

compared with experimental and clinical results.  
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This research focuses specifically on fractures of long bones in weight bearing limbs (e.g. 

tibia). Human bones were considered wherever possible. However, due to lack of 

experimental data under controlled environments for human models, animal models with 

similarities to humans had to be considered in some investigations. Due to the availability 

of experimental data [19, 20], sheep models were used in some investigations of this 

research. It should also be noted that assumptions and simplifications had to be made 

wherever necessary without affecting the fundamental behaviours when developing the 

computational models. These are explained in detail in relevant sections of this thesis.  

 Thesis structure 

The structure of the thesis is as follows: 

Chapter 1: Introduction 

This refers to the current chapter. 

Chapter 2: Literature Review 

This chapter gives a comprehensive literature review on the current state of knowledge in 

this research area to provide background to this thesis. Initially, bone composition, their 

functions, material properties, bone fractures and fracture healing are reviewed. Next, 

studies on fracture healing are reviewed with special focus on computational models. 

Subsequently, bone fracture treatment methods are reviewed, and the use of external 

fixation devices are discussed. Finally, the applications, advantages and limitations of 

ICFs are described and the research gaps are identified.  

Chapter 3: Mechanical Experiment on Tibial Fractures Stabilized with Ilizarov 

Circular Fixator 

This chapter describes the mechanical experiment carried out on tibial fractures stabilized 

with ICFs. Transverse tibial fractures stabilized with different configurations of ICF were 

subjected to axial loading and the interfragmentary movements were measured using a 

3D optical measurement system ARAMIS (GOM, Braunschweig, Germany). The 

mechanical behaviour of bone-ICF assembly was observed in the study and the 

experimental data was later used for validation purposes. Detailed description of the 

experimental methodology and discussion of the mechanical test results are given in this 
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chapter. Thus, this chapter has an experimental focus into the mechanical behaviour of 

bone-ICF assembly and provides useful new biomechanical data to complement existing 

understanding. The subsequent chapters are dedicated primarily to computational 

simulations of the mechanobiology of fracture healing under ICFs. Most of the contents 

of this chapter were published in an article in the International Journal for Numerical 

Methods in Biomedical Engineering [21]. 

 

Chapter 4: Bone fracture healing under Ilizarov circular fixator: influence of fixator 

configuration, fracture geometry and loading  

Development of a fully coupled computational model of tibial fractures stabilized with 

ICF is described in this chapter. First the chapter explains how the fracture healing model 

was developed and validated against the experimental data presented in Chapter 3. Then 

the roles of ICF configuration, fracture geometry and loading on early stage cell 

differentiations were investigated using the validated model. In contrast to Chapter 3 

which focuses into the mechanical behaviour of bone-ICF assembly, this chapter focuses 

into the mechanobiology of fracture healing via computational modelling. The outcomes 

of this study were published in an article in the International Journal for Numerical 

Methods in Biomedical Engineering [21].  

Chapter 5: The Effects of Dynamic Loading on Bone Fracture Healing Under 

Ilizarov Circular Fixators 

The role of dynamic loading (resulting from weight bearing activities) on early stage 

healing under ICF is investigated in this chapter. Starting from the work described in 

Chapter 4, the early stage fracture healing model was further extended to include various 

cells, growth factors and their transport and interactions within the fracture site. Then the 

model was used to study the spatial and temporal changes in the cell and growth factor 

concentrations during the early stage healing under various patient specific factors. This 

chapter presents the details of model development followed by results, discussion and 

conclusions. An article was published based on this work in the Journal of Biomechanical 

Engineering [22]. 
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Chapter 6: Optimal time-dependent levels of weight-bearing for bone fracture 

healing under Ilizarov circular fixators 

Broadening the investigation from early stage to full course of healing, this chapter deals 

with determining time dependent and subject specific optimal weight bearing range for 

bone fractures treated with ICF. Based on the works in Chapters 4 and 5, a model was 

developed to simulate the time dependent healing of bone fractures incorporating 

angiogenesis. Taking sheep model as an example, this chapter describes how optimal 

weight bearing could be established for a given set of conditions and subject specific 

parameters. A manuscript written based on this work is currently under review by a 

journal. 

Chapter 7: A probabilistic approach to address uncertainties in Ilizarov circular 

fixator-based fracture treatments 

This chapter builds on top of Chapter 6 to incorporate uncertainties in subject specific 

parameters and investigates their effects on the probability of successful healing. A 

probabilistic approach using computational modelling in conjunction with engineering 

reliability analysis techniques is presented in this chapter. This chapter provides key 

insights about the sensitivity of fracture site to different mechanical variables. 

Furthermore, the method presented in this chapter could be used to investigate reliability 

of different ICF treatment strategies. 

Chapter 8: Conclusions and Recommendations 

This chapter summarizes the findings of this research and makes recommendations for 

future work.  

References  

The list of references is provided at the end of chapter 8.  

Appendix: Additional outcomes of this research 

Additional outcomes of this research project that are not included in the chapters are 

included in the appendix.   
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2 Literature Review           
 

 Introduction to Bone  

Bones provide structural framework which defines the overall body shape and ensures 

safer transmission of mechanical loads acting on it. Bones are also responsible for 

protecting vital organs made of soft tissues (e.g. brain, liver etc.) within a body. The role 

of bones in a body could be compared to that of structural members of a building such as 

beams and columns. These structural elements bear their own self weight, carry the 

weight of the non-structural elements and take the external loads such as wind and 

transmit them safely to the ground to protect the building and its occupants.  

However, bones in living bodies involve themselves in more complex activities than those 

of structural members of a building. In living bodies, bones could be attached to muscles, 

joints, tendons, ligaments, cartilage and connective tissues and collectively form the 

musculoskeletal system which is responsible for precise body motion [23, 24].  Bones 

continuously undergo a process known as ‘remodeling’ by which it restructures and 

reshapes itself in response to its biological and mechanical environments [25, 26]. This 

self-adaptive nature of bone is vital for proper functioning of the musculoskeletal system. 

It is also one of the reasons for the interspecific and intraspecific differences in the bone 

material properties, despite the same mineralogical composition. Noticeable differences 

in bone material properties, even within the same organism at different skeletal locations 

is possible [27]. In addition, factors such as age, sex and comorbidities can also affect the 

material properties of bone [26]. Likewise, geometric features of bones (i.e. size, shape, 

thickness etc.) are also subjected to interspecific and intraspecific differences due to the 

influence of these factors [28]. Therefore, it is hard to define universal geometries or 

material properties for bone.  

In addition to structural and locomotive purposes, bone serves number of important 

biological purposes in living bodies. This includes, acting as a mineral reservoir 

(especially for calcium); providing the environment for marrow which is responsible for 

new blood cell formation and capable of storing fat; acting as a reservoir for growth 

factors (GFs) and cytokines and taking part in maintaining the acid-base balance in the 
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body [29]. Thus, bone plays a key role in the overall functioning of living organisms with 

skeletal system.  

2.1.1 Bone morphology  

In humans, there are four different categories of bone based on their shape, namely, (i) 

long bones such as tibiae, femurs, humeri, ulnae etc.; (ii) short bones such as carpal bone, 

tarsal bone etc.; (iii) flat bones such as skull, mandible, ribs etc.; and (iv) irregular bones 

such as vertebrae, sacrum, coccyx etc. [30]. Since this research project focuses on long 

bone fractures, this chapter will focus mainly on long bones.   

Long bones have long hollow shafts known as diaphyses and rounded ends known as 

epiphyses. Diaphysis is composed of dense and compact bone known as cortical bone on 

the outer which surrounds an inner hollow known as the medullary cavity. This cavity, 

which is also known as medullary/marrow canal, is occupied by yellow bone marrow 

which is rich in adipose tissue. Epiphysis on the other hand is composed primarily of 

highly porous trabecular bone surrounded by a thin cortical bone shell. Trabecular bone 

has a honeycomb-like structure which is responsible for its high porosity and referred to 

as spongy or cancellous bone [30, 31]. Figure 2.1 illustrates the two different types of 

bones in a typical long bone (i.e. femur). 

Cortical bone is made of structured ‘osteons’ or ‘Haversian system’ which consists of 

microscopic cylinders made up of concentric rings of osteocytes (i.e. bone forming cells) 

with a central canal known as ‘Harversian canal’. Blood vessels invade bones via these 

canals to supply oxygen and nutrients to bone (Figure 2.1). In trabecular bones, the 

interconnected pores contain red bone marrow, which is responsible for red blood cell, 

platelet and white blood cell productions [26, 30, 31]. Cortical bones are covered by an 

outer layer of fibrous connective tissue known as periosteum which consists of blood 

vessels and bone forming osteoblasts which could assist bone tissue repair. The collagen 

fibres of periosteum merge with those of the  tendons and ligaments attached to the bones. 

A similar, but thinner layer of connective tissue is also found on the inner side of cortical 

bone, which lines the medullary cavity. This is referred to as ‘endosteum’. Both 

periosteum and endosteum play an important role in the remodelling process of bones 

[26, 30, 31].  
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Figure 2.1 Typical human femoral bone and the Harversian system  

Adopted from Scanlon and Sanders [31] with permission 

 

2.1.2 Bone development and the underlying cellular processes 

The development of bones can take place in two fundamentally different ways. One is by 

direct apposition (i.e. de novo) and the other is by replacing existing tissues [32, 33]. 

During embryonic growth, bones are first made of cartilage and fibrous connective tissues 

which gets replaced gradually by bone tissue. Interestingly, the underlying cellular and 

molecular events in embryonic skeletal development, bone remodelling and fracture 

healing are virtually identical [34]. Detailed studies on these three different processes 

This image has been removed by the author of this thesis for copyright reasons 
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have shown striking similarities amongst them in terms of histology, physiology and 

functionality. This phenomenon is attributed to the fact that, these three distinctly 

different processes (in terms of space and time) originate from the common progenitor 

cells known as mesenchymal stem cells (MSC). These cells (MSCs) are multipotent and 

have the ability to continuously replicate themselves and differentiate along multiple cell 

lineages. MSCs respond to biochemical and mechanical environmental cues and thus, 

commitment of MSCs to cell lineages could be influenced by the local biochemical and 

mechanical microenvironments [34]. 

For example, during fracture repair, MSCs could take either (i) the osteogenic pathway 

and differentiate into osteoblasts to synthesise bone tissue or (ii) chondrogenic pathway 

and differentiate into chondrocytes to synthesise cartilage tissue or (iii) fibrogenic 

pathway and differentiate into fibroblasts to synthesise fibrous connective tissue. 

Commitment to a specific pathway depends on the microenvironmental factors and once 

committed, the cells would start to synthesise the extracellular matrix specific to the 

committed pathway [34]. It is known that the level of blood supply, presence of growth 

factors (GF) and mechanical stability can influence the cell fate (i.e. commitment of 

MSCs to a specific pathway).  

In addition, MSCs can differentiate into various other types of mesenchymal tissues 

including tendon, muscle, marrow, fat and dermis. Figure 2.2 illustrates the mesengenic 

process, indicating differentiation pathways of MSC and their stages, from proliferation 

of MSCs to synthesis of tissues. 

During embryonic development of long bones, the original cartilage tissue starts to ossify 

around three months of gestation and osteoblasts gradually synthesis bone matrix to 

replace cartilage. The ossification process occurs at the centre of the diaphysis and 

continue even after birth throughout childhood. Epiphyseal discs at the junction of the 

diaphysis and epiphysis, remains cartilaginous to enable growth of long bones and 

eventually gets replaced by bone matrix between 16 – 25 years after which bone growth 

ceases [31].  

Osteoclast is another type of cell present in bones which is responsible for the resorption 

and remodelling processes. Resorption is the process by which mineralized bone is 

degraded. This process is essential for skeletal growth, maintaining bone integrity, 
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maintaining calcium balance in blood and bone repair [35]. Remodelling of bones refer 

to the process by which mature bone tissue is resorbed and replaced with new bone tissue. 

This process is responsible for changes in bone architecture and material properties to 

meet the changing mechanical needs [36]. Remodelling is a process that continues 

throughout life. Thus, microstructural architecture and material properties of bones are 

always dynamic and depend on the biochemical and mechanical environments. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 2.2 The mesengenic process 

Adopted from Firth et al. [37] with permission 

 

 Composition and material properties of bone 

As a material, bone can be viewed at different scales. At macroscopic scale, bone is either 

compact (low porosity) or spongy (high porosity); at microstructural scale, it is either 

lamellar (well organised) or woven (randomly organised); and at nanoscale, bone is a 

composite material composed of collagens, minerals (mainly hydroxyapatite), water and 

This image has been removed by the author of this thesis for copyright reasons 
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non-collagenous proteins [32]. The material properties of bone are often related to its 

macroscopic composition [26, 38].  

Both compact (cortical) and spongy (trabecular or cancellous) bones are porous, non-

homogenous and anisotropic materials. At macroscopic level, these two types are mainly 

characterised by their porosity and apparent density. Porosity of compact bone is 

generally very low and ranges between 0.05 – 0.10; whereas, the same of spongy bone is 

generally very high and ranges between 0.50 – 0.95 [26]. Apparent density is defined as 

mass divided by the total volume including the pores, and thus, varies with porosity [27]. 

Many studies have related mechanical properties of bone to its apparent density. For 

example, Carter and Hayes [39] and Lotz, et al. [40] related the elastic modulus and 

compressive strength of cortical and trabecular bones to their apparent densities. Some 

other studies [41-43] have shown that the mechanical properties of bone depends also on 

mineral content in addition to the apparent density.  

Overall, adult human skeleton is composed of approximately 80 % cortical bone and 20 

% trabecular bone. However, this ratio is not the same throughout the skeleton. For 

example, the ratio of cortical to trabecular bone is about 25:75 in vertebra, 50:50 in 

femoral head and 95:5 in radial diaphysis [30]. Therefore, the mechanical properties of 

the bone could very well vary from one to another or even within different regions of the 

same bone. In bones, the combination of both cortical and trabecular bone forms a 

sandwich-like structural arrangement which is attributed to its optimal engineering 

properties [26]. 

Structural and hence mechanical heterogeneity of bone arises from its material 

composition, pores and interfaces (e.g. solid-solid, solid-fluid etc.). Living bones are 

multiphasic and composed mixture of soft and hard tissues, fluid and solutes. The 

inorganic constituents of bone are responsible for its strength and stiffness in compression 

while the organic constituents are responsible for the same in tension [26]. The anisotropy 

of bone, which arises from its microstructural arrangement, is responsible for its direction 

dependent mechanical properties. In cortical bones, lamellar and osteonal directions 

govern its anisotropy; whereas, it is governed by trabecular orientation in trabecular bones 

[26].  



 

14 

 

In engineering perspective, living bone is one of most complex materials as its 

composition and material properties are highly variable. It is a hierarchically arranged, 

porous, multiphasic, dynamic, heterogeneous and anisotropic material, the composition 

and properties of which are subjected to interspecific, intraspecific, temporal and spatial 

variations. However, bone is highly desirable as a material because it is extremely tough, 

lightweight, adaptive,  multifunctional and possesses the capacity to resist fracture in a 

variety of different loading conditions [44]. Yet, musculoskeletal injuries are very 

common and responsible for significant global health burden. In particular, long bone 

fractures is one of the frequent non-fatal injuries reported worldwide [1].    

 Bone fractures 

In simple, bone fractures occur when the stresses in bone exceed its strength. There are 

two ways by which this could happen: (i) stress exceeding its strength under extreme 

loading levels or (ii) strength falling below the stress under normal physiological loading 

levels. The former is generally spontaneous and traumatic (as in the case of fall) or non-

traumatic (as in the case of sudden internal muscle contractions), which could result in 

bone stresses exceeding its strength [26]. The latter is generally chronic and results from 

creep or fatigue. When bones are subjected to prolonged and repetitive loading 

conditions, micro-damages can occur.  Generally, bones can repair the micro-damages by 

remodelling; however, there is a limit to this potential. If the rate of microdamage exceeds 

the rate of repair, bone would start to lose its stiffness and strength until it fractures [26]. 

Therefore, the second case can result in bone fractures occurring even at normal or 

subnormal levels of loading. Athletes, soldiers and dancers who undergo high levels of 

repetitive physical activities are prone to this type of fracture. In addition, weakening of 

bone due to biological conditions such as osteoporosis or bone tumours could also lead 

to fractures at lower activity levels.  

The type and nature of bone fracture could differ from one to another. Therefore, number 

of different bone fracture classification systems have been put forward for naming and 

describing the fractures, grouping and ordering them, predicting the outcomes and  

guiding actions [45]. These systems can be mainly categorised into: (i) fracture specific 

systems; (ii) patient specific systems; (iii) generic / universal systems; and (iv) soft tissue 

injury related systems. Fracture specific classifications describe fractures of specific 
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skeletal locations; whereas, patient specific classifications are for specific type of patients 

such as children. Generic or universal classifications describe fractures of any kind 

anywhere in the skeleton. Unlike these three types, soft tissue injury related classifications 

do not deal with the fracture, but the level of soft tissue injury associated with it [45].   

Classifying fractures enables the use of same language amongst surgeons and to make 

comparison of subjects easier. Moreover, description of the morphological features 

associated with fractures could help deciding the course of treatment and predict the 

outcome [46]. In the realm of long bones, ‘Arbeitsgemeinschaft für Osteosynthesefragen 

(AO)’ system is one such fracture classification systems, which was developed with the 

objective of assisting surgeons in treatment planning. This is in fact the only generic type 

classification system in use today [45].  

AO classification uses a descriptive five-digit alphanumeric coding system, which is 

based on the bone and the specific segment under consideration, fracture type, its group 

and subgroup. There are 27 possible classifications at the sub group level for any bone 

segment, which leads to very accurate classification and hence, better understanding of 

the morphology of fracture [45]. Such an understanding is essential for predicting healing 

outcome and planning treatments; because, morphological features play a very dominant 

role in fracture healing [8]. Unfortunately, none of the classification  system, including 

the AO system can reliably predict the outcome of the most common types of fractures 

[45]. This owes to the fact that fracture healing is a highly complex process, which is 

under the influence of multitude of biochemical and mechanical factors [8]. Therefore, 

accurate classification of fractures could only supplement deep understanding of the 

fracture healing process in predicting the outcomes and planning treatments. 

 Bone fracture healing  

Bone fracture healing is a very complex biological process which involves many cellular, 

molecular and tissue level events in an orchestrated manner [47, 48]. Although fracture 

healing has been studied for decades, there is still plenty to be learned to fully comprehend 

this process [49]. Nevertheless, the current state of knowledge provides thorough overall 

understanding and deep insights into many aspects of fracture healing. 
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Bone fractures heal either by primary or secondary healing pathways. The former which 

is also called direct healing, involves  direct attempt of cortex to re-establish anatomical 

lamellar bone and Harversian system  [49, 50]. Secondary healing is also known as 

indirect healing and involves formation of fracture callus which serves as a temporary 

scaffold during the initial phases of healing and later transforms into bone as healing 

progresses [50]. The two healing pathways differ from each other based on the 

histological events that take place during the healing process [50]. To understand these 

different pathways of healing better, it is essential to understand the histological events 

that take place in each of these healing pathways.  

2.4.1 Primary or direct healing 

Primary or direct healing takes place when there is correct anatomic reduction of the 

fracture fragments and stable fixations. Often these conditions are achieved by open 

reductions and rigid internal fixations. In this healing pathway, cortical bone tends to re-

establish lamellar bone structure by direct remodelling without any intermediate stages 

such as periosteal response or callus formation. Harversian canals and blood vessels are 

directly established in primary healing [49, 50]. There are two different types of primary 

healing as described below. 

2.4.2 Contact healing  

This type of primary healing occurs when the fracture gap is very small (< 0.01 mm) and 

the fracture site is stable [49]. Generally, stability of fracture site is given either by 

‘Interfragmentary movement (IFM)’ of ‘Interfragmentary strain (IFS)’. The former refers 

to the relative movement between the fracture fragments and the latter refers to the ratio 

between IFM and initial fracture gap [19]. For contact healing to occur, it is suggested 

that IFS should be less than 2 % [49]. When the fracture environment is favourable for 

contact healing, cutting cones are formed at the osteons closest to the fracture site. The 

tips of the cone which consists of osteoclasts crosses the fracture line and creates 

longitudinal cavities which is soon filled by newly forming bone by osteoblasts residing 

at the rear of the cutting cone [49]. In this way mechanical continuity is re-established in 

contact healing by simultaneous bony bridging and haversian system formation in the 

axial direction. The newly formed osteons are later remodelled into lamellar bone. 
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2.4.3 Gap healing 

Gap healing occurs under stable microenvironments when the fracture gap is less than 1 

mm [49]. In this type of primary healing, bone formation first occurs perpendicular to the 

longitudinal direction to minimize the gap. Once the gap size reduces sufficiently, bone 

bridging occurs similar to that in contact healing [47, 49]. Therefore, Harversian 

remodelling does not occur simultaneously with bone bridging in gap healing which is 

the main difference between the two types of primary healing [49].  

Although, achieving primary healing is the objective of most open reductions and internal 

fixation surgeries, it is not the common type of fracture healing [49]. This is mainly 

because perfect anatomical reduction and absolute stability does not naturally occur in 

most fractures. Even carefully reduced fractures stabilized with rigid internal fixations 

could experience micromotions depending on the nature of fracture, level of weight 

bearing and rigidity of fixation. Therefore, most fractures tend to heal by secondary 

healing. 

2.4.4 Secondary or indirect healing 

Secondary or indirect fracture healing recapitulates many aspects of embryonic skeletal 

development [51, 52]. In this fracture healing pathway, bridging of bone fragments occur 

via formation of fracture callus, which acts as a biological splint. Contrary to primary 

healing, secondary healing does not require anatomic reduction or rigid fixations. As 

fracture callus is a result of IFM [53], rigid fixations that restrict IFMs tend to inhibit the 

formation of callus and compromise healing. Relatively flexible fixations causing 

moderate IFMs tend to promote formation of callus; however, too much IFM can result 

in delayed union or non-unions. Secondary healing involves the following three distinct 

but partially overlapping phases: inflammation, repair and remodelling. 

Inflammatory phase 

Soon after bone fracture, bleeding due to rupture of blood vessels within bone and 

surrounding soft tissues leads to formation of haematoma within the fracture site. This 

initiates the inflammatory response. Blood clotting prevents further bleeding and blood-

derived inflammatory cells and pro-inflammatory cells present in haematoma initiates 

inflammation. The inflammatory response peaks 24 h post injury and gets completed by 
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the first week. Additional inflammatory cells actively invade haematoma during this 

phase and the inflammatory signals give rise to macrophages [54]. Macrophages in turn 

release signalling molecules that are essential for the healing cascade such as cytokines 

and growth factors within haematoma [54]. Disruption of blood supply leads to bone 

necrosis to variable distances from the broken bone ends depending on the nature of 

fracture. Furthermore, hypoxic conditions due to interrupted blood supply induce release 

of angiogenic factors. As a result, endothelial cells invade into haematoma from pre-

existing vessels to form new blood vessels [47]. Blood vessels, along with blood,  supply 

osteoprogenitor cells to the fracture site. Subsequently, fibroblasts appear within the 

fracture site to replace haematoma with granulation tissue which forms the early callus 

[47]. Early callus filled with fibrous granulation tissue provides a suitable environment 

for cell migration, proliferation, differentiation and tissue synthesis to facilitate the 

fracture repair process.     

Reparative phase 

Reparative process begins with the formation of callus while the inflammatory response 

is still on [47]. Periosteal response plays a vital role in the reparative phase and stripping 

of periosteum has been reported to inhibit callus formation [47]. Undifferentiated MSCs 

present in the periosteum migrates into the callus, proliferate and differentiate into 

different tissue forming cells depending on the local microenvironment [55]. Adjacent to 

periosteum far from the fracture gap where the blood vessels are undisturbed and the 

tissue strains are low, MSCs differentiate directly into osteoblasts to synthesis woven 

bone tissue, which is known as ‘intramembranous ossification’ [47]. With bone forming 

along periosteum, the regions swells and forms the initial hard callus [56]. The bone 

forming front gradually moves from periosteum towards the fracture gap as healing 

progresses [57]. Periosteal callus which is also referred to as ‘external’ or ‘peripheral’ 

callus is an indicator of progression of healing. Since bone marrow is also a source of 

both MSCs and blood supply, bone formation occurs within the endosteal callus 

(medullar region) as well parallel to periosteal bone formation. Thus, fracture repair 

occurs partially by intramembranous ossification within these regions of the callus.  

However, the key to successful fracture repair in secondary healing is via formation of 

soft cartilaginous callus, which hardens later and subsequently undergoes mineralization 
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and resorption to eventually get replaced by woven bone [49]. This process is known as 

‘endochondral ossification’ which recapitulates some aspects of embryonic skeletal 

development [49]. In the early stages of healing, the callus regions away from undisturbed 

periosteum that are closer to the fracture line gets deprived of blood supply [47]. 

Avascular conditions impair differentiation MSCs into osteoblasts; but, give rise to MSC 

differentiation into chondrocytes as they are well suited for avascular and hypoxic 

conditions [47]. On the other hand, fracture gap and adjacent callus regions would 

predominantly consist of fibrous connective tissue due relatively high tissue strains [47]. 

Under relatively high strains MSCs tend to differentiate into fibroblasts and form fibrous 

connective tissue [47, 58]. However, the newly formed chondrocytes proliferate and 

synthesize cartilage tissue to form soft callus. Soft callus provides stability to the fracture 

site and minimizes strains within the fracture gap under loading [59].  

With time chondrocytes undergo hypertrophy, release calcium and die off (i.e. apoptosis). 

Hypertrophic chondrocytes secrete growth factors that attract osteoclasts which degrades 

calcified cartilage [59]. As the cartilaginous callus regions bridge, IFMs and tissue strains 

within the fracture gap reduces significantly and allows blood vessels to invade the 

degrading calcified callus. Blood vessels bring in monocytes and MSCs that differentiate 

into osteoclast-like cells and osteoblasts, respectively. The former actively involves in 

resorption of calcified callus while the latter synthesises new bone to fill in the resorbed 

regions [47]. After bony bridging, IFMs and tissue strains within the fracture gap reduces 

further to allow intramembranous ossification to occur. Subsequently, fibrous connective 

tissue is replaced fully with woven bone tissue.   

 

Remodelling phase 

Although formation of woven bone during the reparative phase stabilizes the fracture site 

and allows load bearing, it does not restore the pre-fracture morphology or properties of 

bone [49]. Therefore, secondary healing involves a remodelling phase in which hard 

callus made of woven bone is gradually replaced with lamellar bone. Osteoclastic 

resorption occurs in the periosteal callus once the fracture gap is filled with woven bone. 

Within the cortical zone, woven bone is remodelled by osteon formation similar to 

primary healing. During this phase medullary cavity is re-established by resorption of 
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endosteal callus [47]. Thus, the fractured bone restores its morphology and properties 

during this phase which can last for prolonged periods. In general, it is approximated that 

the inflammatory, reparative and remodelling phases can take around 10 %, 40 % and 70 

% of the total healing times respectively with overlaps as shown in Figure 2.3. 

 

 

 

 

 

 

 

 

 

 

 

Figure 2.3 Approximate relative times for different phases of secondary healing 

expressed as percent of total healing time and the time dependent intensities of response 

Based on Richard et al. [60] 

 

2.4.5 Fracture union, delayed union and non-union 

Different bones take different times to heal following fracture. Moreover, any two 

fractures on the same type of bone could take different healing times depending on other 

factors that influence healing. Therefore, universal definition of healing time is 

impossible. In clinical point of view, a fracture is deemed to have healed if clinical union 

of bone fragments is detected [5]. Clinical union refers to the point when bone reaches 

sufficient strength beyond which no further treatment is generally necessary. For fractures 

treated with external bone fixation devices, clinical union  marks the time for removal of 

fixators [61]. It should be kept in mind that clinical union does not refer to an end point 

of healing but some point during the reparative phase when bone reaches sufficient 

strength to take physiological loads [60]. Generally, whether a fracture has achieved 

clinical union or not is judged both by clinical and radiographic assessments [62]. Clinical 

criteria used to define clinical union includes : no pain / tenderness when bearing weight, 

This image has been removed by the author of this thesis for copyright reasons 
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ability to bear weight, no motion at fracture site on examination etc. [63] On the other 

hand, radiographic criteria for defining clinical union includes : bridging of fracture, 

obliteration of fracture line, absence of hardware loosening etc. [63] Out of these different 

criteria, no pain when weight bearing and bridging of fracture are the most commonly 

used clinical and radiographic criterions, respectively, for defining clinical union [63]. 

Judging clinical union purely based on clinical criteria is rare and surgeons most 

frequently use  radiographic methods in the recent times [63].  

Bony bridging of peripheral callus, which is an indicator of successful healing occurs in 

humans typically between 8 – 16 weeks post fracture [47]. However, this depends on 

numerous subject specific factors that influence fracture healing [47]. However, in certain 

cases healing takes longer than usual which could be indicative of impaired healing. 

Unlike in other tissues, most bone fractures can heal without scars and restore most or all 

its pre-fracture properties. Once fully healed, newly formed bone becomes 

indistinguishable from the old bone [56]. However their intrinsic healing capacity may 

not always be enough, and some external intervention may be required in some cases [7]. 

Generally, 90-95 % of the fractures heal without problems [64]. But there is a small 

proportion of fractures in which the bone repair process is impaired. This leads to 

undesirable conditions such as delayed union or non-union.  

When healing takes longer than acceptable time frames it is referred to as delayed healing. 

Acceptable time frame is subjective and depends on many patient specific factors [65]. 

In delayed healing, it is expected that fracture should eventually heal without additional 

interventions. Non-union on the other hand is a condition where there is no possibility of 

healing without further intervention. However, judgement of the possibility of healing 

without further intervention is up to the physician treating the fracture. It is suggested that 

a fracture that is at least 9 months old could be a non-union if either many different 

therapeutic measures have been tried already [66] or no signs of healing is seen for 3 

consecutive months [64]. When a fracture results in non-union or delayed union, patients 

may experience prolonged functional disability and pain. Furthermore, these conditions 

can financially affect patients due to their inability to return to work for longer periods 

and additional treatment costs. Therefore, it essential that undesirable healing conditions 

such as delayed union or non-union are eliminated.  
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Delayed unions and non-unions result from poor healing conditions arising from one or 

more of the factors that influence fracture healing being unfavourable. Lack of blood 

supply or mechanical stability are some of the main reasons that cause unfavourable 

healing environments [49]. However, there are number of other factors that can affect the 

healing environment unfavourably and result in delayed union or non-union. Therefore, 

it is crucial to understand these factors to ensure satisfactory healing outcomes. 

2.4.6 Factors controlling fracture healing  

In the cascade of fracture healing, both biological and mechanical factors play influential 

roles in controlling the progression of healing. They interact with each other and result in 

complex fracture healing pathways [53]. A diamond concept for fracture healing was 

proposed to describe the complex interaction of the following four key factors that affect 

fracture healing : Osteogenic cells, osteoinductive mediators, osteoconductive matrix and 

mechanical environment [53, 67]. 

Osteogenic cells   

Availability of a vibrant cell population is a fundamental requirement for unimpaired 

fracture healing. Early granulation tissue, cartilaginous tissue and bone tissue are formed 

as a result of cellular activities. MSCs migrating into the fracture site differentiate into 

tissue forming cells such as fibroblasts, chondrocytes and osteoblasts to synthesise 

tissues. Evidence suggests that periosteum is the greatest source of MSCs during fracture 

healing [55]. In addition, MSCs migrate into the fracture callus from bone marrow and 

surrounding soft tissues as well [68]. Osteoblasts and committed pre-osteoblasts residing 

in cortical bone migrate into fracture callus and contribute to intramembranous 

ossification  [59, 68, 69]. Fibroblasts  present in bone marrow [70] and surrounding soft 

tissues [71] could also migrate into fracture callus and take part in connective tissue 

formation [59]. Chondrocytes on the other hand are believed to form within callus via cell 

differentiation processes [55, 59].  

In addition to the tissue forming cells, osteoclasts and endothelial cells are also activated 

during fracture healing to play their respective roles. Osteoclasts are derived from 

hematopoietic macrophage or monocyte lineage precursors [72]. Bone marrow is one of 

the origins of  hematopoietic precursors [73]. Osteoclasts along with fibroblasts initiates 
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the conversion of haematoma into granulation tissue in the very early stages of healing. 

Later, osteoclasts take part in degradation of calcified cartilage and resorption of woven 

bone in the reparative and remodelling phases, respectively [59, 72]. Endothelial cells 

that are responsible for angiogenesis originate mainly from cortical bone and bone 

marrow from very early stages of healing to drive intramembranous and endochondral 

ossifications [74]. 

Osteoinductive mediators  

The differentiation of MSCs and subsequent synthesis of tissues is governed by several 

osteoinductive mediators (i.e. growth factors) present within the fracture site. It is known 

that signalling molecules such as interleukins (IL), tumour necrosis factor – α (TNF- α), 

fibroblast growth factor (FGF), insulin-like growth factor (IGF), platelet-derived growth 

factor (PDGF), vascular endothelial growth factor (VEGF) and transforming growth 

factor β (TGF- β)  are expressed at different timepoints within the fracture site to regulate 

different activities of the healing cascade [53]. These factors are secreted by MSCs, 

osteoblasts, chondrocytes, osteoclasts, monocytes, macrophages, endothelial cells and 

platelets. The sources and functions of some of the important growth factors are briefly 

summarized below: 

• Interleukin – 1 (IL-1) : IL-1 is produced by macrophages mainly during the 

inflammatory and remodelling phases. The functions of IL-1 include increasing 

fibroblastic collagens, collagen cross-linking, stimulating angiogenesis and 

selectively degrading callus tissue [48, 75]. 

• Interleukin – 6 (IL-6) : IL-6 is produced by osteoblasts mainly during the 

inflammatory and remodelling phases. The main function of IL-6 is stimulating 

bone resorption [48, 75]. 

• Tumour necrosis factor – α  (TNF- α) : TNF- α is produced by macrophages, 

lymphocytes and monocytes mainly during the inflammatory phase and by the 

end of endochondral ossification. The main functions of TNF- α include 

stimulating osteoclast function, recruiting MSCs and inducing apoptosis of 

hypertrophic chondrocytes [48]. 

• Fibroblast growth factor -I (FGF-I) : FGF-I is produced by macrophages, 

osteoblasts and immature chondrocytes at different time points of healing. The 
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main functions of FGF-1 include promoting blood vessel formation and 

stimulating collagenase [75]. 

• Fibroblast growth factor - II (FGF-II) : FGF-II is produced by macrophages, 

osteoblasts, chondrocytes and hypertrophic chondrocytes at different time points 

of healing. The main functions of FGF-II include promoting blood vessel 

formation, stimulating collagenase and acting as chemoattractant and mitogen for 

chondrocytes [75]. 

• Insulin-like growth factor – I (IGF-I) : IGF-I is produced by osteoblasts during 

intramembranous ossification and pre-hypertrophic chondrocytes. The main 

functions of  IGF-I  include increasing collagen synthesis, stimulating pre-

osteoblastic cells and increasing osteoclast precursors [75]. 

• Insulin-like growth factor – II (IGF-II) : IGF-II is produced by proliferating 

chondrocytes and osteoclasts mainly during bone resorption . The main functions 

of IGF-II include increasing collagen synthesis, increasing osteoblast precursor 

cell proliferation during resorption, promoting cartilage synthesis and modulating 

osteoclast function [75]. 

• Platelet-derived growth factor (PDGF) : PDGF is produced by platelets, 

monocytes, activated tissue macrophages and endothelial cells constantly post-

inflammation. The main functions of PDGF include stimulating MSC 

proliferation, helping cartilage and bone formation, acting as mitogen for 

connective tissue cells and promoting resorption [75].  

• Vascular endothelial growth factor (VEGF) : VEGF is produced by endothelial 

cells, macrophages, fibroblasts, smooth muscle cells, osteoblasts and hypertrophic 

chondrocytes at different time points of healing. The main functions of  VEGF 

include controlling angiogenesis, inducing proliferation and differentiation of 

osteoblast precursor cells and promoting MSC chemotaxis [76]. 

• Transforming growth factor β (TGF- β) : TGF- β is produced by platelets, 

monocytes, macrophages, osteoblasts, osteoclasts, MSCs, endothelial cells and 

chondrocytes mainly during intramembranous ossification, chondrogenesis and 

endochondral ossification. The main functions of  TGF- β include acting as 

chemoattractant for macrophages, promoting angiogenesis, inducing MSC 
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differentiation into chondrocytes and osteoblasts, and promoting cartilage 

calcification [75]. 

Thus, the interplay between different cells and growth factors is a key aspect of fracture 

healing. So far, various cell and growth factor therapies have been developed to 

biologically enhance fracture healing potential. For example, genetically engineered 

MSCs, differentiated osteoblasts and TGF-β superfamily members such as bone 

morphogenetic proteins (BMP) are being used clinically to treat delayed unions and non-

unions [53]. 

Osteoconductive matrix 

The next important factor controlling fracture healing is osteoconductive matrix, which 

refers to the extracellular matrix (ECM) that provides the environment for the cellular 

processes and their interactions with other factors to take place. ECM is a dynamic 

meshwork of self-assembled  macromolecules composed of collagens, proteoglycans / 

glycosaminoglycans, elastin, fibronectin, laminins and several other glycoproteins [77, 

78]. When natural scaffold provided by ECM is inadequate, external intervention is 

necessary [67]. Current clinical strategies include the use of natural and engineered grafts 

as filler materials to provide scaffold to the fracture site. Sometimes such materials are 

enriched with osteogenic or osteoconductive factors to maximize the healing potential 

[53].  

Mechanical Environment 

Another important factor that controls fracture healing is mechanical environment [53]. 

Mechanical stability controls the mechanical environment of the fracture site which has 

a direct influence on cellular activities. Cells are sensitive to biophysical stimuli; 

therefore, mechanical environment could be used to stimulate cells in specific pathways 

[58]. Fracture sites require mechanical environment to be favourable throughout the 

course of healing starting from early callus formation to remodelling. The objectives of 

most fracture treatments whether it is a simple application of plaster cast or open surgical 

reduction with internal fixations is to ensure that the fracture site is adequately stable and 

thereby enhance healing [53]. 
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Mechanical environment at the fracture site depends on number of factors such as fracture 

geometry, fixation rigidity and mechanical forces [19, 79, 80]. Experimental evidence 

shows that unfavourable mechanical environments arising from large gap sizes, loose 

fixations and excessive IFSs (due to physiological loading) increase the risks of delayed 

unions and non-unions [8, 19]. Conversely, small gap sizes and moderate fixation 

stiffness and loading were shown to be beneficial for healing as these conditions can 

promote osteogenic and chondrogenic pathways [8]. However too rigid fixations or too 

little IFS (due to little or no loading) could also affect callus formation and bone quality 

[8, 81, 82]. Therefore, care and caution are essential during reduction of fractures, 

application of fixation and design of post-operative physiological exercises for successful 

fracture treatment.  

Vascularity  

The original diamond concept was later extended to incorporate vascularity and the host 

factors [67, 83] due to their importance. Vascularity is one of the most influential factors 

that affect healing. It has been shown that adequate blood supply is a prerequisite for 

osteogenesis; whereas, avascular environments are conductive to chondrogenesis. VEGF 

plays an important role in regulating angiogenesis (i.e. formation of new blood vessels) 

and production of VEGF is suggested to be the main coupling mechanism between 

angiogenesis and osteogenesis [84].  During endochondral ossification, angiogenesis 

plays an important role in transforming cartilaginous tissue into woven bone. VEGF is 

produced by both osteoblasts and hypertrophic chondrocytes and known to attract 

endothelial cells which are responsible for vasculature development [59]. Mechanical 

stability is an essential requirement for vasculature development because high tissue 

strains at the fracture site can rupture blood vessels and inhibit angiogenesis.  

Host factors 

In addition to the aforementioned factors, fracture healing can be influenced by pre-

existing co-morbidities such as diabetes or osteoporosis. These subject specific biologic 

conditions are referred to as host factors and need to be taken care of when treating 

fractures [67]. Healing under such biological conditions would be different from normal 

fracture healing. For example, it has been reported that osteoblasts from osteoporosis 

patients did not exhibit same level of proliferation or TGF-β release as observed in healthy 
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donors [8]. Studies have also reported that genetic variations can positively or negatively 

impact healing [83]. Fracture healing time and rate of strength / stiffness gain could be 

influenced by subject specific genetic conditions. Therefore, all these factors have their 

roles in influencing fracture healing. Thus, fundamental understanding of their interplay 

is essential for successful treatment. Figure 2.4 depicts the diamond model of bone 

fracture healing interaction. This has gained wide acceptance as a conceptual model for 

identifying what is essential for successful healing and to manage unfavourable 

conditions such as delayed union and non-unions [67]. 

It is essential that any enhancement done based on the diamond concept be contained 

locally within the target site for the maximum effect. The need for containment has led to 

the incorporation of the concept of ‘biological chamber’ in the diamond concept. The 

concept suggests that a bio-reactor would be developed locally to confine the treatment 

to a non-union site via modifications to soft tissue or biological membranes [67]. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 2.4 The diamond model of bone fracture healing interactions 

Adopted from Andrzejowsk and Giannoudis with permission [67] 

 

This image has been removed by the author 

of this thesis for copyright reasons 
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Timing 

Successful treatment of fractures not only requires manipulation of any one or more of 

the aforementioned factors favourably but also the right time to do it. Many studies on 

different treatment strategies have demonstrated the criticality of timing in fracture 

treatments. Animal experiments and clinical studies on fractures/osteotomies treated with 

external bone fixators have demonstrated the beneficial and adverse effects of early and 

late weight bearing, respectively on fracture healing [85, 86]. Studies investigating the 

effects of different cell or osteoinductive mediator administrations on animal fracture 

healing have shown that timing of delivery is a pivotal factor in deciding the outcome of 

administration [87, 88]. Similarly, timing is crucial for the placement of bone grafts and 

‘dynamization’ of bone fixation devices [89-91]. Therefore, for a treatment to be 

effective, it is important to determine the most suitable timings for the chosen treatment 

strategy. 

Notably, the early stage of fracture healing is of prime importance as it is very sensitive 

to external factors and decisive of the differentiation pathways of MSCs (i.e., 

chondrogenic, osteogenic, etc.). Therefore, actions taken during the early stages are 

crucial as they could influence the whole healing process [16, 17]. Healing time and bone 

quality could be significantly changed as a result of initial conditions [19].   

In the myriad of factors that affect fracture healing and their complex interplays, obtaining 

a comprehensive understanding of the roles of individual factors on healing process is 

very challenging. Nevertheless, the advancements in the fields of biomedicine, tissue 

engineering and computational biology in the past few decades have unravelled many 

unknowns of fracture healing biology and continue to provide new insights.    

 Types of studies on bone fracture healing 

In studies on fracture healing, data can be obtained from different observational levels. 

Generally, there are three main observational levels : cellular level, tissue level and 

clinical level [81]. Data obtained at each level is essential for comprehensive 

understanding of the process and subsequent clinical applications. Studies on fracture 

healing could generally take either clinical or experimental or computational approach. 

Each of these approaches have its own advantages and limitations.  
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2.5.1 Clinical studies 

Clinical studies report findings obtained under realistic conditions and therefore have 

direct clinical relevance. However, standardization of clinical data across multiple studies 

or sometimes even within the same study could be difficult due to the high levels of inter 

subject variabilities present in clinical trials [92]. Therefore, it is not always possible to 

draw clear conclusions from clinical studies. Nevertheless, they are indispensable in field 

of biomedicine to assess clinical significance of any new treatment strategy.  

2.5.2 Experimental studies 

Experimental studies on fracture healing could be of different types such as in-vivo, ex-

vivo or in-vitro and are usually designed to mimic realistic conditions under controlled 

environments to obtain useful data for comparative analysis. In most experimental 

studies, animal models are used as alternatives to human models due to ethical issues 

associated with using human models in research. Although the use of animal models 

poses limitations in directly translating findings to clinical applications, animal 

experiment is still one of the best options available to gain fundamental understanding of 

any biological process. Generally, animal models are used in research studies based on 

the “August Krogh Principle” which states that “for a large number of problems there 

will be some animal of choice, or a few such animals, on which it can be most conveniently 

studied ” [93]. Therefore, researchers are left with the decision of choosing the right 

animal model that best fits the purpose of study [93]. 

Experiments may require state of the art equipment, well controlled environments and 

careful planning [94]. Sometimes, due to the inherent complexity of fracture healing 

process, experimentation could be either too expensive, time consuming or impractical 

[18]. Furthermore, inter-subject variabilities arising from host factors such as 

comorbidities or other factors cannot be fully eliminated in experiments [94].  

2.5.3 Computational studies  

Computational models in fracture healing studies have been used to overcome the 

limitations associated with experimental and clinical approaches [94]. Owing to the 

ability of computers in handling multiple inputs and processes, computer models provide 

an excellent framework to study the complex fracture healing process systematically and 
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effectively. With computational power growing exponentially, simulation of very 

complex processes is becoming increasingly affordable in terms of time and money [95]. 

Moreover, computational models offer perfect repeatability and eliminate the issues due 

to inter-subject differences which are generally inevitable in experimental and clinical 

approaches. 

Nevertheless, experimental and clinical evidence are essential elements of any biomedical 

research. Therefore, the purpose of computer models in fracture healing studies is to be 

used as reliable tools in simulating healing process under specific conditions [96]. The 

main advantage of such models is that they could be used to test new hypotheses prior to 

experiments which can help in deciding whether an experimental study is worth the time 

and resources in the first place [96]. It also helps to identify any unforeseen aspects of 

experiments beforehand and make changes accordingly. This enables experiments to be 

conducted efficiently. Computational models could even prompt development of new 

hypotheses. Thus, computational models augment clinical and experimental studies to 

elucidate our understanding on the complex fracture healing process [97]. However 

careful consideration of the modelling assumptions and/or simplifications and their 

effects on model predictions is crucial with computational studies. In addition, validity of 

the model should be ensured by comparing model predictions with clinical and 

experimental data.  

 Computer methods in bone fracture healing 

It is known that fracture healing is controlled by a variety of biological and mechanical 

factors. However, most fracture healing models in literature describe healing process 

using specific biological or mechanical variables. Based on the nature of these variables, 

computational models of bone fracture healing can be classified into either mechano-

regulatory models or  bio-regulatory models or mechano-bio-regulatory models [98]. 

2.6.1 Mechano-regulatory Models 

Mechano-regulatory models assume that fracture healing is regulated by mechanical 

factors and do not directly consider the effects of bio-chemical factors such as growth 

factors. Many mechano-regulatory models have been proposed so far [57, 99, 100]. 

Perren [10], described tissue differentiation in fracture healing using the level of tissue 
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elongation within the callus. Elongations below 2 % were suggested to result in bone 

formation and those between 2 – 10 %, 10 -15 % and 15-100 % were suggested to form 

cartilage, fibrous and granulation tissues, respectively.  

Claes and Heigele [57] used principal strain and hydrostatic pressure within the callus to 

describe tissue differentiation. Based on animal experiments, they defined threshold 

values for different types of tissue differentiation. It was suggested that local strains less 

than 5 % and hydrostatic pressure between -0.15 - 0.15 MPa were conductive to bone 

formation; principal strains less than 15 % and compressive hydrostatic pressures less 

than -0.15 MPa were conductive to cartilage formation and all other combinations of the 

two variables would result in connective and fibrocartilaginous tissues [57].  

Prendergast et al. [58, 100] described fracture healing based on stimulation index “S” 

defined as S = γ / a + v / b, where, γ is the octahedral shear strain of solid phase, v is the 

interstitial fluid flow, a = 0.0375, and b = 3 μm s−1. As per this model, S values less than 

1 would lead to bone formation; S values between 1 and 3 would lead to cartilage 

formation; and S values above 3 would lead to fibrous tissue formation. 

Pauwels [101] and Carter et al. [102] proposed similar mechano-regulation models to 

describe fracture healing using two mechanical variables. The model of Pauwels [101] 

was based on volumetric and deviatoric deformations; whereas, principal tensile strain 

and hydrostatic pressure were used in the model of Carter et al. [102]. However, these 

models did not specify quantitative threshold values for tissue differentiation.  

Isaksson et al. [103] tested the possibility of describing fracture healing using either (i) 

deviatoric strain or (ii) fluid pressure or (iii) fluid velocity and concluded that deviatoric 

strain alone could be used to describe fracture healing satisfactorily. In a different study, 

Isaksson et al. [99] simulated a well-controlled sheep tibial fracture healing experiment 

using different mechano-regulatory models. The study compared the predicted tissue 

differentiation patterns with those observed histologically at different time points. The 

results showed that the model proposed by Prendergast et al. [58, 100] is more accurate 

and versatile than the alternatives. 

The original model of Prendergast et al. [58, 100] was extended by Lacroix et al. [104] to 

incorporate distribution of MSCs within the callus. Later, the model was further extended 



 

32 

 

by Lacroix and Prendergast [105] to incorporate bone resorption process and used to 

investigate the effects of loading and gap size on fracture healing. The model [105] was 

able to predict formation and removal of different tissues within the callus and reduction 

of interfragmentary strains (IFS) with time, very similar to those observed in sheep 

experiments. In another study, Steiner et al. [106] showed that the model of Claes and 

Heigele [57] is also versatile and capable of simulating fracture healing process 

accurately, after sufficient calibration of the uncertain input parameters in the model. 

They showed this by comparing the calibrated model results with multiple in-vivo sheep 

experiment results. Similarly, numerous improvements have been made to many of the 

original models in the past such as incorporating angiogenesis, oxygen supply etc. [106-

109]. These studies demonstrate that mechano-regulatory models can successfully 

simulate many of the key aspects of fracture healing such as spatial tissue distribution 

patterns, stiffening of callus with time and the effects of fracture geometry and loading 

on fracture healing. 

2.6.2 Bio-regulatory Models 

Bio-regulatory models on the other hand, describes fracture healing in terms of bio-

chemical factors such as growth factors. Bailon-Plaza and Van Der Meulen [110] first 

proposed a bone fracture healing model taking into account the roles of Osteogeneic 

Growth Factor (OGF) and Chondrogenic Growth Factor (CGF) on tissue differentiation 

during fracture healing. In their study, the following seven variables were used to describe 

fracture healing: MSC, osteoblasts, chondrocytes, bone tissue, connective/cartilage 

tissue, OGF and CGF.  

Based on their study [110], Geris et al. [59] developed a bioregulatory model to 

investigate the roles of VEGF and angiogenesis on fracture healing. Geris et al.[59] added 

separate variables for fibroblasts, endothelial cells, fibrous tissue, vasculature and VEGF. 

Thus, fracture healing process was described using twelve interdependent variables. 

Using their model, Geris et al. [59] predicted the tissue patterns within the endosteal, 

cortical and periosteal regions of the callus after 1,3 and 5 weeks post-fracture and 

compared the same with those observed in a rat experiment. The results indicated that the 

model successfully predicted many key aspects of fracture healing such as 

intramembranous ossification, endochondral ossification, cell migration, angiogenesis 
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and the effects of impaired angiogenesis on healing. Since then, the model was improved 

by Geris et al. number of times [74, 111] and some of the recent improvements include 

the incorporation oxygen as a critical determinant of fracture healing [112].  

Bio-regulatory models provide key insights into the fundamental bio-chemical processes 

involved in fracture healing. However, they totally neglect the role of mechanical factors 

on fracture healing. Therefore, these models are suitable to study the cause-effect 

relationships of biochemical variables during fracture healing. 

2.6.3 Mechano-bio-regulatory Models 

There are bone healing models that incorporate both mechano-regulation and 

bioregulation, hence, called mechano-bio-regulatory models. Bailon-Plaza and Van Der 

Meulen [113] improved their original model [110] to include the effects of mechanical 

forces on bone healing. Their model assumed deviatoric strain to stimulate bone 

formation and dilatational strains to inhibit it. The model [113] predicted positive effects 

due to moderate loading and negative effects due to excessive loading on fracture healing. 

The study also demonstrated the negative effects of delaying mechanical stimulation in 

rigidly fixed fractures.  

Later, Geris et al. [114], based on the work of Bailon-Plaza and Van Der Meulen [113], 

incorporated mechano-regulation into their original bio-regulatory model [59]. Their 

model [114] considered the effects of mechanical factors on both angiogenesis and 

osteogenesis and  demonstrated its capability to simulate fracture healing similar to those 

observed in many experimental studies. The model [114] provided an excellent 

framework to study the interrelationships between mechanics, angiogenesis and 

osteogenesis in fracture healing. 

Thus, number of studies in literature so far have already demonstrated the potential of 

computer models in simulating fracture healing reliably. This prompted many researchers 

to use computational models to test different treatment methods, which is discussed 

briefly under section 2.9. Before moving to there, this thesis discusses about different 

treatment strategies available for bone fractures.  
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 Treatment of bone fractures 

Biology and mechanics are the two cornerstones of fracture healing [8]. As bones have 

intrinsic capacity to heal by itself, fracture treatments usually focus on providing suitable 

mechanical environment at the fracture site to best utilize the biological healing capacity 

of bones [7, 9]. In general fracture treatments involve reduction and stabilization of the 

fracture site followed by rehabilitation [9].  

Depending on the nature of fracture and other factors, treatments follow either non-

operative or operative procedures [9]. In general, most stable fractures could be treated 

with simple non operative procedures as they maintain position. But for unstable 

fractures, often surgical interventions are required. The primary aim of both operative and 

non-operative procedures is to restore functionality [115]. Some of the common treatment 

procedures to manage fractures include the followings [9]: 

• Plaster casts : Under functional loading, plaster casts provide controlled motion 

which permits callus development and leads to secondary healing. 

• Traction : Traction is an old-fashioned method which involves application of 

forces to maintain reduction. As micro-motion is permitted within the fracture 

site, secondary healing takes place via callus formation. 

• Internal fixations : Internal fixations require surgical procedure and are often used 

to treat unstable fracture. Examples of internal fixations include bone plates and 

intramedullary nails. Depending on the level of stability internal fixations may 

lead to either primary or secondary healing. 

• External fixations : External fixations also require surgical procedure but are 

minimally invasive in nature. These are particularly useful when fractures involve 

extensive soft tissue damage. External fixations generally permit micromotions 

and allow secondary healing to take place.   

Majority of the fractures are treated successfully without complications [8]. In the rest, 

causes of treatment failure need to be systematically investigated to take remedial actions 

to enhance healing. The diamond concept (Figure 2.4) provides a conceptual framework 

to plan and manage unfavourable healing outcomes [67]. Possible methods for fracture 

healing enhancement include : cell therapy, stimulation by growth factors, bone grafting, 

mechanical intervention, ultrasound or electromagnetic stimulation and gene therapy 
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[116]. These methods could also be used to minimize healing time or enhance bone 

quality in normally healing fractures.   

When stabilizing fractures, the choice of fixation is mainly governed by the nature of the 

fracture and patient specific conditions. Stable fractures could be easily managed without 

surgical procedures [9]. However, when a fracture is unstable, surgical techniques could 

become necessary. In such cases minimal invasive techniques are preferable as they 

minimize additional damage to the fracture site [115]. External bone fixations are 

advantageous in this regard [12]. 

External fixation devices 

Unlike in the past where use of external bone fixation devices was often a last resort, the 

use of external bone fixation devices has gained popularity in the recent decades and are 

gradually becoming one of the mainstream techniques to treat various bone defects [12]. 

In external bone fixation devices, bone fragments are held in position by pins, nails or 

wires which are attached to an external scaffolding [12, 117].  

 

 

 

 

 

 

 

 

 

 

 

 

Figure 2.5 Typical (a) unilateral fixator and (b) ring fixator 

Adopted from Valentino et al. [118] and Alqahtani et al. [119] with permission 

 

These images have been removed by the author of this thesis for copyright 

reasons 
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In addition to being minimally invasive, external bone fixations provide numerous 

advantages such as tailorability to patient specific conditions, post-operative adjustability 

throughout the course of healing and removability upon satisfactory healing [12]. 

External bone fixations are very beneficial in cases where fracture include soft tissue 

damage as open fractures which could preclude internal fixations [9]. Furthermore, 

external fixations are relatively flexible which is beneficial for callus development in the 

early stage of healing [9]. There two basic types of external fixators [12]: 

• Unilateral fixators : These fixators (Figure 2.5 a) consist of percutaneously placed 

pins or screws connected using an external rod. Rods or screws need to penetrate 

near cortex, medullary canal and far cortex and should be terminated without 

penetrating further into the soft tissue on the far cortex side [120].   

• Ring fixators : These fixators (Figure 2.5 b) consist of very fine wires and attached 

to circular or semi-circular rings. In ring fixators, fine wires pass through the limb 

and attached to the rings on either side of the limb. Ring fixators are more 

commonly referred to as Ilizarov circular fixators (ICFs) or simply Ilizarov 

fixators, named after the surgeon who introduced it.  

While both unilateral fixators and ICFs can provide excellent fracture site stability and 

lead to successful union, ICFs possess some unique features that are highly desirable for 

treating number of different bone defects [12]. A good understanding about ICF and how 

it differs from unilateral fixators is necessary to appreciate the full potential of ICF in 

treatments. 

 Ilizarov circular fixators (ICFs) 

ICF was introduced by Prof. Gavriil Abramovich Ilizarov from Kurgan, Russia in the 

early 1950s  [14, 15].  As shown in Figure 2.6, ICF is a modular fixator which could 

consist of rings, rods, wires, pins and nuts and be assembled in countless possible 

configurations depending on patient specific requirements [14]. Choosing appropriate 

ICF configuration depends on several factors such as location and geometry of the bone 

defect, level of soft tissue damage and functional requirements. In contrast to unilateral 

fixators which use pins of diameters in the range of 4 – 6 mm, ICFs use only 1.5 or 1.8 

mm diameter smooth or beaded Kirschner wires to affix bone fragments to the fixator 
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[14, 121]. Thus, ICFs minimize damage to the fracture site further by minimizing 

invasion.   

ICF rings are available in different diameters ranging from 80 – 300 mm. In general the 

smallest diameter ring that will fit the limb with at least 2 cm clearance from the skin is 

used for maximal stability and minimal skin damage [12]. To ensure that the fixation is 

stable enough, fine wires are generally pretensioned between 491 – 1275 N (i.e. 50 – 130 

kg) and secured to the rings using slotted bolts and nuts [122]. However, some or all wires 

in ICFs could be substituted with half pins if required. In such cases the fixation is referred 

to as hybrid fixation [14].  

                                    

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 2.6 Components of a typical Ilizarov circular fixator (ICF) 

Adopted from Alqahtani, et al. [119] with permission 

 

Although the exact definition of optimal mechanical environment for fracture healing is 

not defined, it is known the low levels of axial strains have positive effects whereas high 

axial strains and shear strains have inhibitory effects on fracture healing [123]. Therefore, 

an ideal fracture fixation should have nonlinear axial stiffness and high shear stiffness. In 

other words, the fixation should allow low axial motion but prevent high axial or shear 

This image has been removed by the author of this thesis for copyright reasons 
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motions within the fracture site [123]. It has been shown that ICFs fulfil these criteria as 

crossed pretensioned wires provide high shear stiffness and non-linear axial stiffness 

[123]. Nonlinear axial stiffness of ICF is attributed to pretension wire behaviour under 

loading. When bone fragments are subjected to axial loading, pretensioned wires undergo 

transverse movement and develop additional wire tensions beyond the initial wire 

pretension levels. With the increase of wire tension, ICF will develop more resistance to 

axial movement as the axial stiffness of ICF depends on wire tension. This will lead to 

ICF becoming increasingly stiffer with axial load, exhibiting a non-linear behaviour 

[124]. Nonlinear axial stiffness of the fixator permits relatively more motion under low 

loads which presumably stimulates callus formation; but, prevents damage from 

excessive movements under high loads [12].  

2.8.1 Comparison of ICF with unilateral fixator 

Unilateral fixators were shown to be relatively more rigid which prevents axial 

movements [125]. This could possibly explain why ICFs were successful in promoting 

osteogenesis where unilateral fixators failed [12]. In addition, unilateral fixators undergo 

cantilever bending when subjected to axial loading and demonstrate non inform loading 

at the fracture site [12]. This can cause significantly different sizes of peripheral callus on 

the near and far cortex sides [126]. However, when ICFs are subjected to axial loading, 

even loading is produced at the fracture site [12]. This could prevent malunion and 

enhance healing. 

Furthermore, when multiplanar fixations are necessary, ICFs could be beneficial over 

unilateral fixators. With unilateral fixators, additional frames may be required in different 

planes for this purpose. However, owing to its circular nature, ICF provides 

circumferential access to limbs making multiplanar fixations relatively simple [12]. 

Moreover, with the advent of Taylor spatial frame (TSF), which is an advanced variant 

of ICF, almost any multiplanar correction could be done with precision and ease [127, 

128]. Figure 2.7 shows a typical TSF with six adjustable length struts (i.e. hexapod) which 

permits easy manipulation of the fracture site. 
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Figure 2.7 Taylor spatial frame (TSF) mounted on a surrogate human tibia (shinbone) 

 

It is important to note that unilateral fixators are advantageous over ICFs to treat defects 

in humerus (upper arm bone) and femur (thigh bone) which have bulky surrounding soft 

tissues [12]. Having full rings around upper arms or thighs could cause discomfort to 

patients. In most cases use full ICF rings at these locations could be impractical. 

Furthermore, drilling wires through muscle compartments at these locations could be 

unsafe [12]. Therefore, unilateral fixators are more suited in such cases.  

Nevertheless, humeral or femoral defects do not preclude the use of ICFs. It possible to 

use ICFs in hybrid form with arches, open rings and half pins at these locations. However, 

the fixator behaviour of hybrid ICFs would be different to those of traditional ICFs. Some 

studies have shown that both hybrid and traditional ICFs are comparable in terms of 

stiffness [121, 129] while some others have shown that hybrid ICFs have superior bending 

and torsional stiffness [130]. However, stiffness of ICF is configuration specific, therefore 

it is necessary to ensure that the configuration chosen is of adequate stiffness. As ICFs 

are modular and versatile, surgeons usually have plenty of different options to choose 

from.     

2.8.2 Limitations of ICF 

Despite being advantageous in many aspects, ICFs do have a few limitations. Clinical 

studies have reported that ICFs are inherently flexible and result in large IFMs under 
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weight-bearing in the early stages of healing [131, 132]. Since fracture site environment 

in the early stage could have lasting effects, larger IFMs resulting from ICFs could be 

detrimental to healing. However, traditionally early weight bearing is suggested to have 

beneficial effects on fracture healing under ICFs [12]. These contradicting clinical 

observations could be due to inter subject differences in factors such as fracture geometry, 

body weight and ICF configuration which can significantly influence IFMs within the 

fracture site. Therefore, it is essential that surgical fixation of ICF is carried out based on 

sound biomechanical principles taking subject specific parameters into consideration. 

However, predicting biomechanical behaviour of ICF under clinical settings to choose 

the best configuration on a case-by-case basis is not easy.    

Patient intolerance is one of the major problems associated with treatments using ICFs 

[133]. Since ICFs are bulky external fixators, they can cause discomfort to patients during 

daily activities. In addition, wrongly placed wires through muscles could cause functional 

limitations [13]. Furthermore, wires and pins may loosen and cause pain to patients [13].  

Another important drawback of ICFs is the risk of pin tract infections [133]. Colonized 

bacteria present in pins and wires that are inserted into bone and soft tissues could cause 

infections and require special care [134]. Although pin tract infections have been reported 

not to affect the outcome, this continues to be a matter of argument as infected wire or 

pin tracts could become loose and affect the overall stability of the fixation [135]. It is 

believed that longer treatment durations (> 3 months) increase the risk of pin tract 

infections [134].  

Therefore, minimization of treatment time with ICFs is of utmost importance as longer 

treatment times would increase the duration of physical discomfort, financial burden, risk 

of complications such as infections and risk of additional surgical procedures [7]. 

However delayed healing is a common problem associated with external fixations and the 

mechanical conditions imposed by the fixator at the fracture site in an important cause 

for this [86]. It is beneficial to optimize fixation configuration to produce the best 

mechanical environment within the fracture site throughout healing as this can speed up 

healing. Nonetheless, determining optimal mechanical environment within the fracture 

site has been one of the biggest challenges in treating bone fractures [81].  
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2.8.3 The knowledge gap: Mechanobiology of fracture healing under ICF   

To achieve optimal mechanical environments within the fracture site, sound 

understanding of the biomechanics of ICF and its effects on fracture healing is essential. 

This requires systematic investigations on ICF to be carried out. Although the mechanical 

behaviour of ICFs has been studied extensively, systematic investigations on the effects 

of ICF on fracture healing is still lacking [15, 136, 137]. As ICFs could be assembled in 

endless possible configurations, the complex interplay between ICF configuration and 

fracture site environment needs special attention. 

ICF configuration is governed by several factors such as ring diameter, configuration of 

ring blocks, pretension wire diameter, number of pretension wires, pretension levels, use 

of wires/half pins etc [138]. In the past, several experimental studies have been dedicated 

to understanding the biomechanics of ICF.  

Bronson et al. [139], studied the effect of ring diameter on the biomechanical properties 

of ICF using single-ring configurations and reported reduction in axial, bending and 

torsional stiffness in response to increase in ring diameter. Increasing the ring diameter 

from 120 mm to 160 mm resulted in 30 % axial stiffness reduction while only 10 % 

bending and torsional stiffness reductions in ICFs. Similarly, the experimental study on 

four-ring ICF constructs by Cross et al. [140] reported average axial stiffness reductions 

around 75 % when increasing the ring diameter from 50 mm to 118 mm.  

The investigations of Podolsky and Chao [141] using 4-ring ICF constructs reported 10 – 

20 % stiffness increase due to increasing the wire diameter from 1.5 mm to 1.8 mm. 

Similarly, axial and torsional stiffness increase around 10 % has been reported by 

Bronson et al. [139] due to the increase of wire diameter from 1.5 mm to 1.8 mm in a 

single ring block of ICF. On the other hand, it has also been reported that under equal 

wire tensions, a single 1.8 mm diameter wire could be 50 % stiffer than a 1.5 mm diameter 

wire [142]. 

Orbay et al. [143] reported that axial and torsional rigidities of single-ring blocks is 

directly proportional to the number of wires. Watson et al. [144] conducted mechanical 

tests on four-ring ICF constructs with two mutually perpendicular pretension wires (with 

a pretension of1275 N) per ring and reported nearly 25 % reduction in axial stiffness of 
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ICF due to removal of one wire each from proximal and distal ring blocks. The study of 

Bronson et al. [139] reported increase in axial and torsional stiffness of double ring ICF 

up to 30 % in four wire configurations compared to those with just three wires. 

Studies on wire pretension levels have revealed inconsistencies in the effect of wire 

pretensions on the biomechanics of ICF. The investigations on single ring block ICFs by 

Bronson et al. [139] did not show any noticeable effects due to the increase of wire 

pretension from 90 kg (883 N) to 130 kg (1275 N). On the other hand, Kummer et al. 

[124], based on a single wire study reported 33 % stiffness increase in response to wire 

pretension increase from 60 kg (589 N) to 120 kg (1178 N). A different study using rigid 

ICF frames demonstrated much larger stiffness increases up to 53 % for the same wire 

tension increase (i.e. from 60 to 120 kg) [145].  

The effect of use of half pins in place of or in combination with pretensioned wires has 

also been investigated in previous studies. Khurana et al. [136] conducted a series of 

mechanical tests to study the effect of replacing two 1.8 mm diameter wires pretensioned 

to 110 kg (1079 N) with two 6.5 mm diameter half pins on the stiffness of a single-ring 

ICF construct.  The results revealed that the constructs with half pins had 20 – 50 % more 

axial stiffness than those with pretension wires. This suggested that inclusion of half pins 

at appropriate locations could enhance fixator stiffness. This idea was further 

strengthened by a different study on single ring constructs which exhibited significantly 

greater stability for an ICF construct with two 5 mm diameter half pins and a single 1.8 

mm diameter pretension wire compared to that of a construct with four 1.8 mm diameter 

wires[138]. Conversely, the experimental investigation of Yilmaz et al. [146]on different 

configurations of standard (wire only) an hybrid (wires and half pins) ICF configurations 

reported that all hybrid configurations considered in the study had lower axial and 

bending stiffness compared to those of the standard ICF configuration.  

 It is evident from the existing studies that ICF configuration has a major role to play in 

the stability of fracture site. However, the main limitation of these studies is that they only 

focus on the mechanical aspects of ICF such as its stiffness and fail to elucidate how the 

changes in mechanical properties of ICF influence the biology of healing. Studies 

investigating the mechanobiology of fracture healing are very limited if not totally 

unavailable. Furthermore, it is hard to draw meaningful conclusions regarding the 
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mechanical performance of ICF from the existing studies as different studies use different 

set of configuration parameters (e.g. ring diameter, configuration of ring blocks, 

pretension wire diameter, number of pretension wires, pretension levels, use of wires/half 

pins etc.).  

For example, in the study of Khurana et al. [136], no statistically significant difference (p 

> 0.05) in axial stiffness between ICF configurations with transverse wires and those with 

half pins were reported when 180 mm diameter rings were used. However, for 155 mm 

rings, the configuration with half pins demonstrated higher axial stiffness which was 

statistically significant (p = 0.036). In another study, Kummer [124] reported that the 

effect of wire tension on fixation stiffness plateaued once the wire tension reached 90 kg 

(883 N) for 1.5 mm diameter wires while that for 1.8 mm diameter wires was 130 kg 

(1275 N). Moreover, Cross et al. [140], based on their experimental study on the roles of 

ring diameter and wire pretension on the mechanical performance of four-ring ICF 

constructs, indicated that while both ring diameter and wire pretension each significantly 

( p < 0.001) affected construct stiffness, their interaction was also significant (p < 0.001) 

for construct stiffness. Therefore, the interpretation of biomechanical results are specific 

to the ICF configuration under consideration. For example, how much stiffness change 

can be achieved by changing the pretension wire diameter from 1.5 mm to 1.8 mm 

depends on the ring diameter, number of rings used and other configuration parameters. 

This makes it difficult to compare outcomes across different studies as different 

configurations may be adopted in different studies. 

Therefore, there is still lack of deeper understanding about the interrelationships between 

different configuration parameters of ICF which makes it hard to predict the mechanical 

behaviour of a given ICF configuration. This combined with lack of understanding of the 

mechanobiology of fracture healing under ICF poses a significant challenge in treating 

fractures using ICFs. 

In addition to the fixator parameters, there are several other mechanical factors that affect 

ICF performance and fracture healing such as magnitude of external loading (e.g. weight 

bearing), type of loading, fracture geometry etc. Podolsky et al. [141] conducted a series 

of mechanical tests on four-ring ICF constructs. The ICFs consisted of two 150 mm 

diameter rings for each fragment; two 1.5 mm diameter pretension wires per ring with 
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each wire pretensioned to 110 kg (1079 N). Under axial loading between 0 – 100 kg (0 – 

981 N), the axial stiffness of the ICF construct was calculated from the slope of load -

displacement curve. On average, the ICF construct was 2.7 stiffer (axial) for the load 

range of 668 – 891 N than for the load range of 0 – 222 N. This demonstrates the nonlinear 

mechanical behaviour of ICF. Similarly, Kummer [124] pointed out that the effect of wire 

tension on the overall rigidity of ICF is most noticeable under low axial loads which is 

due to the non-linear behaviour of pretension wires [138]. Thus, the mechanical behaviour 

of ICF would be specific to the load range considered.  

In addition, many experimental studies have shown that the type of loading (e.g. dynamic 

or static, direct or indirect etc.), load duration, loading frequency can all have significant 

influence on the mechanical behaviour of ICFs [147-151].Therefore, when comparing 

results across different biomechanical studies it is also essential to compare the loading 

under which the testing was conducted. This again poses a significant challenge in 

comparing results across different experimental studies as different studies adopt different 

types and ranges of loading. 

A common shortcoming in most studies involving mechanical tests is that the load 

transfer via the soft bone tissues within the fracture site is often neglected in mechanical 

tests. Almost all mechanical tests represent fracture as a gap and soft tissues within the 

fracture gap are not incorporated. Therefore, a complete understanding on how an ICF 

construct affects the mechanical environment of the fracture site cannot be obtained with 

mechanical tests alone. It is well known that fracture gap size is an important mechanical 

factor that influences the mechanical environment of fracture healing [19, 20]. However, 

when the fracture is represented as a gap, it is practically impossible to study the effect of 

fracture gap size on the mechanical environment of fractures. For example, in a 

mechanical test where the fracture is represented as a gap, when all other conditions 

remain the same, a 2 mm and 20 mm gap would demonstrate the same mechanical 

behaviour under axial loading before the fragments come into contact. However, 2 mm 

and 20 mm fracture gaps would result in two totally different mechanical environments 

within the fracture site during healing. 

Furthermore, mechanical experiments representing fractures as mere gaps are mostly 

representative of the behaviour of ICFs in the very early stages of fracture healing when 
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the tissues within the fracture site are too soft to take any load. With time, as the fracture 

heals, the bone starts to take more load and the load share between bone and ICF modifies. 

Under such conditions, the mechanical behaviour of the fracture site would be very 

different to those investigated in mechanical experiments. Therefore, mechanical 

experiments have limited capabilities in studying fracture healing under ICFs. 

Animal experiments provide a solution to this problem as they allow the time dependent 

effects of individual parameters on fracture healing to be studied in a controlled manner. 

However, animal experiments focusing on the mechanobiology of fracture healing under 

ICF are very limited. Claes et al. [19] conducted a series experiments on sheep to 

investigate the influence of fracture gap size, interfragmentary movement and 

interfragmentary strains on the quality of healing under a circular external fixator. 

Transverse osteotomies of different gap sizes (i.e. 1 mm, 2 mm and 6 mm) were created 

in the right metatarsus in 42 sheep and subjected to either small or large initial 

interfragmentary strain (7 % or 31 %). Weekly interfragmentary movements were 

monitored and after 9 weeks the animals were sacrificed. Later, their metatarsus were 

explanted and subjected to mechanical and radiographic tests. The study revealed that the 

healing process was inferior for 6 mm fracture gap. In addition, the study showed that 

increase in fracture gap size results in reduction in bending stiffness. Furthermore, larger 

interfragmentary movements (31 %) stimulated larger callus formation for small gaps (1-

2 mm), but not for larger gap sizes (6 mm). 

In a different study, Claes et al. [20] investigated the role of fracture gap size on 

vascularization and tissue differentiation within the fracture site stabilized with a circular 

external fixator using sheep model. The study revealed that medium gap sizes (i.e. 2.1 

mm) result in significantly more revascularization (91 %) and bone formation (168 %), 

but less fibrocartilage tissue formation (54 %) than large gap sizes (i.e. 5.7 mm) when 

subjected to physiologically relevant loading (30 – 32 % interfragmentary strain).  

In another sheep experimental study, Claes et al. [152] investigated the role of 

interfragmentary strain on vascularization and tissue differentiation within the fracture 

site stabilized with a circular external fixator. In this study 2 mm osteotomy was created 

in all sheep and subjected to either small (i.e. 0.2 mm) or large (i.e. 1 mm) axial 

interfragmentary movements. The study revealed that larger interfragmentary movements 
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led to significantly more fibrocartilage (248 %) and less bone formation (45 %) than in 

smaller interfragmentary movements. On average, the periosteal vascularization was 

significantly more in the group with smaller interfragmentary movements than that with 

larger interfragmentary movements. These results explain the role of external loading on 

the process of healing. Furthermore, these sheep experimental studies [19, 20, 152] 

indicate that there has to be a range of optimal combination of a given set of mechanical 

parameters for fracture healing. Since the mechanical properties of the fracture site 

change with time, the optimal combinations of parameters must also change with time as 

healing progresses. However, studies focused on this aspect of fracture healing under ICF 

are very limited. 

Although the animal experiments of Claes et al. [19, 20, 152] provide useful insights into 

the mechanobiology of fracture healing under circular external fixations, the primary 

focus of these studies was to investigate the effects of fracture geometry and stability on 

fracture healing. Those studies do not investigate the role of the fixator configurations on 

fracture healing. Furthermore, these animal studies used custom made circular fixators 

that are extremely rigid in bending and torsion. Therefore, the fixator behaviour in these 

studies is not directly comparable with the performance of standard ICFs. Other existing 

experimental studies on ICFs focus mostly on the mechanical behaviour of the fixator 

under different configurations and loading conditions [137]. Therefore, they do little to 

explain the effects of mechanical factors on the biology of healing.  

On the other hand, many aspects of ICF have been studied clinically [153-156]. However, 

clinical results are limited in explaining the effects of ICF on the biology of fracture 

healing as they lack cell and tissue level observations. Furthermore, high levels of 

variabilities in subject specific factors makes clinical results less standardisable. In certain 

cases, contradicting observations are also reported in clinical studies [132, 157]. 

Therefore, it is not always easy to make clear conclusions from clinical observations 

across different studies or sometimes even within the same study. 

Consequently, the mechanobiology of fracture healing under ICF remains poorly 

understood. As a result, the roles of external mechanical factors on cell and tissue level 

biological events within the fracture site stabilized with ICFs during healing remains 

unclear. Therefore, fundamental questions such as the followings remain unanswered: 
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(i) What are the effects of ICF configuration, loading and fracture geometry on 

the early stage mesenchymal stem cell (MSC) differentiations during fracture 

healing ? 

(ii) What are the roles of physiologically relevant dynamic loading on cell 

differentiations and cell / growth factors transport within the early stage 

fracture site ? 

(iii) What are the effects of subject specific factors (i.e. body weight, fracture 

geometry and ICF configuration) on angiogenesis and optimal time dependent 

weight bearing levels for bone fractures treated with ICFs ?  

(iv) What are the effects of uncertainties in mechanical factors (i.e. fracture 

geometry, weight bearing and ICF configuration) on fracture healing under 

ICF ? 

This fundamental knowledge gap is a barrier to achieve optimal mechanical environments 

within the fracture site for timely healing with adequate bone quality. Therefore, 

achieving timely healing with ICFs remains a clinical challenge. Another important 

clinical challenge associated with ICFs is deciding the time of removal of the fixator. 

Premature removal of fixator could result in refracture or malunions; whereas, late 

removals can prolong the treatment time. This decision requires determination of  time 

dependent load bearing capacity of fracture site to judge when it can tolerate full weight 

bearing [12].  

However, clinical decisions about ICF treatments are often made on trial and error basis 

without systematic investigations [15]. As a result, rates of unfavourable conditions such 

as non-unions and complications remain significant (around 10 – 30 %) with ICF 

treatments [137]. In addition, there is also tendency in surgeons to use more familiar 

unilateral fixators than ICFs despite the advantages ICF [12].   

The knowledge gap in linking ICF mechanics with biology of fracture healing prompts 

for further fundamental research in this area. Proper understanding of the 

mechanobiology of fracture healing under ICF is the key to utilize the full potential of 

ICFs and minimize healing time and complications. The complex nature of this problem 

demands systematic investigation into the effects of multiple factors and their interplays 

on fracture healing in a controlled manner. Computational models provide an excellent 
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solution for this purpose. Many previous studies have demonstrated the potential of 

computational models in systematically studying various treatment strategies.    

 Computational models to study fracture treatment strategies 

Computational models have been used in full spectrum of orthopaedic devices for over 

four decades [158]. In long bone fracture fixation devices, models reported in literature 

include those of unilateral frames, compression plates, intramedullary nails and Ilizarov 

fixators. The primary reasons for the use of computational models of fixation devices are 

(i) gaining fundamental understanding of the bone – device interaction and (ii) designing 

and pre-clinical testing of new devices and comparing them with existing ones [158].  

Some models [159, 160] focus only on the mechanical behaviour of the bone – device 

interaction. Such models provide important information about the mechanical aspects 

relevant to fracture treatment such as the relationship between fixator stiffness and 

interfragmentary movement (IFM) or stress distribution across the fixation sites under 

loading. However, they are limited in interpreting the effects of mechanical factors on the 

biology of healing. Overcoming this issue, some models [161, 162] have attempted to 

include fixations as mathematical abstractions such as springs. This helped gaining 

fundamental understanding of the effects of fixator stiffness on fracture healing. 

However, such models have limitations in clinical applications as they do not simulate 

the actual fixation behaviour. With the improvements in computational power and 

developments of sophisticated software, fully coupled models simulating fracture healing 

under fixation devices [126, 163-165] have started to emerge in the recent years. 

Another important application of computer models in fracture treatment studies is 

investigating the effects of different growth factor and cell therapies. Using bio-regulatory 

models, which incorporate separate variables for cells and GFs, it is possible to test if the 

injection of cells or GFs or both at different time points can enhance healing; and if so, 

decide optimal dosage levels, administration times, injection locations etc. [59]. This is 

particularly useful for delayed healing or non-union cases. For example, Geris et al. [166] 

simulated postoperative administration of MSCs to promote healing in atrophic non-

unions and investigated the effects of injection locations on the healing patterns. 

Furthermore, computational models could be used to conveniently study the effects of 
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periosteal stripping or reaming of marrow canals which could result directly due to 

fracture or following surgical procedures [167]. 

It is evident that computational models could be extremely helpful in systematically 

investigating the effects of different treatment strategies on fracture healing. When 

comparatively studying the effects of different configurations of ICF on fracture healing, 

computer models could be very convenient. Because, making changes to fixator 

configurations or other subject specific parameters is very easy in computational models. 

Number of studies have presented computational models of ICFs in the past to investigate 

different problems related to ICF. The following subsection briefly discusses about some 

of them.  

Computational models of ICF  

Prat et al. [168], developed one of the earliest computational models of ICF and 

investigated load sharing between callus and fixation under rigid and dynamic cases. Load 

transmission via callus at different stage of healing were investigated by exponentially 

increasing callus elastic modulus in 5 stages. The model predicted nearly 85.5 % of load 

transmission via callus when the callus elastic modulus was just 1 % of that of intact bone. 

In the same study, experiments on rabbit tibial fractures were conducted to corroborate 

their findings. The study indicated that rigid configurations are preferable than flexible 

configurations in the early stages to minimize damage to callus. 

An important feature of ICF is the non-linear behaviour of pre-tension wires under 

loading which influences both fixator stiffness and allowable level of weight-bearing. 

Due to the importance of pretension wires in ICFs, number of studies in the past [169, 

170] have specifically focused on the analytical investigation of pre-tensioned wires using 

computational modelling. 

Zhang [171], pointed out the need of the entire load deflection curve of the ICF in 

describing the mechanical behaviour of wires. His study demonstrated that computational 

modelling is a valid and cost-effective way to obtain a whole spectrum of information 

about pretensioned wire behaviour. In a different computational study, Zhang [172], 

developed a diagram to estimate the number of wires required for a chosen wire 
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pretension and estimate the stiffness of ICF. Such simple diagrams can be very helpful in 

assisting clinical decision making. 

Since ICFs are modular and could be assembled in endless possible configurations, they 

pose a significant challenge in determining how a given configuration would perform 

under a given loading scenario. This led some researchers to develop computational 

methods to quickly and accurately determine the performance of fixator by taking fixation 

configuration as model input. Nielsen et al. [173], developed an interactive computational 

model, which would take bone position, ring diameter, wire pretension, load, half pin 

clamp height, number of pins/wires and pin/wire mounting positions as inputs from users 

to construct the computational model of ICF and to determine the bone displacements 

with reasonable accuracy in less than 30 s. A similar approach was taken in the model of 

Watson et al. [144], which used a master input file to specify the instructions to model 

different configurations of ICF. Both these studies [144, 173], corroborated their models 

using mechanical tests. 

Despite these advancements in computational modelling of ICFs, no models coupling 

mechanics with biology of fracture healing has been developed so far. Thus, the existing 

computational models can be used primarily to study the mechanical behaviour of ICFs. 

Therefore, there is a need for developing advanced computational models to investigate 

mechanobiology of fracture healing under ICFs.   

 The need for further research 

Computational models of ICF so far have shown potential in investigating clinically 

relevant problems and treatment planning. However, due of lack of coupling between 

mechanics and biology, the existing models are still a step away in elucidating the 

complex mechanobiology of fracture healing under ICF. Therefore, how ICF 

configurations influence processes within the fracture site such as cell differentiations, 

solute (e.g. cell, growth factors etc.) transport and angiogenesis during fracture healing 

has not been explained well. Furthermore, how the interplay between ICF and other 

mechanical factors such as fracture geometry or loading affect these processes remains 

unclear. This knowledge gap in the mechanobiology of fracture healing under ICF is a 

barrier to address clinical problems associated with ICFs as described under section 2.8.3. 
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This thesis intents to the address this knowledge gap via the followings:  

• Developing reliable computational models to study different aspects of fracture 

healing under ICFs 

• Investigating the effects of ICF configuration, loading and fracture geometry on 

the early stages MSC differentiation during fracture healing 

• Investigating the effects of physiologically relevant dynamic loading on cell 

differentiations and cell / growth factors transport during early stage bone fracture 

healing under ICFs 

• Determining the effects of subject specific factors (i.e. body weight, fracture 

geometry and ICF configuration) on angiogenesis and optimal time dependent 

weight bearing levels for bone fractures treated with ICFs. 

• Investigating how uncertainties in mechanical factors (i.e. fracture geometry, 

weight bearing and ICF configuration) affect fracture healing under ICF. 

This thesis presents computational models that couple both mechanics and biology to 

simulate fracture healing under ICF. Different models were developed to investigate 

different aspects of fracture healing under ICF. The development of the models, 

validation of them using experimental data and subsequent investigations into different 

aspects of healing using the validated models are presented in detail in the following 

chapters of this thesis. 
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3 Mechanical Experiment on Tibial Fractures 

Stabilized with Ilizarov Circular Fixator  
 

Chapter summary  

In order to develop reliable computational models, it is essential to test their validity by 

comparing model predictions with data obtained under controlled environments. As this 

research intends to study fracture healing under ICFs using computational models, 

mechanical experiments on bone fractures stabilized with ICFs were conducted to obtain 

data for validation purposes. This chapter presents the details of the mechanical 

experiment conducted. 

Most of the contents of this chapter were adapted from the article titled “Bone fracture 

healing under Ilizarov fixator: Influence of fixator configuration, fracture geometry, 

and loading” published in the International Journal for Numerical Methods in 

Biomedical Engineering [21] where I was the first and the primary author of the article. 

In this work, as the main researcher, I proposed the research idea, designed the mechanical 

experiment and discussed the results. My supervisors A/Prof. Lihai Zhang, Dr. Saeed 

Miramini and Prof. Priyan Mendis regularly discussed with me, monitored my progress 

and provided their inputs and feedback throughout this work. Prof. Minoo Patel of 

Epworth Richmond provided his help in designing the experiment. 

 

 Introduction  

One of the key objectives of this thesis is to systematically investigate how ICF 

configuration influences the mechanobiology of fracture healing. To achieve this, it was 

proposed to develop computational models which can take user inputs to define the ICF 

configuration and simulate fracture healing under the specified configuration. By taking 

this approach, the role of each ICF configuration specific factor on biological processes 

during fracture healing can be studied in a controlled manner while isolating the influence 

of other factors. For example, if the role of ICF ring diameter on cell differentiation within 

the fracture site is to be studied, the user could run simulations under different ring 
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diameters while keeping all other factors the same for all simulation cases. Then cell 

concentrations under each simulation case could be quantified from the model and 

comparatively studied to predict how ring diameter influences cell differentiations.  

However, to test the validity of the model predictions, it is essential to compare model 

predictions with experimental data obtained under controlled environments. Therefore, it 

was decided to first conduct a mechanical experiment to obtain data for validation 

purposes. As ICFs are modular fixators, there are plenty of options for the configuration 

of choice. In the experiment, the choice of ICF configuration was made based on two 

criteria. First, to keep the configuration simple to minimize complexity. Second, to test a 

clinically relevant configuration that has not been adequately investigated in existing 

literature. This criterion was set so that useful data can be obtained to complement the 

existing understanding about the biomechanical behaviour of the chosen configuration.  

                                

Figure 3.1 ICF configuration with hexapod system (i.e. TSF) used in the mechanical 

experiment 
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It is known that Taylor spatial frame (TSF) is an advanced variant of ICF, which uses a 

hexapod system with six adjustable length telescopic struts at the fracture site (Figure 

3.1). The hexapod system is advantageous over the conventional ‘ring and threaded rod’ 

ICF system as it allows the fracture site to be manipulated three dimensionally with six 

degrees of freedom. This enables TSF to correct almost any multiplanar deformity easily 

and accurately [127, 128]. Thus, it makes TSF one of the most versatile external bone 

fixator devices. Most importantly, due to its feature of computer aided fixator adjustment, 

TSF is regarded as more reliable than the conventional ICF [174]. 

 

Figure 3.2 Details of experimental setup using INSTRON 5569A testing machine and 3D 

optical measurement system (ARAMIS) 

 

Numerous experimental studies have investigated the influence of ICF frame elements 

and configurations on the biomechanical properties of the conventional ICF [121, 144, 

146, 175]. However, there is only limited amount of data available on the biomechanical 
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the influence of ring-strut angle on the fixator stability using an isolated TSF hexapod. 

Khurana et al.[136] compared the effect of wires and half pins using a single ring 

experimental setup. However, these studies mainly focused on isolated behaviour of 

different parts of TSF. A few other studies investigated the mechanical behaviour of 

different TSF constructs by using tubes to represent bones [127, 176]. However, the 

influence of the stiffness characteristics of the frame constructs (TSF) on the fracture site 

movements (i.e. IFM) has not been fully investigated yet.  This is one of the current areas 

of interest in orthopaedic research [127, 177]. 

Therefore, ICF configuration with hexapod system (i.e. TSF) was chosen for this 

experiment.  Mechanical tests were carried out on surrogate human tibial bone specimens 

with transverse fractures stabilized by a two ring TSF (Figure 3.1).  The details of the 

experimental setup are shown in Figure 3.2. The specimens were axially loaded using 

INSTRON universal testing machine and the interfragmentary movements (IFM) were 

measured using a 3D optical measurement system (ARAMIS).  

 Materials and Methods 

Surrogate adult human tibiae manufactured by SYNBONE AG (Malans, Switzerland) 

was used in the mechanical testing. The bone was made of specially formulated 

polyurethane foam that has the mechanical properties similar to those of adult human 

tibiae [178, 179]. It comprises of outer cortical bone and inner cancellous bone and 

imitates the anatomical structure of a real bone very closely. The average compressive 

Young’s modulus (E) and Poisson’s ratio (υ) of the surrogate bones used are 1500 MPa 

and 0.25 respectively [178]. The surrogate bone fractures were stabilized using TSFs 

manufactured by Smith & Nephew PLC (Memphis, Tennessee, USA). 

The TSF constructs used in the mechanical test (Figure 3.1) consisted of (i) two identical 

aluminium (E = 69 GPa and υ = 0.33) rings (one for the proximal fragment and another 

for the distal fragment); (ii) four 1.8 mm diameter stainless steel (E = 197 GPa and υ = 

0.29) pretension wires (two mutually perpendicular wires per ring), and (iii) six stainless 

steel FAST FX struts (Smith & Nephew) per assembly. The rings and FAST FX struts 

were assembled to have a ring-strut angle of 65˚ (as shown in Figure 3.1) and the bone 

specimens were centred to the rings. 
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Figure 3.3 Wires affixed to drill driver (Milwaukee, Wisconsin, USA). 

 

It should be noted that ring-strut angle plays an important role in the stability of TSF. An 

experimental study [128] showed that TSFs would reach instability as the ring-strut angle 

reduces and recommended to avoid ring-strut angles less than 30°. The study [128] also 

showed that TSFs are generally stable under compression for ring-strut angles in the range 

of 30-70°. Within this range, larger angles lead to lower stresses in the struts which could 

be explained using simple truss mechanics. Therefore, a ring-strut angle of 65° was used 

in this experiment (Figure 3.1). 

The wires were affixed to a drill driver (Milwaukee, Wisconsin, USA) and their bayonet 

ends were used to directly drill through the bones and secured in position at both ends of 

the rings with slotted wire fixation bolts (Figure 3.3 and Figure 3.4). Once the TSF was 

affixed to the bones, a 20 mm fracture gap was created at mid height of the tibia. The 

reason for choosing a relatively larger gap size was to prevent bone fragment apposition 

during loading. 

In the next step, the wires were pretensioned by keeping one end of the wire tightly fixed 

to the ring (using slotted wire fixation bolt and nut) and stretching the other end using a 

dynamometric wire tensioner (Smith & Nephew). This device provides graduations of the 

standard range of clinical wire pretension levels in kilograms (i.e. 50 – 130 kg) which 
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was used to measure the pretension level in the wires as they were stretched. Once the 

desired pretension was achieved, the wire tensioner was locked in position and the wire 

was secured to the ring tightly at the stretching end using slotted wire fixation bolt and 

nut (Figure 3.5). 

 

Figure 3.4 Drilling of surrogate bone specimens using wires and securing of wires using 

slotted wire fixtion bolts 

 

To test the validity of the model under different configurations, it was decided to conduct 

the experiment under two different TSF configurations. As it is known that ring diameter 

is one of the most influential configuration parameters that affect the biomechanical 

behaviour of TSF [124, 180], it was decided to conduct the experiment under different 

ring diameters. Two different TSF constructs, one with 130 mm ring diameter and another 

with 155 mm ring diameter were used in the mechanical testing. It should be noted that 

these diameters refer to the internal diameter of the rings. In both cases, wire pretension 

of 883 N (90 kg) was applied to all wires. The distal bone ends of the assembled TSF 

constructs were fixed to a lathe chuck and the assembly was loaded at the intercondylar 

eminence of the tibia in the axial direction using the universal testing machine (INSTRON 

5569A, Massachusetts, USA). This test setup attempts to mimic the physiological load 

application (e.g. standing) on tibia from knee and ankle joints [178, 181].  
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Figure 3.5 Pretensioning of wires using dynamometric wire tensioner 

 

With the help of the cross hairs of ARAMIS, the specimens were placed in the INSTRON 

machine each time carefully so that the fragments are vertical and properly aligned. This 

was done to ensure that the compressive load is applied axially and to minimize the lateral 

movements of the fragments during axial loading. To simulate a partial weight bearing 

condition after surgery, an axial compressive load of 150 N (i.e. around 20 % of the body 

weight) was ramped over 0.5 s [179] using the INSTRON machine. Each test was 

repeated five times and the IFMs were recorded using ARAMIS 3D optical measuring 

system at 25 N intervals.  

IFM measurement using ARAMIS 3D optical measuring system 

In this mechanical test, it was intended to measure the fracture site movements at number 

of points along the fracture ends rather than at just one point (e.g. mid-point). This was 

achieved using the ARAMIS 3D optical measuring system (GOM, Braunschweig, 

Germany) which allows full field measurements at multiple points to be taken 
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simultaneously. ARAMIS provides very accurate non-contact measurements, eliminating 

the sources of measurement errors that are present in contact measurements. It can 

measure deformations as small as 0.0002 mm with a strain accuracy of 0.01 %. Thus, 

ARAMIS makes the effect of measurement errors insignificant for the range of 

displacements measured in this experiment. 

To capture the displacements using ARAMIS, a stochastic speckle pattern consisting of 

black dots on white background was created using spray paints around the fracture gap 

of the tibia (Figure 3.2) as per the specifications of the GOM [182]. ARAMIS creates 

facets (small rectangular areas) from this speckle pattern and uses them to determine the 

displacements based on the relative movements of the facets between subsequent images 

captured.  

In this study, two cameras (50 mm focal length lenses) of the ARAMIS system, set up 

according to the specifications of GOM [182] were used to capture the images. The facets 

were of 19 x 19 pixel (15 x 15 pixels with 2 pixel overlapping) which is the recommended 

facet size of ARAMIS for normal deformation measurements [182]. Before each test, to 

ensure that the speckle pattern is adequate, an image covering the fracture gap and the 

surrounding areas with speckle pattern was captured and processed using the ARAMIS 

control machine (Figure 3.2). This was done to check if ARAMIS could detect the 

fragment ends and the surrounding areas which are the areas of interest. Mechanical test 

and displacement measurements were carried out only after ensuring this. 

Full field displacements of multiple points along the proximal end of the fracture gap and 

the corresponding points (lying vertically below) in the distal end of the fracture gap were 

measured and the relative movements between the proximal points and the corresponding 

distal points were calculated as IFM in each direction. In each test, the first image was 

captured when the axial load was zero and then images were captured at every 25 N 

intervals up to 150 N. 

 Results and Discussions 

The mechanical test results showed that the IFMs were predominantly vertical and both 

vertical and lateral components of IFMs increased with axial load. However, the largest 

lateral IFMs were observed to be 0.077 mm and 0.101 mm for TSF with 130 mm and 155 
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mm diameter rings, respectively at 150 N axial load. Since the lateral components of the 

IFMs were negligible compared to the vertical components (less than 2.5 % of the vertical 

components for both rings), the lateral and rotational components were ignored from 

further analysis. Therefore, IFM would refer to the axial IFM (vertical direction) 

hereinafter.  

To obtain more representative values of IFM, the mean values of IFMs were calculated 

from three points along the proximal end and the corresponding points in the distal ends. 

Figure 3.6 presents the mean axial IFM components calculated from the mechanical test. 

The axial stiffness of TSF with 130 mm diameter rings was significantly higher than that 

of TSF with 155 mm rings. On average TSF with 155 mm diameter rings was around 31 

% less stiff that with 130 mm rings. As demonstrated by previous experimental and 

computational studies, this behaviour is due to the differences in clear wire lengths 

supporting the axial loading [124, 169, 170]. While all other factors remain the same, 

increasing the wire span reduces the lateral stiffness of the wires and increase lateral 

deflection. It has been shown analytically that the lateral deflection of pretensioned wires 

is sensitive to the clear span of the wires between supports [169, 170]. As the ring 

diameter changes, so does the clear span of the wires and the axial stiffness of the fixator. 

Experimental studies elsewhere have reported axial stiffness reductions around 30 % as 

a result of changing the ring diameter from  120 mm to 160 mm [138] which is 

comparable with the 31 % reduction recorded in this experiment.  

The non-linear relationship between axial load and IFM can also be seen in Figure 3.6 

which is due to stress stiffening effect of the pretensioned wires [171]. This nonlinearity 

is geometric as reported in many studies [169-171] and depends on the level of transverse 

movements of the wires. This explains the difference in the levels of nonlinearities under 

different ring sizes.  

Furthermore, the experimental results suggest that the effect of ring diameter is more 

evident at lower axial loads. The increase in axial IFM due to the increase of ring diameter 

from 130 mm to 155 mm was 43 % for 25 N axial loading while it reduced to 19 % for 

150 N axial loading. This again is attributed to the non-linear behaviour of wires as 

reported in studies elsewhere [138, 180]. Clearly the axial stiffness of the fixator is 

dependent on axial loading and ring diameter. 
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Figure 3.6 Axial interfragmentary movements (IFMs) obtained from the mechanical 

experiment for TSF (gap size = 20 mm, wire pre‐tension = 883 N [90 kg]) with (a) 130‐

mm diameter rings and (b) 155‐mm diameter rings 

 

To further investigate the effects of these factors, a simple two-way ANOVA test on the 

mechanical results was carried out. The test revealed that both axial load and ring 

diameter have strong effects on the axial stiffness of the fixator (p < 0.05) with ring 
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diameter having the strongest effect. However, their interaction did not appear to affect 

the axial stiffness significantly (p = 0.06). 

Axial stiffness measured from the mechanical experiment for TSFs with 130 mm and 155 

mm diameter rings varied from 36 – 46 N/mm and 22 – 37 N/mm, respectively within the 

load range considered. Experimental tests on two-ring conventional ICF configuration 

with two mutually perpendicular wires per ring reported average axial stiffness values 

around 30 N /mm [144]. However, the ring diameter (i.e. 180 mm), wire pretension (i.e. 

1275 N), spacing between the rings and location of the defect between the rings were 

different in that study [144] compared to those used in this experiment. In a different 

mechanical study, four-ring conventional ICF configuration with 150 mm diameter rings 

measured axial stiffness around 50 N/mm [121]. Although the results obtained from the 

present mechanical experiment are comparable to those obtained elsewhere, direct 

comparison of the results is not possible. This is due to the differences in load ranges and 

configuration parameters (e.g. ring diameter, wire pretension, number of rings, and 

distance between rings etc.) used in the present experiment and experiments elsewhere. 

However, the results suggest that axial stiffness comparable to those of conventional ICFs 

could be achieved with TSF constructs as well. 

It should be noted that this mechanical experiment has some limitations. Firstly, only 

axial loading condition was tested in this experiment as it is the predominant loading 

condition that occurs in lower extremities such as tibia [180]. Secondly the tests were not 

conducted on cadaveric bones but on surrogate bones. While the use of surrogate bones 

minimizes the uncertainties in geometric and material properties associated with 

cadaveric bones, surrogate bone behaviour could be different to that of cadaveric bones. 

In addition, the behaviour of bones with comorbidities such as osteoporosis would be 

much different to those demonstrated in this experiment. Therefore, the biomechanical 

behaviour of defects stabilized using TSF observed in this experiment is mostly 

representative of bone defects under healthy conditions. Furthermore, axial loading only 

up to 150 N was considered in this experiment. As axial stiffness of TSF is dependent on 

axial loading due to non-linear behaviour of pretension wires, it is very well possible for 

the fixator to behave differently under higher loading ranges (i.e. above 150 N). It is 

expected that the configurations tested in this experiment will exhibit more rigid 
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behaviour under higher axial loading. Thus, the behaviour demonstrated by the tibial 

defects stabilized by TSF in this experiment is mostly representative of the early stages 

of healing post-surgery where weight bearing is limited (around 20 % of body weight). 

Nevertheless, the experiment provides some useful biomechanical data relevant to a 

clinically relevant ICF configuration that has not been tested adequately before (i.e. TSF). 

The results obtained in this experiment may have clinical relevance as it reports fracture 

site movements (i.e. IFMs) of bones with anatomic geometries as opposed to 

displacements measured at the top of circular pipes which are used to mimic bones as in 

previous experimental studies on TSFs [127, 176]. It should be noted that the main 

objective of this mechanical experiment is to obtain data to validate computational models 

that are to be developed later. For this purpose, the experiment served satisfactorily as 

biomechanical data under controlled environments for two different fixator 

configurations has been obtained from this experiment. The next chapter discusses the 

development and validation of the computational model in detail. 
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4 Bone fracture healing under Ilizarov circular fixator: 

influence of fixator configuration, fracture geometry 

and loading 
 

 

Chapter summary  

This chapter aims to enhance the understanding of the relationship between ICF 

configuration and its effects on bone fracture healing. Taking Taylor spatial frame (TSF) 

as an example, the roles of critical parameters (i.e. TSF ring diameter, wire pretension, 

fracture gap size and axial load) that govern fracture healing during the early stages were 

investigated by using computational modelling. A single fully coupled 3D computational 

model of a fractured tibia stabilized with ICF (i.e. TSF) was developed with the help of 

CT scan image reconstruction. The bone tissues and fracture callus were modelled as 

poroelastic materials and the mechanical behaviour of the tissues were modelled using 

porous media theory. To simulate the response of mesenchymal stem cells (MSCs) to the 

early mechanical environment of the callus, a previously developed mechano-regulatory 

theory based on deviatoric strain and fluid velocity was adopted. The computational 

model was first validated using the results obtained from mechanical experiments 

(Chapter 3). Then, the model was used to simulate mesenchymal stem cell (MSC) 

differentiations within different regions of the fracture site under various combinations of 

TSF ring diameter, wire pretension, fracture gap size and axial load values. Predicted 

spatially dependent MSC differentiation patterns and the influence of each parameter on 

differentiations were compared with in vivo results. This chapter provides key insights 

into the mechanobiology of fracture healing under ICF. In addition, this chapter exhibits 

the potential of computational models in assessing the performance of ICFs as well as 

assisting surgeons in patient specific clinical treatment planning. 

This chapter is based on the article titled “Bone fracture healing under Ilizarov fixator: 

influence of fixator configuration, fracture geometry and loading” published in 

International Journal for Numerical Methods in Biomedical Engineering [21]. As 

the first and primary author of the article, I was responsible for the proposal of the 

research idea, development and validation of the computational model, analysis of results, 
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discussions, drawing conclusions and writing the article. My supervisors A/Prof. Lihai 

Zhang, Dr. Saeed Miramini and Prof. Priyan Mendis regularly discussed with me, 

monitored my progress and provided their inputs and feedback throughout this work. 

Prof. Minoo Patel of Epworth Richmond provided clinical perspectives to the problem 

and helped me design this study.  

 Introduction  

Computational methods are becoming increasingly popular in orthopaedic research [99, 

105, 164, 165, 178]. As described in detail in Chapter 2, several mechano-regulatory 

algorithms for predicting mechanobiological processes of fracture healing have been 

proposed so far [58, 99]. Based on such algorithms, numerous computational models have 

been developed to study the influence of different fixator devices on fracture healing [164, 

165, 183]. However, computational studies on ICF or its influence on fracture healing are 

very limited and it is still not clear how ICF configuration alters the fracture environment 

and affect the healing process.  

 

Figure 4.1 (a) Schematic diagram showing the configuration of the Taylor spatial frame 

(TSF) used in this study; (b) finite element model of the fractured tibia stabilised using 

TSF 
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In this chapter, Taylor spatial frame (TSF) was used as an example to study this problem 

(Figure 4.1). By developing computational models validated using mechanical 

experimental data (Chapter 3), this study aims to investigate the influence of TSF 

configuration (i.e. ring diameter and wire pretension) on the mechanical environment of 

the fracture site. It was specifically focused on the influence of TSF configurations on 

MSC differentiation during the early stages of healing as this is one of the most important 

biological processes responsible for tissue synthesis during fracture repair. In addition, 

the effects of axial loading and fracture gap size on fracture environment are also 

investigated. This chapter mainly focuses on the early stage of fracture callus (i.e. post 

inflammatory phase callus consisting of granulation tissue) as it has been shown that the 

early stage fracture site is very critical and decisive of the cell fate which could affect the 

entire healing process [16, 184]. 

 Materials and Methods 

The methodology adopted in this study is depicted in Figure 4.2. As described in detail 

in Chapter 3, mechanical tests were carried out on surrogate bone specimens with 

transverse fractures stabilized by a two ring TSF. The IFM measurements obtained in the 

experiment were used to validate the numerical predictions made using a computational 

model (Figure 4.1) developed in this study. After model validation, the computational 

model was used to predict MSC differentiations within the early callus under different 

combinations of gap size, axial load, ring diameter and wire pretension. 

4.2.1 Computational modelling 

The 3D geometry of the tibia was reconstructed from CT scan images of the surrogate 

tibia, which enabled the tibial geometry to be reconstructed with its inner open volumes. 

The geometry was then imported to the commercial CAD software SOLIDWORKS 

(Dassault Systèmes, Massachusetts, USA) where the geometric operations were carried 

out. The finalised geometry of the fractured tibia was then imported to the commercial 

finite element software package COMSOL Multiphysics (COMSOL AB, Stockholm, 

Sweden) where the geometry of the TSF was developed around the tibia. Subsequently 

meshing and numerical analysis were conducted using COMSOL Multiphysics. 
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Figure 4.2 Methodology adopted in this study 

 

Table 4.1 Properties of materials used in this study 

Material E (MPa) ʋ Ф k (m4 N-1 s-1) Ks (MPa) Kf (MPa) 

Cortical bone 20000 [105] 0.3 [105] 0.04 [105] 10-17 [105] 13920 [105] 2300 [105] 

Bone Marrow 2 [105] 0.167 [105] 0.8 [105] 10-14 [105] 2300 [105] 2300 [105] 

Granulation 

Tissue 
0.05 [185] 0.167 [105] 0.8 [105] 10-14 [105] 2300 [105] 2300 [105] 

Stainless Steel a   197000 [144] 0.29 [144] -------- -------- -------- -------- 

Aluminium b 69000 [186] 0.33 [186] -------- -------- -------- -------- 

E – Young’s modulus          ʋ - Poisson’s Ratio       Ф – Porosity          k –Permeability  

Ks – Solid compression modulus  Kf – Fluid compression modulus 

a FAST FX struts and stainless-steel pretension wires 
b TSF rings 

 

First, the computational model was validated using the axial IFMs measured in the 

mechanical test. The purpose of this validation process is to ensure that the computational 
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model could be implemented to simulate IFMs (which is the mechanical stimulus for cell 

differentiation within the callus) under different combinations of the parameters studied 

(e.g. wire pretension, axial load etc.). As shown in Figure 4.2, to simulate the mechanical 

test, the model was created with a gap at mid height of the tibia and the material properties 

of SYNBONE surrogate tibia were assigned to the bone fragments. The TSF components 

(i.e. aluminium rings, stainless steel FAST FX struts and stainless-steel pretension wires) 

were modelled as linear elastic materials and axial loading was applied as a point load to 

represent the narrow loading region in the mechanical test (Figure 3.2 and Figure 4.2). 

The IFM predictions were then compared with the mechanical test results. After 

validation, a previously developed poroelastic callus model [165, 178, 179] was imported 

into the model and added around the fracture gap as shown in Figure 4.2 where the bone-

callus interface was connected using continuous solid to solid connections. The properties 

of the materials used in this study are given in Table 4.1. 

4.2.2  Governing equations   

Based on the theory of porous media, the mechanical behaviour of the early stage fracture 

callus could be explained as given below [165, 187]. The stress tensor 𝛔 of the callus 

could be expressed as  

 𝛔 = −𝑝𝐈 + 𝛔𝐞 (4.1) 

where, 𝑝 is the incremental interstitial fluid pressure, 𝐈 an identity matrix and 𝛔𝐞 the 

elastic stress of solid matrix [165]. Neglecting the body forces and assuming that the 

tissue is under quasi static condition, the momentum equation could be expressed as [165] 

 ∇. 𝛔 =  −∇𝑝 + ∇. 𝛔𝐞 = 0 (4.2) 

where, ∇𝑝 is the gradient of 𝑝,  ∇. 𝛔  and ∇. 𝛔𝐞 are the divergences of 𝛔 and 𝛔𝐞, 

respectively. 

The continuity of solid and fluid phases could be expressed by the following divergence 

equation: 

 ∇. (𝐯𝐬 − 𝐤∇𝑝) = 0  (4.3) 

where,  𝐯𝐬 is the velocity of the solid phase and k is the tissue permeability tensor. 
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4.2.3 Mechano-regulation  

As discussed in Chapter 2, several mechano-regulatory theories for fracture healing have 

been proposed so far [10, 57, 58, 102, 103]. These theories either use a combination of 

mechanical parameters such as principal strain and hydrostatic stress [102], strain and 

hydrostatic pressure [57], deviatoric strain and fluid velocity [58, 105] or single 

mechanical parameter such as interfragmentary strain [10] or deviatoric strain [103] to 

simulate mechano-regulation at fracture site. Isaksson et al. [99] compared several of 

these mechano-regulatory theories with in vivo sheep experimental data and concluded 

that the algorithm for poroelastic formulations based on deviatoric strain and fluid 

velocity by Prendergast et al. [58, 100, 105] was reasonably accurate, more versatile and 

shows better agreement with the experimental observations than the alternatives. 

Therefore, the theory of Prendergast et al. [58, 100, 105] was incorporated in the present 

study along with the material properties (Table 4.1) used in their models. 

The mechano-regulatory theory of Prendergast et al. [58, 100] suggests that the 

differentiation of MSCs into osteoblast, chondrocytes or fibroblasts depends on the 

stimulation index ‘S’ (𝑆 = 𝛾/𝑎 +  𝑣/𝑏  ; where, 𝛾 is the octahedral shear strain of solid 

phase, 𝑣  is the interstitial fluid flow,  a = 0.0375 and b = 3 µm s-1) [100, 105]. During the 

early stage fracture healing, small magnitudes of S ( < 1) would lead to osteoblast 

differentiation, S in the range of 1 < S < 3 would lead to chondrocyte differentiation, while 

large magnitudes of S ( > 3) would lead to fibroblast differentiation [100].  

4.2.4 Boundary conditions and loading protocol 

In this study, the early callus was assumed to be filled with MSC, and its external 

boundaries were assumed to be impermeable to fluid flow [99].  As shown in Figure 4.1a, 

right-handed Cartesian coordinate system was used in the model with positive X pointing 

the anterior direction; positive Y pointing the medial direction; and positive Z pointing 

proximal direction. Wire pretensions were applied as initial stress (initial condition at t = 

0) to the wire elements along their axial direction (i.e. either X or Y direction depending 

on the orientation of the wires). The bottom end of the distal fragment was fixed. The 

axial compression was then applied over a period of 0.5 seconds at the top of the proximal 

end (in the -Z direction) as depicted in Figure 4.1b.  



 

70 

 

In real circumstances, around 60 % of the knee load is taken by the medial condyle and 

40 % is taken by the lateral condyle [188]. Therefore, the distribution of load on the tibial 

plateau is generally nonuniform across the surface [188]. For simplification, the axial load 

was assumed as uniformly distributed and applied on the tibial plateau [163]. This 

simplification would only have little effect on the mechanical microenvironment of the 

bone cells. During the mechanical test, the pretension wires drilled through the bones had 

a very firm grip on the bones. Therefore, the wire-bone interface was modelled using rigid 

connections as in the study of Nielsen et al. [173] and the simulation results fitted the 

experimental data reasonably well (Figure 4.3).   

4.2.5 Geometric non-linearity of pretension wires 

The relationship between the transverse load and the corresponding deflection of the 

pretension wires is generally non-linear [171] due to the stress stiffening effect of the 

wires. This tends to increase the resistance to deflection as the transverse load increases 

[139]. Therefore, the geometric non-linearity of the wires was considered in the analysis.  

4.2.6 Numerical solutions 

As shown in Figure 4.1b, the entire geometry (including pretension wires) was meshed 

using second order solid tetrahedral elements. A mesh convergence analysis was 

conducted to determine the optimum mesh size for the model and the numerical model 

was solved using the time dependent solver with absolute tolerances of 10-1 Pa and 10-4 

m for pore pressure and displacement, respectively. These tolerance values were chosen 

based on the degree of accuracy required for the solution and computational efficiency. 

Based on previous studies [165, 179], the dependent variables, i.e. displacement and pore 

pressure were calculated to 10-4 m (or 0.1 mm) and 10-1 Pa (or 0.1 Pa) accuracies. The 

mesh sizes were chosen such that the differences between subsequent solutions in the 

convergence analysis were less than 2 %. As pore pressure and fluid velocity are rapidly 

changing variables within the callus, the convergence analysis resulted in finer mesh for 

the callus than the other elements in the model. The entire geometry was meshed with 

216496 and 207595 tetrahedral elements for 155 mm and 130 mm ring TSFs respectively. 
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4.2.7 Parametric studies 

Using the developed computational model, a series of parametric studies were conducted 

to investigate the influence of different TSF configurations, fracture gap sizes and loading 

conditions on cell differentiations within the callus during the early stage of healing.  

Table 4.2 Simulation cases used in this study 

Case Control 

Case  

Gap size  

(mm) 

Ring diameter  

(mm) 

Wire pre-tension  

(N) 

Axial load  

(N) 

1) Effect of gap size 

G1  G3 1 155  883 (90 kg) 150  

G3 -  3 155  883 (90 kg) 150  

G5  G3 5 155  883 (90 kg) 150  

2) Effect of axial load 

F1a G1 1 155  883 (90 kg) 100  

F1b G1 1 155  883 (90 kg) 200  

F3a G3 3 155  883 (90 kg) 100  

F3b G3 3 155  883 (90 kg) 200  

F5a G5 5 155  883 (90 kg) 100  

F5b G5 5 155  883 (90 kg) 200  

3) Effect of ring diameter 

R1 G1 1 130 883 (90 kg) 150  

R3 G3 3 130 883 (90 kg) 150  

R5 G5 5 130 883 (90 kg) 150  

4) Effect of wire pre-tension 

P1a G1 1 155 491 (50 kg) 150  

P1b G1 1 155 1275 (130 kg) 150  

P3a G3 3 155 491 (50 kg) 150  

P3b G3 3 155 1275 (130 kg) 150  

P5a G5 5 155 491 (50 kg) 150  

P5b G5 5 155 1275 (130 kg) 150  
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Two different ring diameters (i.e. 130 mm and 155 mm) and three different wire 

pretensions (i.e. 491 N (50 kg), 883 N (90 kg) and 1275 N (130 kg)), gap sizes (i.e. 1 mm, 

3 mm and 5 mm) and axial loads (i.e. 100 N, 150 N and 200 N) were considered in this 

study as shown in Table 4.2. The cell differentiations within different regions of the 

fracture callus, namely, periosteal callus, intercortical callus and endosteal callus (Figure 

4.4b) were numerically predicted under each of the cases (Table 4.2). 

 Results 

4.3.1 Model validation 

Figure 4.3 compares the mean axial IFM components calculated from the mechanical test 

with those predicted numerically.  It was observed that the numerical predictions were 

either within the experimental error range or very close to the mean IFM values 

(maximum of 7 % deviation) for the entire range of loading considered. Therefore, the 

developed computational model could reproduce the mechanical experiment reasonably 

well.  

4.3.2 Parametric studies 

Spatially dependent MSC differentiation pattern 

After validation, the model was used to investigate the effects of fracture gap size, axial 

load, TSF ring diameter and wire pre-tension on MSC differentiations during the early 

stage healing. Figure 4.4 shows cell differentiations within the fracture callus, stabilized 

with TSF (ring diameter = 155 mm, wire pre-tension = 883 N (90 kg) and axial load = 

150 N) under different gap sizes (i.e. 1 mm, 3 mm and 5 mm).  

The 3D contour results in Figure 4.4c show the MSC differentiation patterns within the 

callus. In addition, the longitudinal sections have been given to illustrate the results better 

by showing the typical MSC differentiation patterns within periosteal, intercortical and 

endosteal regions of the callus. Thus, the longitudinal section results supplement the 3D 

contour results of the model. As seen from the 3D contour results, by far, the MSC 

differentiation patterns in each region throughout the callus are similar to those illustrated 

in the corresponding longitudinal sections. Thus, the longitudinal section results in 



 

73 

 

conjunction with the 3D contour results give a better understanding of the MSC 

differentiation patterns within the callus. 

It can be seen that, MSC differentiation in the fracture callus is spatially dependent with 

osteoblast differentiation occurring in both proximal and distal ends of the external callus 

(i.e. periosteal callus) far from the fracture gap, chondrocyte differentiation occurring in 

the external callus and fibroblast differentiation occurring within the internal callus (i.e. 

intercortical and endosteal callus). 

Histological observations of early stage bone fracture healing [47, 189, 190] have shown 

that (i) bone forming from intramembranous ossification (i.e. directly from osteoblasts) 

takes place farther away from the fracture site in the external callus adjacent to periosteum 

where the IFMs cause very little strain; (ii) formation of cartilaginous tissue from 

chondrocyte differentiation takes place in the external callus adjacent to the fracture line; 

and, (iii) fibrous connective tissue forms within the fracture gap and between the 

cartilaginous zones where the tissue strains are high. It can be seen that, the predicted 

differentiation patterns in Figure 4.4 agree reasonably well with patterns observed 

histologically [47, 189, 190]. Furthermore, as shown in Figure 4.4, the model predicts 

that the internal and external callus regions are in different mechanical environments. The 

internal callus is affected more than the external callus as a result of IFM  which concurs 

with other studies in the literature  [19, 105]. Figure 4.5 – Figure 4.8 presents the influence 

of each parameter (i.e. gap size, axial load, wire pretension and ring diameter) on the cell 

contents within different regions of the callus (i.e. periosteal, intercortical and endosteal). 

But, the results of callus regions where there were no significant changes (all changes < 

5%) are not presented in those figures. 
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Figure 4.3 Comparison of axial interfragmentary movements (IFMs) obtained from the 

experiment and numerical simulation of the experiment (gap size = 20 mm, wire pre‐

tension = 883 N [90 kg]): (a) 130‐mm diameter ring and (b) 155‐mm diameter ring 
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Figure 4.4 (a) Computational model of the fractured tibia; (b) schematic diagram of the 

longitudinal section of the fracture site showing different regions of the fracture site; and 

(c) spatially dependent cell differentiations within the fracture callus stabilised with 

Taylor spatial frame (ring diameter = 155 mm, wire pre‐tension = 883 N [90 kg], and axial 

load = 150 N) under different gap sizes (i.e. 1, 3, and 5 mm) 

Gap size 

Figure 4.5 shows the change of fibroblast, chondrocyte and osteoblast contents relative 

to the control case G3 (i.e. gap size = 3mm (Table 4.2)) under different gap sizes (i.e. 1 

mm and 5 mm). The results show that cell differentiation is very sensitive to gap size. 

Decreasing the gap size from 3 mm to 1 mm increased the osteoblast content by around 

120 % but decreased the chondrocyte and fibroblast contents by around 70 % and 90 %, 

respectively in the periosteal callus. On the other hand, increasing the gap size from 3 

mm to 5 mm, increased the fibroblast content in the periosteal callus by around 80 % but 

decreased the osteoblast content by around 55 %. In the intercortical callus, the changes 

were relatively small (< 4 %) and the cells were mostly fibroblasts. However, in the 

endosteal callus, chondrocyte content increased (by 35 %) and the fibroblast content 

decreased (by 35 %) as the gap size decreased from 3 mm to 1 mm. However, no 

noticeable changes were seen when the gap size increased.  
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Figure 4.5 The change of cell contents within different regions of the callus relative to 

control case G3 (ring diameter = 155 mm, gap size = 3 mm, wire pre‐tension = 883 N [90 

kg], and axial load = 150 N) under different gap sizes (i.e. 1 and 5 mm) 
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Axial load 

(a)  Gap size = 1 mm 
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(b)  Gap size = 3 mm 

 

 
 

(c)  Gap size = 5 mm 

 

 

Figure 4.6 The change of cell contents within different regions of the callus under 

different axial loads (i.e. 100 and 200 N) relative to control case G1 for (a) 1 mm, relative 

to control case G3 for (b) 3 mm, and relative to control case G5 for (c) 5‐mm gap sizes 

(note : callus regions with negligible cell content changes are not shown) 

 

Figure 4.6 shows the changes in cell contents within different zones of the callus under 

different axial loads (i.e. 100 N and 200 N) relative to control case (i.e. axial load = 150 

N (Table 4.2)). It indicates that the influence of axial load on cell differentiation is 

location and gap size dependent. For example, under a small gap size (i.e. 1 mm), the 

change in the magnitude of axial load had little influence on osteoblast content; however, 
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under mid and large gap sizes (i.e. 3 mm and 5 mm), obvious increase (i.e. up to 45%) 

was seen in the periosteal callus when reducing axial load from 150 N to 100 N. In the 

endosteal and cortical callus no noticeable changes were seen in the osteoblast content.   

Differentiation of chondrocytes in the periosteal zone, increased with the axial load for 

small and medium sized gaps (i.e. 1 mm and 3 mm); however, under a large gap size (i.e. 

5 mm), increase in axial load predicted decrease in chondrocyte content. The fibroblast 

content in the periosteal callus generally increased with axial load and the increase was 

more prominent under relatively small gap sizes (e.g. 1 mm) as shown in Figure 4.6. No 

noticeable changes in the chondrocyte or fibroblast contents were predicted in the 

intercortical or endosteal callus due to changes in axial load magnitude for mid and large 

gap sizes (i.e. 3 and 5 mm). However, for 1 mm gap, endosteal callus showed increase of 

chondrocytes (up to 80 %) and decrease of fibroblasts (50 %) as the load reduced to 100 

N; but, decrease of chondrocytes (up to 60 %) and increase of fibroblasts (35 %) were 

noticed as the load increased to 200 N. 

TSF ring diameter and wire pretension 

Figure 4.7 shows the changes in cell contents within different callus regions under 130 

mm diameter ring relative to control case (i.e. ring diameter = 155mm (Table 4.2)) for 

different gap sizes. The results show that decreasing the ring diameter from 155 mm to 

130 mm affects osteoblast content significantly (around 20 % increase); but, only in the 

periosteal callus for large gap sizes (e.g. 5mm). The increase in TSF mechanical stiffness 

resulting from the reduction of the ring diameter from 155 mm to 130 mm was insufficient 

to affect the fibroblast or chondrocyte contents significantly except in the endosteal callus 

for small gap sizes (e.g. 1 mm) where chondrocytes increased and fibroblasts decreased 

by 20 % and 15 % respectively. Figure 4.8 shows the effects of different wire pretensions 

on cell contents within different regions of the callus relative to control case (i.e. 883N or 

90 kg (Table 4.2)). The changes in wire pretension significantly changed the osteoblast 

content (around 10 %) only in the periosteal callus under a large gap size (i.e. 5 mm). The 

fibroblast contents did not change significantly by changing the wire pretensions and the 

chondrocyte content was also not predicted to change significantly, except in the 

endosteal callus for a small gap size (i.e. 1 mm) where 10 % increase was observed as the 

wire pretension increased to 1275 N. 
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(a) Gap size = 1 mm 
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(b) Gap size = 3 mm 

 

(c) Gap size = 5 mm 

 

Figure 4.7 The change of cell contents within different regions of the callus under 130‐

mm diameter ring relative to control case G1 for (a) 1 mm, relative to control case G3 for 

(b) 3 mm, and relative to control case G5 for (c) 5‐mm gap sizes 

(note : callus regions with negligible cell content changes are not shown). 
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(a) Gap size = 1 mm 
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(b) Gap size = 3 mm 

 

(c) Gap size = 5 mm 

 

Figure 4.8 The change of cell contents within different regions of the callus under 

different wire pre‐tensions (i.e. 491 [50 kg] and 1275 N [130 kg]) relative to control case 

G1 for (a) 1 mm, relative to control case G3 for (b) 3 mm, and relative to control case G5 

for (c) 5 mm gap sizes  

(note : callus regions with negligible cell content changes are not shown) 

 Discussion  

Differing from previous studies in literature which mainly focus on the mechanical 

behaviour of Ilizarov circular fixators (in this case TSF), the current study provides a 

mechanobiological perspective to its performance. A single fully coupled 3D 
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computational model of ICF (TSF) including poroelastic soft tissues of bone is presented 

in this study. This enables mechanobiological assessment of the effects of fixator 

configuration and patient specific geometric and load conditions on the biomechanical 

microenvironment of the fracture site to be conducted. 

Since the axial stiffness of TSF is dependent upon the IFM itself (due to stress stiffening 

of pretensioned wires), important parameters that affect IFM such as gap size and axial 

load were also considered in this study along with TSF ring diameter and wire pretension. 

The present study closely mimics realistic bone fracture conditions stabilized by TSF and 

a range of clinically relevant values were chosen for the parametric studies as follows :  

(i) Axial loading ranging from 100 N to 200 N, which represents the allowable weight 

bearing after surgery [178]; (ii) Common wire pretensions ranging from 491 N (50 kg) to 

1275 N (130 kg) [121]; and (iii) TSF ring diameters of 130mm and 155mm (Smith & 

Nephew). 

Although the computational model developed in this study mainly focuses on the early 

stage cell differentiations within the callus, it provides very useful data for two reasons. 

Firstly, the early environment is of prime importance as it is decisive of the cell fate which 

can affect the healing pathway of the progenitor cells and subsequently affect the entire 

healing process [16, 184]. Secondly, the fixator’s role in the fracture stability is 

predominant in the early stage [79] when the fracture callus stiffness is too low with very 

soft tissues. 

4.4.1 Predictive capacity of the model 

The predictive capacity of the developed computational model was assessed by 

comparing the IFMs predicted by the computational model with the IFMs measured 

experimentally using the ARAMIS 3D optical measuring system (Figure 4.3). It was 

observed that the IFM predictions for 155 mm ring showed larger differences from the 

mechanical test compared to those of 130 mm ring. This could be possibly attributed to 

the relative movement of the wire in the bone-wire interface. As the wires deflect under 

transverse load, they tend to elongate and move relative to the bone. For 155 mm ring the 

effect would be more compared to that of 130 mm as the axial stiffness of 155 mm ring 

would be relatively low and the movements would be relatively big. Also, this effect 

would be more perceptible at relatively small loads, because the axial stiffness would be 
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low at low loads. As the load increases, the axial stiffness would increase due to stress 

stiffening effect and the incremental deflection of wires for a given load increment would 

get smaller. However, in the present model, the bone-wire interface was modelled as 

rigidly connected to each other. Incorporating the relative movement in the computational 

model would have resulted in relatively more axial movements as reported in the study 

of Zamani and Oyadiji [170]. Nevertheless, it could be seen that the computational model 

can reproduce the experimental observations reasonably well as the numerical predictions 

were always either within the experimental error range or very close to the mean values 

(maximum of 7 % deviation). 

In addition, the model predicted cell differentiations were consistent with,  in vivo 

observations [19, 47, 189, 190] and predictions of well-established computational models 

[99, 105]. For example, the cell differentiation patterns predicted in this study (Figure 

4.4) concur with patterns observed in histological studies [47, 189, 190] and those 

predicted by the computational models of Lacroix and Prendergast [105] and Isaksson et 

al. [99]. In addition, the model predicted that the cell differentiations within the fracture 

gap is affected very much by the IFM; but, the effect of IFM gradually diminishes with 

the increase of distance from the fracture gap which is in line with other studies [105]. 

4.4.2 Parametric study and comparison with in vivo studies 

In studying human orthopaedic conditions, rat, mouse and rabbit models are the most 

commonly used in laboratories [191]. However, due to the size of these animals, their 

applicability is limited to basic orthopaedics and acceptable only in the early stages [191]. 

To study more complex issues (e.g. fracture fixations) larger animals with limbs and 

skeletal segments of sufficient sizes such as non-human primates, sheep, goats, dogs and 

pigs [191] are required. Among these, sheep is found to be (i) easy to handle; (ii) more 

feasible in terms of economy, emotions and ethics and (iii) similar to humans in terms of 

body weight [191]. A lot of studies using external fixations have been carried out on sheep 

models in the past [19] [192-194].The present study compares the model predictions with 

some of the relevant sheep experiment results in the literature.  

The model predicted that most of the changes resulting from parametric changes were 

within the periosteal region of the callus and the changes in the internal callus 
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(intercortical and endosteal callus) were insignificant in most cases. This is because the 

internal callus would be highly affected (S >> 3) by IFM in the early stages of the healing 

and varying the external parameters within the physiological range would not be enough 

to turn the mechanical microenvironment favourable (S<=3). Only reducing the fracture 

gap to very small sizes (e.g. 1 mm) could stabilize the environment and make it more 

favourable for healing as observed in sheep experiments[19, 192]. The present model was 

able demonstrate this as the internal callus was predicted to be favourable and responsive 

to other parameters only for 1 mm gap size (Figure 4.6 - Figure 4.8).  

The changes in external callus (periosteal) are thought to be very crucial in the early stages 

as external callus plays the role of surrounding the fracture site and stabilizing it in the 

early stages so that the fracture site movements can be limited [47, 103, 189]. This would 

gradually turn the fracture site environment favourable for healing (S<=3). Therefore, this 

study focuses mainly on the changes within the periosteal region of the callus. 

Among the four parameters explored in this study (i.e. gap size, axial load, ring diameter 

and wire pretension), gap size is the most critical parameter affecting the cell 

differentiations within the callus. As shown in Figure 4.5, relatively smaller gap sizes 

(e.g. 1 mm) result in larger osteoblast differentiation within the periosteal callus, which 

is indicative of osteogenic pathway and faster bridging of the fragments. In contrast, 

larger gap sizes (e.g. 5 mm) lead to the increase of fibroblast content which is indicative 

of delayed healing. These observations are consistent with the sheep experiment of Claes 

et al. [19] which investigated the roles of gap size and fracture stability on fracture healing 

and showed delayed healing with the increase of gap size from 1 to 6 mm. This 

observation could be attributed to the increase of interfragmentary strain (IFS) with gap 

size (when all other parameters are kept unchanged) [19, 105].  Smaller IFSs (under small 

gap sizes) result in more stable mechanical microenvironments (S<1) which is conductive 

to osteoblast differentiation, whereas relatively unstable microenvironments (S>3) 

resulting from larger IFS (under large gap sizes) are conductive to fibroblast 

differentiation. 

The present study suggests that the chondrocyte content is high in the periosteal region 

of mid-sized (e.g. 3 mm) fractures (up to 70 % more than other gap sizes) which is 

indicative of greater cartilage tissue formation (Figure 4.5). This  prediction is also 
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comparable with the results  of the sheep experiment [19] which reported that a 2 mm gap 

size induced more cartilage formation (up to 60 %) than those of 1 mm or 6 mm gap sizes   

[19]. This is because mid-sized gaps (i.e. 3 mm) result in moderate IFSs which gives rise 

to mid-range S values (i.e. 1<S<3) within the callus which is conductive to chondrocyte 

differentiation and subsequently cartilage formation.  

Physiologically relevant loading imposed on the fractured bone after surgery is another 

important factor that influences the healing outcomes. The results in Figure 4.6 show that 

the increase of axial load (from 150 N to 200 N) could increase the fibroblast content (up 

to 60 %) but decrease the osteoblast content (up to 25 %) in the periosteal callus. 

However, chondrocyte content could increase with the axial load only for small (i.e. 1 

mm) and mid-sized (i.e. 3 mm) gaps (up to 45 % and 5 % respectively). For large gap 

sizes (i.e. 5 mm) chondrocyte content tends to decrease with the axial load (up to 15 %). 

This observation too concurs with the sheep experiment results of Claes et al.[19] where 

IFS increase from 7 % 31 % resulted in callus area increase of 19 % and 29 % for 1 mm 

and 2 mm gaps respectively; but a 37 % decrease for 6 mm gap. This is because fractures 

with relatively small and mid-sized gaps (i.e. 1-3 mm) are relatively stable. Therefore, 

moderate loading (100 – 200 N) would give rise to moderate stimulation (1<S<3), 

increasing the chondrocyte content. However, for relatively large gaps (i.e. 5 mm), where 

the fracture site is unstable, the same magnitude of load would result in larger IFS and 

hence higher S values (S>3), which could lead to increase in fibroblast differentiation. 

The implication of the model predictions is that the amount of weight bearing must be 

carefully chosen considering the patient specific parameters such as gap size to prevent 

delayed healing or non-union.  

Within the range of values considered in this study, the stiffness changes due to change 

of TSF ring diameter or wire pretension appeared to be insufficient to make significant 

changes to the cell contents within the periosteal callus for small and moderate gap sizes 

(i.e. 1 – 3 mm). However, for a large gap size (i.e. 5 mm) significant changes were 

observed, especially with osteoblast content (Figure 4.7 and Figure 4.8). The results 

suggest that, in the early stages of healing, for small or mid-sized fractures (i.e. 1-3 mm), 

controlling the loading (i.e. partial weight) could be more effective than striving to modify 

the stiffness of TSF by changing the wire pretension or ring diameter. However, for 
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relatively large gap sizes (e.g. 5 mm) surgeons would also have the option of adjusting 

these parameters to a certain extent to control biomechanical environment of the fracture 

site. But the most important of all is careful reduction of the fragments; because, it would 

decide the gap size which is the most influential parameter of all. 

In the internal callus (intercortical and endosteal), it could be seen from Figure 4.5 that 

reducing the gap size to 1 mm from 3 mm could result in chondrocyte increase and 

fibroblast decrease (around 35 % each) in the endosteal region. Furthermore, Figure 4.6-

Figure 4.8 show that significant changes occur in the endosteal callus in response to other 

parameters only for 1 mm gap size. In general, stabilizing the fracture site increases 

chondrocyte content and decreases fibroblast content within the endosteal zone for small 

gap sizes (e.g. 1 mm). For example, decreasing the axial load (from 150 N to 100 N) or 

decreasing the ring diameter (from 155 mm to 130 mm) or increasing the wire pretension 

(from 883 N to 1275 N) could increase the chondrocyte content up to 80 %, 20 % and 10 

% and decrease the fibroblast content up to 50 %, 15 % and 5 % respectively.  The 

histological observations of sheep osteotomy sites by Claes et al.[195] showed fracture 

bridging to take place via both periosteal and endosteal callus for all sheep with 1 mm 

osteotomy which was not observed for sheep with 2 mm or 6 mm osteotomies. In addition, 

increasing the gap size from 1 mm to 2 mm and increase of IFS from 7 % to 31 % in the 

1 mm group was observed to considerably increase the fibrous connective tissue within 

the fracture site. These observations are in agreement with the model predictions of this 

study.   

A different sheep study by Yamaji et al. [192] with external ring fixators have indicated 

that even a larger IFS (35 %) in smaller fractures (2 mm) could result in relatively lesser 

connective tissues (around 50 %) within the callus than those with a smaller IFS (12 %) 

in larger fractures (6 mm). So, it appears that smaller fracture gap sizes could result in 

better mechanical environments throughout the callus. 

Because of this, it is recommended that reduction of fragments need to be carried out 

carefully under flexible fixations such as TSF to improve fracture healing [19]. Generally, 

it is suggested that reductions should be made with small gap sizes as possible [19]. 

However, relatively large gap sizes (i.e. 5 mm or more) may sometimes become inevitable 



 

89 

 

in clinical situations. Especially, where there is significant bone loss due to high energy 

fractures [196] or surgical removal of bone tumours [13].  

Therefore, to determine the most desirable environment within the fracture site, it is 

necessary to consider the patient specific parameters such as gap size and loading levels 

along with the fixator stiffness parameters. In this regard, models like the one presented 

in this study would be of assistance to surgeons in making patient specific treatment 

planning. 

4.4.3 Limitations  

It is known that tibial bone is an anisotropic material, the mechanical properties of which 

depend on its microstructure and mineral composition [197]. Therefore, the mechanical 

response of human tibia in different directions would be different [197, 198]. However, 

in this study, mechanical tests were carried out using surrogate tibia and the bone tissues 

were assumed to be isotropic to simplify the computational analysis. 

It should be mentioned that, to simplify the complex loading scenarios, only axial 

compressive load (representing knee joint loading as uniform compression) was 

considered and the growth of fracture callus and change of mechanical properties were 

ignored in this study. In addition, bio-regulatory effects (e.g. growth factors) were not 

considered in this study. Moreover, as the current study was focused on the early stage, 

only the initial response is predicted in this study. Most importantly, further experimental 

and clinical evidence is required to validate the model predictions. 

 Conclusions 

The outcomes of this study provide new insights (in a mechanobiological perspective) 

into the use of ICF (in this study TSF) in treating bone fractures. The computational model 

developed in this study enables the selection of optimal parameters (i.e. fracture gap, TSF 

ring diameter, wire pretension and axial loading) during the early stage fracture healing. 

A summary of the main findings of this study are as follows: 

• The developed model was able to predict the spatially dependent MSC 

differentiation patterns observed in histological studies. Also, the numerical 
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predications from the parametric study concur well with in vivo observation which 

exhibits the potential of numerical modelling in assisting treatment planning. 

• Gap size is the most important parameter that affects cell differentiations within 

the callus. Small gap sizes (e.g. 1 mm) could result in better healing environments 

throughout the callus; whereas, mid (e.g. 3 mm) and large size (e.g. 5 mm) gaps 

tend to rely mostly on periosteal stabilization. Therefore, careful reduction of the 

fracture is of paramount importance.   

• The influence of axial loading on cell differentiation is gap size dependent. The 

changes in cell differentiation due to axial load changes are mainly noticeable in 

the periosteal callus; but for small gap sizes (e.g. 1 mm) changes are noticeable 

throughout the callus.   

• The change in TSF mechanical stiffness resulting from change of  ring diameter 

(i.e.155 mm to 130 mm) or wire pretension (491 N – 1275 N) could only change 

the cell contents in the periosteal callus significantly for large gap sizes (e.g. 

5mm). In addition, the changes are mainly noticeable in the osteoblast content. 

For smaller gap sizes (e.g. 1 mm) significant changes (up to 20 %) could be 

achieved within the internal callus as well. 

• It is preferable to achieve gap sizes as small as possible. But, when larger gap size 

(e.g. 3 – 5 mm) are unavoidable, controlling the axial load (i.e. partial weight 

bearing) would be more effective than adjusting the TSF stiffness by changing the 

ring diameter or wire pretension in the early stages of healing. 
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5 The Effects of Dynamic Loading on Bone Fracture 

Healing Under Ilizarov Circular Fixators 

 

Chapter summary  
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6 Optimal time-dependent levels of weight-bearing for 

bone fracture healing under Ilizarov circular fixators 
 

Chapter summary 

 

It is known that weight-bearing exercises under Ilizarov circular fixators (ICF) could 

enhance bone fracture healing by mechano-regulation. However,  interfragmentary 

movements (IFMs) at the fracture site induced by weight-bearing may inhibit 

angiogenesis and ultimately delay the healing process. To tackle this challenge, a 

computational model is presented in this chapter. The model incorporates angiogenesis 

and considers the  spatial and temporal changes in mechanical properties of fracture callus 

to predict optimal levels of weight-bearing during fracture healing under ICF. The study 

takes sheep fracture as example and shows that the developed model has the capability of 

predicting patient specific, time-dependent optimal levels of weight-bearing which 

enhances mechano-regulation mediated healing without hindering the angiogenesis 

process. The findings of this study have potential applications in designing post-operative 

weight bearing exercises. 
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 Introduction 

It is well known that bone fracture healing is a very complex process involving many 

cellular, molecular and tissue level events in an orchestrated manner [48]. These events 

are regulated by many biological and mechanical factors and are controllable externally. 

The basis behind choosing a treatment strategy is to provide the most favourable 

environment for healing. One of the most important requirements of successful healing is 

re-establishment of vasculature within the fracture site [20, 152]. Therefore, it is essential 

that the angiogenesis process is not hindered within the fracture site during healing. The 

other prerequisite for the fracture healing is mechanical stability [152]. It is known that 

unstable fractures end up in delayed unions or non-unions. One of the reasons behind this 

phenomenon is that unstable fracture environments can affect both angiogenesis and 

synthesis of bone tissue [152, 224]. As explained in Chapter 2, if fracture site is rigidly 

fixed, fractures tend to heal by primary healing where bone tends to re-establish itself 

from the existing bone fragments [19, 49, 223].  

Under flexible fixations, most fractures heal by secondary fracture healing, where the 

healing process goes through three distinct but overlapping phases [47, 49]. The phases 

of secondary fracture healing are explained in detail under Chapter 2. However, they are 

briefly described again to provide background to the research problem addressed in this 

chapter.  

Secondary healing begins with the ‘inflammation phase’. Soon after fracture, due to 

rupture of blood vessels, blood flows into the fracture site to form haematoma which is 

soon followed by inflammatory response [94]. Haematoma is subsequently replaced with 

very soft fibrous granulation tissue which forms the initial fracture callus. This acts as a 

temporary scaffold for the cascade of cellular activities in the subsequent phases [94].  

Early callus provides an excellent environment for multipotent mesenchymal stem cells 

(MSCs) to migrate within the fracture site and differentiate into tissue forming cells like 

osteoblasts, chondrocytes and fibroblasts [48]. This differentiation process is regulated 

by the local mechanical and biological environments and thus spatially varying within the 

callus. Osteoblasts are formed to synthesise woven bone tissue via intramembranous 

ossification at relatively low strain environments close to the periosteum and far from the 

fracture gap [47]. Within the unstable fracture gap, MSCs predominantly differentiate 
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into fibroblasts to synthesis fibrous connective tissue. In other regions MSCs differentiate 

into chondrocytes to synthesis cartilage tissue [47]. Bone forming front gradually moves 

towards the fracture gap as healing progresses, while cartilage stabilizes the areas 

surrounding the fracture gap [47, 57]. Subsequently, cartilage gets transformed into 

woven bone tissue by endochondral ossification as the environment becomes favourable 

for osteogenesis. These changes lead to stiffening of external callus and minimization of 

interfragmentary movement (IFM) within the fracture gap. As the fracture gap becomes 

increasingly stable, fibrous tissue gets replaced by woven bone tissue via 

intramembranous ossification [47]. In summary, during this phase, fracture is repaired by 

transforming the initial soft granulation tissue filled callus entirely into woven bone via 

different pathways and hence called the reparative phase.  

 

Figure 6.1 (a) Schematic diagram showing the configuration of the Ilizarov circular 

fixator (ICF) used in this study; (b) 3D finite element model of the ICF; and (c) boundary 

conditions of the 2D axisymmetric model . 

The 2D model was used to simulate the spatial and temporal changes in angiogenesis, cell 

differentiations and material properties within the fracture site and the 3D model was used to 

simulate the corresponding mechanical response at the fracture site under different ICF 

configurations and physiological loading (weight-bearing). 

In the next phase, woven bone is fully replaced by well organised lamellar bone by a 

process known as remodelling. This process may take several months to years after the 

fracture is fully bridged by woven bone. During the remodelling phase, bone regains its 

pre-fracture geometry and strength [26, 225]. In clinical point of view, no further 
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treatment is generally necessary after the end of reparative phase. The fracture is deemed 

to have healed if clinical union of bone fragments is detected [5]. Therefore, the objective 

of surgeons is to shorten the reparative phase and achieve clinical union within accepted 

timeframes. This requires maintenance of conductive environments within the fracture 

site as much as possible. Experimental evidence suggests that, level of vascularity and 

local mechanical stability play vital roles in regulating tissue synthesis in the reparative 

phase [20, 152]. Therefore, it is essential to have deeper understanding about these 

factors.  

Fracture healing involves enhanced metabolic activities, which requires additional supply 

of oxygen and other essential factors such as nutrients [226]. However, due to rupture of 

blood vessels, enough blood supply does not prevail within the fracture site, which leads 

to shortage of these essential factors. Studies have revealed that angiogenesis begins from 

existing vasculature at a very early stage of fracture healing [47, 190]. As angiogenesis 

progresses, the increase of blood supply increases the supply of oxygen and other 

essential factors and removal of metabolic wastes. Studies have reported that 

angiogenesis precedes osteogenesis, which suggests that enough blood supply is a 

prerequisite for osteogenesis [226]. On the other hand, avascular environments with 

insufficient blood supply are conductive to chondrogenesis [47, 102]. Clearly, the level 

of blood supply is a regulator of differentiation pathway and tissue synthesis. However, 

the level of blood supply alone may not be enough to fully describe the differentiation 

process as vascularized zones of callus do not always lead to osteogenesis but also 

fibrogenesis [152, 227]. This indicates that there should be at least one more factor that 

governs the differentiation pathway.  

It has been reported that bone tissues form under relatively stable environments, whereas 

fibrous tissue forms under relatively high strains [152].  If good blood supply condition 

exists, mechanical stability controls whether osteogenic or fibrogenic pathway is taken 

during the healing process. Histological studies have shown that, bone formation begins 

adjacent to periosteum, but far from the fracture gap [47, 190], where the early blood 

vessels are observed and the tissue strains are relatively small. The progression of 

ossification follows revascularization and occurs adjacent to previously formed bone 

tissues where the tissue strains are minimal [47, 57, 226]. On the other hand, fibrous tissue 

begins to form within the fracture gap, which is in proximity to vasculature under 
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relatively high tissue strains. Cartilage is formed in avascular and hypoxic regions where 

there is no formation of other two types of tissues [47, 107]. Later on, with blood vessels 

invading the callus, cartilage is gradually replaced by woven bone (i.e. endochondral 

ossification) [47, 190]. Therefore, fracture healing process can be described based on the 

local level of blood supply and tissue strain. It should also be noted that tissue strain does 

not only affect the differentiation pathways and tissue synthesis, but also angiogenesis. 

Relatively high tissue strains lead to blood vessel rupture and inhibition of angiogenesis 

[47]. Thus, tissue strain has a direct and indirect effect on differentiation pathways. 

To enhance intramembranous or endochondral ossifications during bone repair, it is 

essential that angiogenesis process is not hindered. This requires relatively low 

mechanical strains within the fracture site. However, very low strains can lead to 

significant resorption which leads to loss of bone mass, stiffness and strength [81, 82, 

228]. Therefore, there should be an optimal range of tissue strains that promote both 

angiogenesis and osteogenesis. Determining the level of weight-bearing corresponding to 

the optimal tissue strain range would have clinical significance as it would allow 

therapists to determine patient specific physiological exercises under different fixation 

configurations.  

Many studies in the past have reported that too rigid or too flexible fixations are not very 

beneficial for healing and there should be an optimal range of stiffness for the ideal 

healing conditions [19, 165, 183, 229]. However, there is no clear consensus as to what 

this range is. Therefore, the selection of the most appropriate fixation type and 

configuration is often challenging. Since there is lack of systematic investigation into this 

problem, surgeons generally take a trial and error approach [179]. The problem gets more 

complex as stiffening of callus with time constantly modifies the load share between the 

fixator and callus. This makes it necessary to regulate the fixation stiffness or load to 

maintain the optimal level of IFM throughout the course of healing.  

Ilizarov circular fixators (ICF) are very beneficial in this regard as they allow adjustment 

of stiffness as required. The modular nature of ICF allows it to be constructed in many 

possible configurations to suit patient specific needs. In addition, ICFs are minimally 

invasive which makes them desirable. Even though ICFs are in existence for over six 

decades, systematic investigations on weight-bearing for the optimal healing conditions 
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under ICF are still lacking. Therefore, the full potential of ICFs cannot be utilized yet. It 

is known that patient specific parameters such as fracture geometry and fixator 

configuration influence fracture healing [19, 21, 178]. Therefore, the optimal weight-

bearing for fracture healing need to be determined on a case-by-case basis taking patient 

specific parameters into account. 

However, this is very challenging owing to number of patient specific factors that need 

to be considered and their complex interrelationships. Computational models provide an 

excellent framework for this problem as it can handle multiple inputs and provide 

reasonably accurate solutions relatively quickly. As discussed in Chapter 2, different 

aspects of ICF have been studied numerically using computational models in the past [21, 

22, 144, 169, 170]. However, studies on determining optimal weight-bearing for fracture 

healing under ICF are very limited, if not totally unavailable.  

The purpose of this chapter is to develop a computational framework for determining 

optimal weight-bearing levels for fractures treated with ICF taking patient specific factors 

as inputs. In this study, different ICF configurations, fracture gap sizes (GS) and body 

weights (BW) were considered and how these important patient specific factors affect 

time dependent optimal weight bearing levels for fracture healing under ICF was 

investigated.  

 

 Materials and Methods 

This study mainly focuses on the reparative phase (second phase) of fracture healing 

without considering the initial inflammatory responses and the transformation of woven 

bone into lamellar bone (remodelling) [55, 99, 104, 230, 231]. In addition, it is assumed 

that local vascularity and tissue strain are two critical determinants of fracture healing. 

Due to availability of experimental data for validation and comparison purposes [19, 20], 

sheep fractures were used as an example to study the problem.   

6.2.1 Problem description   

The computational framework proposed in this study consists of two models. The first 

model is an adaptive two-dimensional (2D) axisymmetric model (Figure 6.1) of a sheep 
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metatarsal fracture that simulates the spatial and temporal changes of angiogenesis and 

cell differentiations within the fracture site during healing. When the simulation begins, 

vascularization starts within the post inflammation callus from existing vasculature. In 

parallel, MSCs start to migrate into the callus from different boundaries and differentiate 

into either osteoblasts, chondrocytes or fibroblasts (which are responsible for the 

synthesis of bone, cartilage and fibrous tissue, respectively), depending on the local tissue 

strain (deviatoric strain) and level of blood supply (indicated by vessel density). The 

mechanical properties at each spatial point of the fracture callus are calculated using the 

rule of mixtures from cell densities as described elsewhere [104, 107]. The model was 

first validated using sheep experimental data [19, 20] and then used to predict healing 

under different simulation cases. 

The second model is a parameterized three-dimensional (3D) model of fractured sheep 

metatarsal  stabilized with ICF, which was developed based on Chapter 5 [22]. It was 

used to simulate the mechanical response at the fracture site under different ICF 

configurations and physiological loading. The model is reconstructed before each 

simulation based on the parameters specified by the users (e.g. geometric, material and 

configuration specific parameters). The material properties of the fracture callus in the 

3D model were updated at each time point based on the simulation results of the 2D 

model. All components of ICF including pretension wires and half pins were assumed to 

be made of stainless steel.  Table 6.1 summarises the mechanical properties of different 

materials used in the model. 

In this way, the complex mechano-biological simulation was reduced to a 2D 

axisymmetric model while the overall fixator-fracture site interaction was studied using 

the 3D model. This simplification is reasonable as the bone elements were assumed to be 

cylindrical and only uniform axial load was considered in this study [22]. Under these 

conditions, a circular fixator (ICF) with the configuration depicted in Figure 6.1 would 

result in axisymmetric displacements in response to axial loads. Therefore, the bone 

fragments and fracture callus (without ICF) could be treated as a 2D axisymmetric 

problem. This simplification improved the computational efficiency. Using this approach, 

the optimal weight-bearing under different combinations of ICF configurations (Table 

6.2), body weights (i.e. 50-100 kg) and transverse fracture gaps (i.e. 3 - 6 mm) were 
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predicted as these are three important factors that affect fracture healing and weight-

bearing [12].  

 

Figure 6.2 Schematic diagram showing the top view of ICF ring and pretension wire / half 

pin arrangement at each ring level under different ICF configurations (i.e. C0, C1, C2) 

considered in this study 

(Note : Details of ICF configuration are summarised in Table 6.2) 

 

6.2.2 Model Geometry  

The geometry (Figure 6.1) of the fracture site was based on the geometry adopted by 

Claes and Heigele [57], which was established from histological observations of sheep 

metatarsal fractures. The cortical bone was assumed to be a hollow cylinder with an outer 

diameter of 16 mm and inner diameter of 12 mm, with a gap at mid height representing a 

transverse fracture. The fracture callus was assumed to be formed with a maximum 

diameter of 32 mm (Figure 6.1). Taking the approach of previous studies [55, 104, 106, 

224], the same callus geometry throughout the study was assumed, neglecting callus 
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growth. As described in Table 6.2, the fracture site was stabilized with three different 

configurations of ICF: C0, C1 and C2. Each ICF configuration consists of (i) four rings 

in total with two rings each for proximal and distal fragments; and (ii) two wires / half 

pins per ring; to ensure stability [12, 232]. Figure 6.1 shows the schematic diagram of 

configuration C0. For configurations C1 and C2, wires were replaced with half-pins. At 

alternating ring levels, half pins were fixed to rings on the opposite sides to ensure 

uniform distribution of load (Figure 6.2). 

Table 6.1 Properties of materials used in this study 

Material E (MPa) ʋ Ф k (m4 N-1 s-1) Ks (MPa) Kf (MPa) 

Cortical bone 20000 a 0.3 a  0.04 a 10-17 a 13920 a 2300 a 

Mature bone 6000 a 0.3 a 0.8 a 3.7 x 10-13 a 13920 a 2300 a 

Cartilage 10 a 0.167 a 0.8 a 5 x 10-15 a 3400 a 2300 a 

Fibrous Tissue 2 a 0.167 a 0.8 a 10-14 a 2300 a 2300 a 

Granulation Tissue 2 b 0.167 a 0.8 a 10-14 a 2300 a 2300 a 

Stainless Steel 1 197000 c 0.29 c -------- -------- -------- -------- 

E – Young’s modulus          ʋ - Poisson’s Ratio       Ф – Porosity          k –Permeability  

Ks – Solid compression modulus  Kf – Fluid compression modulus 

a Lacroix and Prendergast [105]    b Steiner et al.  [106]    c Watson et al. [144] 

1 All components of ICF including pretension wires and half pins 

 

6.2.3 Development of the model 

Fracture callus is a porous material composed of different tissues, interstitial fluid and 

solutes (e.g. cells). Therefore, callus was treated as a tri-phasic poroelastic material and 

the fracture healing model was developed using the theory of porous media. The 

formulation of tri-phasic callus is described in detail in Chapter 5 and previous studies 

[22, 233, 234]. In the poroelastic model, tissues and interstitial fluid represent the solid 

and fluid phases, respectively and the following four cells constituted the solute phase: 

MSC (𝑐𝑚), osteoblasts (𝑐𝑏), chondrocytes (𝑐𝑐) and fibroblasts (𝑐𝑓𝑏). 
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Table 6.2 ICF Configurations considered in this study 

Configuration Description 

C0 • 4-rings of 80 mm diameter (internal) 

• 2 x 1.8 mm diameter mutually perpendicular wires per ring 

• 130 kg (1275 N) wire pretension 

C1 • 4-rings of 80 mm diameter (internal) 

• 2 x 4.0 mm diameter mutually perpendicular half pins per ring 

• Pins affixed on opposite sides at alternating ring levels 

C2 • 4-rings of 80 mm diameter (internal) 

• 2 x 6.0 mm diameter mutually perpendicular half pins per ring 

• Pins affixed on opposite sides at alternating ring levels 

 

Based on the model of Burke and Kelly [107], angiogenesis during fracture repair was 

modelled using a continuous variable, vessel density (𝑣), to represent the level of blood 

supply (Figure 6.3). The values of 𝑣 ranges from 0 to 1 indicating ‘no blood supply’ (0) 

and ‘full blood supply’ (1) conditions. New blood vessels grow from existing ones and 

invade callus to establish a network of blood vessels. As shown in Figure 6.3, vasculature 

development occurs from well vascularised zones (i.e. high values of 𝑣) towards poorly 

vascularized zones (i.e. low values of 𝑣) through a diffusion-like process [107, 235]. The 

effect of mechanical factors on revascularization was incorporated into the model by 

defining a tissue strain-dependent diffusion coefficient which describes the rate of 

angiogenesis. In other words,  

 
𝑑𝑣

𝑑𝑡
= 𝐷𝑣∇2𝑣 (6.1) 

 

where, 𝐷𝑣 is the angiogenic diffusion coefficient defined by the following function, 

 𝐷𝑣 = 𝑓(𝜀) =  {
𝐷𝑣0, 𝜀 ≤ 𝜀𝑎𝑛𝑔
0, 𝜀 > 𝜀𝑎𝑛𝑔

 (6.2) 
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where 𝐷𝑣0 is the free angiogenic diffusion coefficient, 𝜀 is the deviatoric strain and 𝜀𝑎𝑛𝑔 

is the deviatoric strain threshold for angiogenic inhibition which is in the range of 6-9 % 

based on previous studies [107, 108].  

 

Figure 6.3 Schematic diagram showing mesenchymal stem cell (MSC) migration, 

differentiation and angiogenesis processes during fracture healing. 

 

The distribution of MSCs inside the fracture callus is a complex process which involves 

multiple mechanisms. MSCs possess the capacity to self-renew and proliferate [236]. 

Inside the callus, MSCs migrate by both random and directed motions [237] involving 

crawling and convective transport [104]. It was assumed that proliferation and migration 

of MSCs can be described as the advancement of MSCs from regions of high densities to 

those of low densities through a diffusive process [104, 105, 107]. In addition, the 

distributions of osteoblasts, chondrocytes and fibroblasts within the callus were also 

assumed to be analogous to diffusion [55]. 

MSCs were assumed to take chondrogenic pathway when vessel density is below a 

threshold value (𝑣 ≤ 𝑣𝑐) based on the study of Burke and Kelly [107]. When the vessel 

density is above this threshold value (𝑣 > 𝑣𝑐), MSCs take the osteogenic or fibrogenic 

pathways when the tissue strain is smaller than (𝜀 ≤ 𝜀𝑏𝑜𝑛𝑒) or greater than (𝜀 > 𝜀𝑏𝑜𝑛𝑒) 

the allowable strain of bone tissue (𝜀𝑏𝑜𝑛𝑒), respectively. Previous studies have reported 
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that chondrocytes can trans-differentiate directly into osteoblasts during endochondral 

ossification [238, 239]. There is also evidence that fibroblasts could trans-differentiate 

into osteoblasts [240, 241]. In this study, endochondral ossification and trans-

differentiation of fibroblasts into osteoblasts were assumed to occur when the 

combination of 𝑣 and 𝜀 are favourable for osteogenesis. The time-dependent changes of 

cell concentration within the callus can be described by  

MSC: 𝜕𝑐̅ 𝑚

𝜕𝑡
=  −∇ ∙ (−𝐷𝑚∇𝑐̅ 𝑚 + 𝐯𝒇𝑐̅ 𝑚) − 𝐹1𝑐̅ 

𝑚 − 𝐹2𝑐̅ 
𝑚 − 𝐹3𝑐̅ 

𝑚 (6.3) 

 

Fibroblast: 𝜕𝑐̅ 𝑓𝑏

𝜕𝑡
=  −∇ ∙ (−𝐷𝑓𝑏∇𝑐̅ 𝑓𝑏 + 𝐯𝒇𝑐̅ 𝑓𝑏) + 𝐹1𝑐̅ 

𝑚 − 𝐹4𝑐̅ 
𝑓𝑏 (6.4) 

 

Chondrocyte: 𝜕𝑐̅ 𝑐

𝜕𝑡
=  −∇ ∙ (−𝐷𝑐∇𝑐̅ 𝑐 + 𝐯𝒇𝑐̅ 𝑐) + 𝐹2𝑐̅ 

𝑚 − 𝐹5𝑐̅ 
𝑐 (6.5) 

 

Osteoblast: 𝜕𝑐̅ 𝑏

𝜕𝑡
=  −∇ ∙ (−𝐷𝑏∇𝑐̅ 𝑏 + 𝐯𝒇𝑐̅ 𝑏) + 𝐹3𝑐̅ 

𝑚 + 𝐹4𝑐̅ 
𝑓𝑏 + 𝐹5𝑐̅ 

𝑐 (6.6) 

 

where, 𝐷𝑚, 𝐷𝑓𝑏, 𝐷𝑐 and 𝐷𝑏 are the diffusion coefficients of MSC, fibroblast, 

chondrocyte and osteoblast, respectively; 𝐯𝒇 is the true fluid velocity; 𝐹1, 𝐹2, 𝐹3 are the 

rates of fibrogenic, chondrogenic and osteogenic differentiations of MSC, respectively; 

and 𝐹4, 𝐹5 are the rates of osteogenic differentiation of fibroblast (i.e. trans differentiation) 

and chondrocytes (i.e. endochondral ossification), respectively. 𝐹1, 𝐹2, 𝐹3, 𝐹4 and 𝐹5 can 

be defined as  

 𝐹1 = 𝑝1(𝜀) × 𝑞1(𝑣) (6.7 a) 

 𝐹2 = 𝑝2(𝜀) × 𝑞2(𝑣) (6.7 b) 

 𝐹3 = 𝑝3(𝜀) × 𝑞3(𝑣) (6.7 c) 

 𝐹4 = 𝑝4(𝜀) × 𝑞4(𝑣) (6.7 d) 

 𝐹5 = 𝑝5(𝜀) × 𝑞5(𝑣) (6.7 e) 
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where, 𝑝𝑖(𝜀) is the rate of production depending on deviatoric strain and 𝑞𝑖(𝑣) is the 

production rate modifier depending on the vessel density that define cell specific 

production or degradation rates (𝑖 = 1,2,3,4,5). For simplicity, the production rates of 

osteoblasts by all the different processes (𝐹3, 𝐹4 and 𝐹5) were assumed to be the same (i.e. 

𝐹3 = 𝐹4 = 𝐹5) in this study. Figure 6.4 shows the 𝑝𝑖(𝜀) and 𝑞𝑖(𝑣) functions adopted in 

this study.  

Deviatoric strains less than 7 % [242],  3.75 % [105] and 2.5 % [103] have been reported 

as allowable for osteogenesis in previous studies. Perren and Cordey [243] suggested a 

tissue strain limit of 2 % for bone tissue synthesis based on its allowable strain limit before 

rupture.  Another previous study [244] reported a volumetric strain threshold of 1.5 ± 0.5 

% for bone formation. Likewise, blood perfusion less than 30 % has been estimated as 

‘low’, and assumed to be conductive to chondrogenesis [230]. Another study [108], which 

assumed linear relationship between vessel density and oxygen tensions, estimated that 

oxygen tensions below a third (33 %) of the maximum oxygen tension inhibits 

osteogenesis and promotes chondrogenesis. This indicates that vessel densities below 33 

% of the maximum vessel density is conductive to chondrogenesis. Based on these 

studies, 𝜀𝑏𝑜𝑛𝑒 = 2 % and 𝑣𝑐 = 30 % were assumed in this study. 

The tissue strain-dependent production rates, 𝑝𝑖(𝜀), were defined based on the study of 

Andreykiv et al. [210]. As shown in Figure 6.4, no fibroblast production was assumed for 

𝜀 ≤ 𝜀𝑏𝑜𝑛𝑒. The production rate of fibroblast was assumed to be constant (maximal) when 

𝜀 > 𝜀𝑏𝑜𝑛𝑒. Osteoblast production rate was assumed to be minimal when 𝜀 is zero and 

increase linearly with 𝜀 until it reaches 𝜀𝑏𝑜𝑛𝑒, beyond which osteoblast production ceases. 

The production rate of chondrocytes was assumed to be constant (maximal) for all 𝜀 

values as chondrogenesis is governed by the level of blood supply.  

The production rates were modified using modifiers, 𝑞𝑖(𝑣), to account for the blood 

supply available locally at any given location within the callus. Since the increase in 

vascularization increases the supply of oxygen, nutrients and other elements necessary 

for metabolism [226, 245], it was assumed that  vessel density dependent modifiers, 

𝑞𝑖(𝑣),  increase with vasculature density when the conditions are favourable. The 

production modifiers of both fibroblasts and osteoblasts were assumed to be zero for 𝑣 ≤

𝑣𝑐 and reach  maximum when there is enough blood supply, which was assumed to occur 
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for a vasculature density of 80 % (𝑣 = 0.80). In addition, it was assumed that this transition 

is smooth over the 𝑣 interval of 0.30 to 0.80.  

 

Figure 6.4 Tissue strain dependent cell production rates pi (ε) and vessel density 

dependent production rate modifiers qi (v) for fibroblasts (i=1); chondrocytes (i=2) and 

osteoblasts (i=3). 

The values of the production rates adopted in this study are given in Table 6.3. 
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Table 6.3 Parameters related to angiogenesis and cell evolution within the callus 

Parameters Expression 

Diffusion coefficient of MSC (𝐷𝑚) 0.10 mm2/day a 

Diffusion coefficient of osteoblasts (𝐷𝑏) 8.64  10-20 mm2/day b 

Diffusion coefficient of chondrocytes (𝐷𝑐) 8.64  10-20 mm2/day b 

Diffusion coefficient of fibroblasts (𝐷𝑓𝑏) 0.67 mm2/day c, d 

Diffusion coefficient of angiogenesis (𝐷𝑣) 𝑓(𝜀) e, 1 

Free diffusion coefficient of angiogenesis (𝐷𝑣0) 7.5  10-2 mm2/day f,* 

Strain threshold for angiogenesis inhibition (𝜀𝑎𝑛𝑔) 6 % e 

Maximum strain limit for osteogenesis (𝜀𝑏𝑜𝑛𝑒) 2 %  g,h 

Maximum strain limit for bone resorption (𝜀𝑟𝑒𝑠) 0.005 % h 

Maximum vasculature density limit for chondrogenesis (𝑣𝑐) 30 % f,i 

Maximum tissue strain-dependent production rate of fibroblasts (𝑝1,𝑚𝑎𝑥) 0.2/day j 

Tissue strain-dependent production rate of chondrocytes (𝑝2) 0.2/day j,k,* 

Minimum tissue strain-dependent production rate of osteoblasts (𝑝3,𝑚𝑖𝑛) 0.004/day k,* 

Maximum tissue strain-dependent production rate of osteoblasts (𝑝3,𝑚𝑎𝑥) 0.007/day k,* 

Maximum blood supply dependent production rate modifier for fibroblasts (𝑞1,𝑚𝑎𝑥) 1 j,* 

Minimum blood supply dependent production rate modifier for chondrocytes (𝑞2,𝑚𝑖𝑛) 0.2 * 

Maximum blood supply dependent production rate modifier for chondrocytes (𝑞2,𝑚𝑎𝑥) 1 j,k,* 

Maximum blood supply dependent production rate modifier for osteoblasts (𝑞3,𝑚𝑎𝑥) 1 k,* 

a Ghiasi et al. [246]   b Zhang et al.  [209]  c Geris et al. [59]   d Bailón-Plaza and van der Meulen [113]   e Burke and Kelly [107]   f  

Lu and Lekszycki [247] g Perren and Cordey [243]   h Isaksson et al. [103]   i Simon et al. [230]  j Isaksson [55]   k Andreykiv et 

al. [210]   * Estimated  

1 The function 𝑓(𝜀) is given by Eq. 6.2. The angiogenic diffusion coefficient 𝐷𝑣 = 𝐷𝑣0 for 𝜀 ≤ 𝜀𝑎𝑛𝑔 and drops to 0 for 𝜀 > 𝜀𝑎𝑛𝑔. 

The transition was smoothened over an 𝜀 interval of 6 - 10 % instead of a sudden drop at 𝜀 = 𝜀𝑎𝑛𝑔 = 6 %. 

 

 

It has been reported that, even chondrogenesis, which is well adopted to avascular, 

hypoxic environments, need a minimal level of oxygen for basic metabolic activities 

[112]. Recent studies have pointed out that angiogenesis is needed for chondrogenesis 

(especially in the earliest phases of chondrogenesis) and inhibition of angiogenesis affects 

the autocrine and paracrine processes that control chondrocyte progression [248]. 

Therefore, we assumed the production modifiers of chondrocytes to be minimal at very 

low values of 𝑣 and subsequently increase with 𝑣 to reach the maximum when 𝑣 = 𝑣𝑐, 

beyond which chondrocyte production ceases. Table 6.3 summarizes the parameters 

related to angiogenesis and cell evolution used this study. 



 

131 

 

6.2.4 Initial and boundary conditions  

It was assumed that the initial callus was filled with soft granulation tissue. Therefore, the 

initial material properties of the callus was specified to be those of granulation tissue. The 

initial densities of vessels and cells within the callus were set to zero (i.e. at t = 0, and 𝑣 

= 0 and 𝑐𝑚 =  𝑐𝑏 =  𝑐𝑐 =  𝑐𝑓𝑏 = 0 ). In addition, in the ICF configuration C0, the wire 

pretension (i.e. 1275 N), was specified as initial stress to the wires.   

As shown in Figure 6.1, the axial loads were applied on the top of the proximal fragment 

of the cortical bone and the bottom of the distal fragment was assigned fixed boundary 

condition. Periosteum, bone marrow and surrounding soft tissues were assumed to be the 

sources of MSC [59, 105]. The boundary concentration of MSC was specified as 2 × 104 

cells / ml [74]. The blood vessels were assumed to propagate from periosteum, 

endosteum, bone ends and medullary cavity [59, 107, 108]. At these boundaries, the 

vasculature density was set to be 100 % [107]. In the 2D model, axisymmetric boundary 

condition was specified along the z axis. 

6.2.5 Numerical solutions  

The model was developed using the commercial finite element software package 

COMSOL Multiphysics® v. 5.3a (COMSOL AB, Stockholm, Sweden). A convergence 

study (with an error limit of 2 %) was conducted to choose the mesh size for the models. 

The 3D model was meshed using solid tetrahedral elements, the 2D model was meshed 

using triangular elements and the models were solved using the time-dependent solver of 

the software. Using the models, the optimal weight-bearing levels were determined under 

different combinations of parameters as described in detail under section 6.2.7.  

 

6.2.6 Model validation 

The 2D axisymmetric model of fracture healing was validated using the experimental data  

reported by Claes et al. [19, 20]. The experimental data used in this study were of 3.1 mm 

transverse osteotomies on sheep metatarsals. The animals were subjected to loading for 

producing an initial IFM of 1 mm. The weekly IFMs were measured in vivo for 8 weeks 

post osteotomy. After the ninth week, the animals were sacrificed, and the metatarsals 

were explanted. These explanted metatarsals were subjected to bending tests [19] to 
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determine the callus stiffness, and histological observations [20] to measure vascular 

densities within different regions of the callus. Using the model, the axial load required 

to produce 1 mm initial IFM was predicted to be 150 N. Under this loading model 

predictions were compared with the experimental results. 

6.2.7 Parametric studies  

After validation, weekly optimal weight-bearing levels for fracture healing were 

predicted using the models. The upper limit was calculated by ensuring angiogenesis is 

not inhibited anywhere within the callus (i.e. 𝜀 ≤ 𝜀𝑎𝑛𝑔 throughout the callus), while the 

lower limit was calculated by ensuring that areas conductive to resorption (i.e. 𝜀 ≤  𝜀𝑟𝑒𝑠) 

are insignificant (< 5 %) within the callus. The optimal weight-bearing ranges for fracture 

healing were predicted under different combinations of gap sizes (i.e. 3 and 6 mm), ICF 

configurations (i.e. C0, C1 and C2) and body weights (50, 75 and 100 kg); The predicted 

weights were normalised to the body weight considered in each case to standardize the 

results.     

 

 Results and Discussion 

6.3.1 Model validation 

The axial IFMs predicted by the model were in good agreement with the in vivo IFMs 

reported by Claes et al. [19]. As shown in Figure 6.5a, the IFMs predicted by the model 

were within the experimental error ranges. The model predictions show that there is no 

significant change in callus stiffness in the first two weeks, which is evident from the flat 

profile of the IFM versus healing time curve and large IFMs around 1 mm in the first two 

weeks. The IFMs began to reduce from the third week and continued to drop until ninth 

week to reach insignificant values (< 0.01 mm). The drop between the third to fifth weeks 

(from 0.88 mm to 0.42 mm) was predicted to be steeper than those at other times during 

healing. This behaviour is also consistent with the experimental IFM vs healing time data 

[19]. 

As temporal changes in vessel density and Young’s modulus within the callus were not 

recorded in the sheep experiments [19, 20]. Therefore, the comparisons of model 

predictions with experimental data for these two parameters were made only on the ninth 
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week post-operation. As shown in Figure 6.5b, the average vessel densities within the 

periosteal, endosteal and cortical zones of the callus were predicted. The vessel densities 

increased with time in all three zones and tended to reach steady densities. The rate of 

increase diminished as the density increased, which is typical for any diffusion-like 

process. By the end of nine weeks, cortical and endosteal zones were well vascularized 

with vessel densities around 90 %; whereas, the vessel density within the periosteal zone 

was just around 40 %. The vessel densities predicted at the end of ninth week were well 

within the experimental error range and thus, consistent with the experimental results 

[20].  
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Figure 6.5 Comparison of the model predictions with sheep experiments of Claes et al. 

(1997,2003) : (a) axial interfragmentary movement; (b) normalised Young’s modulus and 

(c) normalised vessel density, in the periosteal, cortical and endosteal zones of the callus 
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Based on the method of Wehner, et al. [249], the overall Young’s modulus of the 

experimentally tested fracture calluses on the ninth week was estimated using the bending 

test data of  Claes, et al. [19]. Then, the Young’s modulus of the callus predicted by the 

model was compared with that estimated from the experimental data as shown in Figure 

6.5c. It was seen that, the overall Young’s modulus of the callus on the ninth week 

predicted by the model was very close to that estimated using the experimental data [19]. 

The results suggest that the model developed in this study is reasonably accurate and 

capable of predicting many aspects of fracture healing such as callus stiffening and 

angiogenesis. 

6.3.2 The role of angiogenesis on callus stiffening 

The numerical results show that the model was able to simulate the interrelationships 

between angiogenesis and callus stiffness. It can be seen from Figure 6.5 that callus 

stiffness is positively correlated with the level of vascularity. During the first two weeks, 

no significant enhancement to  callus stiffness is observed, which is evident from high 

IFMs (Figure 6.5a) and low Young’s moduli (Figure 6.5b). It can be seen from Figure 

6.5c that, none of the three callus zones had enough vascularity (i.e. vessel density) during 

the first two weeks. However, from the third week onwards IFM decreased as Young’s 

modulus increased, which indicates callus stiffening. By the end of fifth week, IFM 

reduced significantly to 0.42 mm, which corresponds to significant vessel densities of 27 

%, 54 % and 67 % within periosteal, cortical and endosteal zones, respectively. In the 

following weeks, IFM reduced steadily as the vessel densities increased. These 

predictions indicate that callus stiffening during fracture healing is positively correlated 

to the level of vasculature and highlights the need to preserve angiogenesis for faster and 

stronger callus development.  

Apparently, angiogenesis in the endosteal and periosteal zones are not severely affected 

due to external loading (i.e. weight-bearing) as in the cortical zone. Vessel densities were 

predicted to increase steadily within endosteal and periosteal zones (Figure 6.5c). 

However, within the cortical zone, weight-bearing appeared to inhibit angiogenesis 

during the early stages of healing (i.e. first three weeks), as indicated by the flat profile 

of vessel density versus healing time curve (Figure 6.5c). After the third week, when the 

zone became increasingly stable, angiogenesis progressed within the cortical zone, which 
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is indicated by rising vessel density. By the end of seventh week, cortical zone became 

well vascularized (i.e. 𝑣 > 80 %).  

6.3.3 The role of gap size 

The results suggest that the allowable weight-bearing, and timing are strongly influenced 

by the fracture gap size (Figure 6.6). In the first four weeks post fracture, even very little 

weight-bearing (for BW = 75 kg) was predicted to inhibit angiogenesis within some parts 

of the callus for medium sized fractures (i.e. GS = 3 mm). Between fourth to eighth weeks 

post-operation, moderate weight-bearing (around 15 - 30 % of BW) was predicted to be 

optimal for medium sized fractures. During this period, weight-bearing below 16 % and 

above 29 % of BW were predicted to result in significant resorption, and inhibition to 

angiogenesis, respectively. The model predicted rapid increase in the maximum allowable 

weight-bearing from the eighth week onwards, while the minimum recommended weight-

bearing remained around 22 % of BW. By the eleventh week, 100 % BW was permissible 

for medium sized fractures. On the other hand, weight-bearing had inhibitory effects on 

angiogenesis till the eleventh week for 6 mm fractures. On the eleventh week, the model 

predicted no inhibitory effects to angiogenesis for weight-bearing up to 31 % of the BW 

and recommended a minimum of 21 % of BW for 6 mm fractures. 

Claes, et al. [20] studied revascularization and tissue formation in sheep metatarsal 

fractures under different gap sizes. Ten sheep were divided into two groups based on 

osteotomy sizes as either M / medium (i.e. 3.1 mm) or L / Large (i.e. 8.1 mm) and given 

the same level of axial interfragmentary strain (30-32 %) in a controlled manner using a 

custom-made external ring fixator. After 9 weeks post-operation, sheep were sacrificed 

and subjected to histological analysis, where the level of vascularization and tissue 

formations were measured. The results showed nearly 91 % more vessel density and 168 

% more bone tissue within the callus for the ‘M’ group compared to ‘L’ group. The 

histological observations suggested partial bony bridging for the ‘M’ group and delayed 

healing for the ‘L’ group. The present model predicted allowable weight-bearing around 

69 % of BW without angiogenesis inhibition for medium sized fractures (3 mm) which 

suggests that the fracture has partially healed and reached enough stiffness by the end of 

ninth week. However, the large fracture (6 mm) predicted that the callus is unable to bear 

weight without affecting angiogenesis after nine weeks which is suggestive of delayed 
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healing. Therefore, the model predictions agree reasonably with experimental 

observations. 

Current predictions reiterate the need for careful reduction of fractures and osteotomies 

in surgical procedures in a different perspective by highlighting its effect on angiogenesis 

and weight-bearing. As reported in many previous experimental [19, 20] and 

computational studies [21, 105, 126], fracture gap has strong influence on fracture 

healing. Larger gaps can result in persistence of large IFMs for a longer time, which leads 

to poor vascularization and bone formation. This in turn leads to delayed healing and 

prolong the time post-operation for patients to get involved in physiological activities. 

 

 

Figure 6.6 Optimal weight-bearing for fracture healing under ICF (Configuration : C0) 

expressed as percent body weight (BW = 75 kg) for (a) gap size = 3 mm and (b) gap size 

= 6 mm 

0

20

40

60

80

100

120

140

0 1 2 3 4 5 6 7 8 9 10 11 12

P
e

rc
e

n
t 

B
o

d
y
 W

e
ig

h
t 

(%
) 

 

Week

Gap size = 3 mm  

Maximum Allowable Minimum Recommended

ICF Configuration : C0
BW : 75 kg

a)

0

20

40

60

80

100

120

140

0 1 2 3 4 5 6 7 8 9 10 11 12

P
e

rc
e

n
t 

B
o

d
y
 W

e
ig

h
t 

(%
) 

 

Week

Gap size = 6 mm  

Maximum Allowable Minimum Recommended

ICF Configuration : C0
BW : 75 kg

b)



 

138 

 

6.3.4 The role of body weight 

Whether a specific physiological activity is beneficial or detrimental to fracture healing 

is a subject specific decision, as it is driven very much by the body weight of the subject. 

This is evident from the predictions for allowable and recommended weight-bearings for 

different body weights. The model results suggest that lighter patients can get involved 

in a specific type of physiological activity faster than heavier patients. For example, in 

sheep metatarsals, maximum internal forces may reach 110 % of the body weight during 

normal walking [92]. As seen from Figure 6.7, sheep of 50 kg and 75 kg could walk safely 

post-fracture by the end of tenth and twelfth weeks respectively, whereas a 100 kg sheep 

would not reach this state within twelve weeks. 

The clinical study of  Leet, et al. [250] reported correlation between body weight and 

post-operative complications in femoral fractures. In their study, obese patients had an 

increased rate of post-operative complications compared to non-obese patients.  Patil and 

Baseer [251] reported significant delays in healing and complications with higher body 

mass indices (BMI). Similarly, number of other studies have reported correlations 

between body weight (or BMI) and compromised healing / complications [252, 253]. 
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Figure 6.7 Optimal weight-bearing for fracture healing (gap size = 3 mm) under ICF 

(Configuration : C0) expressed as percent body weight for body weights (BW) = (a) 50 kg 

; (b) 75 kg ; and (c) 100 kg. 
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These studies suggest that increase in body weight may affect fracture healing, safe 

weight-bearing capacity and delay the healing process, which agrees well with the current 

predictions. On the other hand, lack of weight-bearing has been reported to decrease the 

amount of woven bone formation during fracture healing in animals [254]. Therefore, it 

is essential that patients get involved in adequate levels of weight-bearing exercises. The 

model predictions suggest that patients with relatively low body weights need to get 

involved in relatively high weight-bearing exercises compared to heavier patients to 

enhance bone formation and stronger callus development as shown in Figure 6.7.  

6.3.5 The role of ICF configuration 

It is well established that fixation stiffness can alter fracture site stability and affect 

healing. Too rigid and too flexible fixations are both thought to be not very beneficial for 

healing. Therefore, it is essential that fixation configuration is carefully chosen for the 

patient specific case. With ICFs, bone fragments are affixed to the fixator either using 

fine wires or half pins or a combination of both [12]. Wires pass through the injured limb 

fully and affixed on opposite sides of ICF rings (Figure 6.1 and Figure 6.2). As wires are 

small in diameter (1.5 – 1.8 mm), it is essential to pre-tension wires adequately to ensure 

that the fixation is stiff enough. Clinical pretension levels range between 491 – 1275 N 

(50 - 130 kg). During weight-bearing, wire tension further increases above initial pre-

tension levels to support weight. Thus, the axial stiffness of the fixation increases with 

the level of weight-bearing and exhibits a non-linear behaviour [170]. Half pins on the 

other hand have relatively bigger diameters (3.5 – 6 mm) and penetrate the limb only 

from one side (Figure 6.2).  They support weight-bearing by cantilever action and thus 

the axial rigidity of the fixation increases with the diameter of the half pins used. 

Generally ICF configurations with half pins provide more rigidity to the fixation 

compared to those with wires [12].  

In this study, two ICF configurations with half pins (i.e. C1 and C2) were considered and 

compared with traditional wire-only ICF configuration (C0), for medium sized fractures. 

ICF configuration C0, consisted of 1.8 mm diameter wires pre-tensioned to 1275 N; 

whereas, configurations C1 and C2 consisted of 4 mm and 6 mm diameter half pins, 

respectively.  
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Figure 6.8 Percent change in weight-bearing (BW = 75 kg ; gap size = 3 mm) relative to 

ICF configuration C0 (1.8 mm pretension wires) for ICF configurations (a) C1 (4 mm 

half pins); and (b) C2 (6 mm half pins). 
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As shown in Figure 6.8, the results suggest that the allowable weight-bearing increases 

with ICF rigidity. In the first four weeks, the allowable maximum weight-bearing for C1 

and C2 configurations increased by 96 % and 236 %, respectively, relative to the 

allowable weight-bearing for C0. Between the fourth and eighth weeks, the respective 

increases were 7 % and 30 %. This suggests that relatively stable ICF configurations 

permit more weight-bearing without damage to angiogenesis during healing, which can 

be beneficial for patients’ mobility. Using half pins instead of pretension wires and using 

relatively larger diameter half pins instead of smaller ones could enhance the level of 

weight-bearing in the early stages. However, rigid configurations also require relatively 

higher levels of minimum weight-bearing compared to those of flexible configurations to 

enhance bone formations and callus stiffening. Therefore, both maximum allowable and 

minimum recommended loads increase with the rigidity of the fixation. After 8 weeks no 

noticeable differences in weight-bearing between different configurations were predicted 

(Figure 6.8).  

It has been reported that inadequate axial load (weight bearing) under adequate blood 

supply or weight bearing under inadequate blood supply are both not beneficial for 

fracture healing [12, 255]. The former leads to bone resorption while the latter inhibits 

osteogenesis. Only the right combination of blood supply and weight-bearing under stable 

conditions promote healing [12]. In a clinical study where IFM measurements were taken 

on patients with tibial osteotomies treated with ICFs reported very high IFMs due to early 

weight bearing under ICFs [132]. The study concluded that early weight bearing under 

ICFs could have detrimental effects on fracture healing. A later clinical study [131] 

reported similar observations and supported the findings of the previous study [132]. 

Clinical experience suggests that stable fixation configurations make weight-bearing 

comfortable by controlling IFMs and recommends fixations to be very stable in the early 

stages of healing for weight bearing [12]. As healing progresses, bone takes greater load 

and the fixation becomes gradually ineffective [12]. In this study, the model predicted 

that medium sized fractures (e.g. 3 mm) under flexible ICF configurations (i.e. 

configurations with pretension wires alone) are susceptible to inhibition of angiogenesis 

under relatively low weight-bearing in the early weeks (e.g. 4 weeks) of healing. 

Relatively rigid ICF configurations (i.e. configurations with half pins) appear to minimize 

the inhibitory effects. However, no noticeable benefits in terms of safe weight-bearing 
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may be reached beyond a certain time point (e.g. 8 weeks). Therefore, the model 

predictions are consistent with clinical observations. 

6.3.6 Limitations 

The developed model was based on several assumptions and simplifications. Firstly, 

simplified fracture geometry and loading conditions (only axial) were used to minimize 

the computational time and resources needed for the analysis. In addition, the growth of 

fracture callus was ignored, and the analysis was carried out within a fixed domain. This 

approach has been adopted by many previous studies [55, 105]. Secondly, the model 

parameters (i.e. material properties, differentiation rates, boundary conditions etc.) 

obtained from literature may reflect the conditions of a small cohort of subjects. Thirdly, 

the focus of this study is mainly on the reparative phase; therefore, the inflammatory (first 

phase) or remodelling (third phase) phases of healing were not modelled. Most 

importantly, further experimental and clinical evidence is required to corroborate the 

findings of this study. 

 Conclusions 

In the present study, a computational framework was developed to determine the optimal 

levels of weight-bearing based on angiogenesis and mechano-regulation mediated 

fracture healing process under ICF. The model takes into account the spatial and temporal 

changes in vascularization and callus mechanical properties. The following are the major 

findings of this study: 

• There is time-dependent and subject (i.e. patient) specific optimal levels of 

weight-bearing which enhances mechano-regulation mediated healing without 

inhibiting angiogenesis  throughout the fracture healing process.  

• The allowable levels of weight-bearing under ICF and their timings are dependent 

on  fracture geometry. For a medium fracture gap size  (e.g. 3mm) in sheep, 

weight-bearing  with 30 % BW could start in week 4 post-operation and gradually 

increase to 100 % BW by week 11. In contrast, for a relatively large fracture gap 

size (i.e. 6 mm), weight-bearing could only start in week 11 post-operation. 

• Due to the relatively high flexibility of traditional ICF configurations with 

pretension wires (C0),  partial weight-bearing is recommended for relatively 
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longer periods post operation (up to 9 weeks or more for sheep fractures) as full 

weight bearing during this period could affect angiogenesis.  

• Relatively rigid ICF configurations with large diameter half pins (e.g. 6 mm), 

could enhance the allowable level of weight-bearing (up to 236 %) compared to 

those under traditional ICF configurations with pretensioned wires in the early 

stages of healing. However, no noticeable benefits in terms of safe weight-

bearing may be reached beyond a certain time point (e.g. 8 weeks).  
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7 A probabilistic approach to address uncertainties in 

Ilizarov circular fixator-based fracture treatments  
 

Chapter summary 

 

Treating bone fractures involves dealing with uncertainty about the mechanical 

environment at the fracture site. When treating fractures using Ilizarov circular fixators 

(ICF), it may be necessary to deal with higher degrees of uncertainties due to the 

inherently complex non-linear mechanical behaviour of ICFs. However, most of the 

existing investigations into fracture healing under ICF take deterministic approaches 

ignoring the uncertainties associated with the mechanical variables. This chapter 

addresses this problem by taking a probabilistic approach which uses computational 

modelling in conjunction with engineering reliability analysis techniques. In this chapter, 

the effects of uncertainty in fracture gap size (GS), level of weight bearing (P), ICF wire 

pretension (T) and wire diameter (WD) on the probability of successful healing (PoS) at 

the beginning of reparative phase was predicted. The findings of this study provide key 

insights about the sensitivity of fracture site to different mechanical variables. 

Furthermore, the method presented in this study has potential applications in studying 

reliability of different treatment strategies using ICFs. 
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  Introduction 

Treating bone fractures involves dealing with uncertainties associated with biological and 

mechanical factors that affect the healing process. Such uncertainties can very well 

influence the progression of healing and the outcome. While it may be preferable to 

minimize the uncertainties associated with such factors, doing so may not always be 

possible. Therefore, it is essential that the uncertainties associated with the factors that 

affect fracture healing be considered to determine the reliability of treatment strategies. 

As fracture treatments usually focus on providing suitable mechanical environment at the 

fracture site to best utilize the intrinsic biological healing capacity of bones [7, 9], it is of 

prime importance to consider the uncertainties associated with mechanical factors in bone 

healing treatments.  

It is known that most fractures heal by secondary healing which requires certain amount 

of interfragmentary movement (IFM) at the fracture site for callus formation. IFMs 

depend primarily on fracture geometry (e.g. fracture gap size) and external loading (e.g. 

weight bearing). Uncertainties in fracture geometry arise from imperfect reduction of 

bone fragments. On the other hand, uncertainties regarding loading arise from patients’ 

noncompliance to clinical weight bearing instructions following surgery [256]. This may 

be partially due to patients’ difficulties in controlling the loading exerted on the injured 

limb.  

When treating fractures using Ilizarov circular fixators (ICF), it may be necessary to deal 

with higher degrees of uncertainties about the mechanical environment at the fracture site 

due to number of reasons. Firstly, ICFs are affixed to bones using fine pretensioned wires 

which exhibit nonlinear stiffness behaviour [257]. This leads to uncertainties in predicting 

fixation behaviour as the ICF stiffness depends on number of other uncertain factors such 

as level of weight bearing. Secondly, pretension loss and loosening of wires is a common 

problem associated with ICFs  which leads to uncertainties in fixation rigidity [151, 257]. 

In addition, being a modular external fixation could potentially lead to uncertainties in 

fixation configuration. These uncertainties could result in deviation of IFMs at the 

fracture site from those expected and possibly affect the healing process. This adds an 

element of uncertainty in the ICF treatment outcomes. 
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Figure 7.1 Schematic diagram of the configuration of Ilizarov circular fixator (ICF) used 

in this study 

 

It is possible to estimate the level of uncertainties in treatment outcomes quantitatively. 

This requires systematic parametric investigations into fracture healing under controlled 

environments which can be achieved using validated computational models. However, 

most of the existing computational studies on fracture healing have neglected the 

uncertainties associated with the factors that affect healing and taken deterministic 

approaches. 

In this chapter, a probabilistic approach is taken to address this challenge by considering 

the uncertainties in some of the important mechanical variables that affect fracture healing 

under ICFs. Probabilistic methods have been used in number of engineering applications 

(e.g. structural reliability of infrastructure facilities) in the past. In the recent times, 

probabilistic approaches have been used in the field of orthopaedics to design new 

orthopaedic components and assess structural reliability of orthopaedic constructs [258-

261]. However, no studies so far have incorporated probabilistic methods to investigate 

the effects of uncertainties in mechanical variables on fracture healing under ICFs.   
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In this chapter, sheep fracture model is taken as an example and the uncertainties 

associated with fracture gap size (GS), axial loading resulting from weight bearing (P) 

and ICF configuration were considered. As pretension wires are an important source of 

uncertainties in ICF, the effects of wire pretension level (T) and wire diameter (WD) were 

specifically considered in this study. In Chapter 6, optimal ranges of weight bearing under 

different fracture gap sizes and ICF configurations were presented. It was predicted that 

the optimal level of weight bearing would be between 16-29 % of the body weight (75 

kg)  during the post early stages of healing (i.e. reparative phase) for a mid-sized fracture 

(i.e. GS = 3 mm), stabilized with a four ring ICF as shown in Figure 7.1 (T = 130 kg and 

WD = 1.8 mm). Starting from these optimal conditions, this chapter investigates how 

probability of fracture healing changes within the periosteal, cortical and endosteal zones 

of the callus in response to the changes in the level of uncertainty in GS, P, T and WD. 

Based on Chapter 6, probability of successful fracture healing (PoS) was defined as the 

probability of tissue strain (deviatoric) lying between strain limits for bone resorption 

(lower bound) and angiogenesis inhibition (upper bound) as explained in detail under 

section 7.2.   

 

 Materials and Methods 

To investigate how the uncertainties associated with GS, P, T and WD affect the 

probability of successful healing (PoS) in sheep fractures, the computational model 

presented in Chapter 6 was used in conjunction with the principles of engineering 

reliability analysis as shown in Figure 7.2. In the analysis a 3 mm metatarsal fracture 

stabilized with a four ring ICF was considered. Based on the results of Chapter 6 it is 

known that weight bearing could have inhibitory effects on angiogenesis and fracture 

healing during the very early stages of healing. Therefore, this analysis focuses on the 

stages of healing where partial weight bearing is allowed (post-early stage). 

However, fracture healing involves many subsequent stages following the early stage. 

Therefore, an important challenge here is to decide what point of the healing pathway to 

carry out the analysis at. This requires deeper understanding about the stages of healing 

within the broadly defined healing phases (i.e. inflammation, repair and remodelling). For 
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this purpose, this study makes use of data from the experimental study of Vetter et al. 

[262] on sheep fractures.  

 

Figure 7.2 Methodology used in this study 

 

In their experimental study on sheep long bone osteotomies stabilized with external 

fixations, Vetter et al. [262] demonstrated six different stages (stage I-VI) of secondary 

healing based on the tissue distribution patterns within the callus (Figure 7.3 and Table 

7.1). The experiment involved 64 sheep of 63 (± 8) kg which were subjected to 3 mm 

osteotomies and subdivided equally into ‘rigid’ and ‘semirigid’ groups based on the 

rigidity of the external fixation. At different time points of healing, equal number of sheep 

were sacrificed from both groups and their calluses were subjected to histological 

analysis. Subsequently, image processing techniques were used to quantitatively describe 

the tissue patterns and produce averaged tissue distribution images at different stages of 

healing.  

Uncertainty in input parameters

Fracture healing prediction 

model

Uncertainty in healing

predictions

Probability of fracture healing

Fracture geometry

(e.g. gap size)
Mechanical loading

(e.g. weight bearing) 

Fixator Configuration

(e.g. wire diameter, 

pretension) 

Uncertainty in mechanical 

environment

Reliability method



 

150 

 

Based on the results of Vetter et al.[262], stage I of secondary healing in sheep represents 

the late inflammatory phase where remnants of haematoma is present in callus. Stage II 

corresponds to early reparative phase where neither remnants of haematoma nor cartilage 

tissues are observed within the callus. By the end of stage II, the internal callus (i.e. 

cortical and endosteal zones) and the region at the level of osteotomy gap in external 

callus (periosteal callus) are filled fully with remnants of haematoma indicating no repair 

within these regions.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 7.3 Six stages of secondary healing in sheep fractures 

Adopted from Vetter et al. [262] with permission. 

 

Stage III marked the reparative phase where bone formation within the fracture gap, 

cartilage formation and subsequent periosteal bridging occurs. This is also the stage when 

endochondral ossification begins. Therefore, this is the stage of fracture healing when 

angiogenesis and bone formation are critically important. It is essential to promote 

angiogenesis while minimizing bone resorption during stage III as it is a crucial stage of 

This image has been removed by the author of this thesis for copyright reasons 
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secondary healing for successful outcomes. If the mechanical conditions are unfavourable 

during this stage, the repair process and the weight bearing capacity could be hindered. 

In addition, periosteal bony bridging of proximal and distal fragments (stage IV), 

endosteal bony bridging of medial and lateral sides of the callus (stage V) and subsequent 

remodelling of bone (stage VI) could also be delayed. Therefore, in this chapter, the 

probability of fracture healing as a result of uncertainties in GS, P, T and WD was 

investigated at the beginning of reparative phase (stage III).  

Table 7.1 Stages of secondary healing and corresponding healing phases 

adopted from Vetter et al. [262] with permission 

  

  

  

  

  

  

  

 

It should however be noted that the timepoint at which stage III (reparative phase) of 

healing begins is subjective and depends on number of subject specific factors [262]. 

Considering the present study, GS, T and WD are variables that are fixed at the time of 

surgery. It is obvious that these variables could affect the rate of healing progression and 

the time taken to reach stage III. For example, a fracture with smaller gap size may reach 

stage III of healing faster than that with a larger gap size when all other variables remain 

unchanged. In addition, differences in healing rates could even result from differences in 

subject specific factors. This is evident from the differences in healing rates observed for 

sheep within same group in the experiment of Vetter et al. [262]. Therefore, this analysis 

focuses on a specific point in the healing pathway rather than a specific point in time 

during healing.  

The inherent assumption in this analysis is that the ‘healing pathway’ as defined by the 

succession of healing stages remains unchanged and the differences in variables (i.e. GS, 

P, T and WD) only alter the speed at which the healing path is followed [262]. Vetter et 

This material has been removed by the author of this 

thesis for copyright reasons 
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al. [262] reported that 3 mm sheep osteotomies stabilized using both rigid and semi -rigid 

external fixations marked the beginning of stage III on average on the fourth week post 

osteotomy and concluded in most cases before the end of week 6 post osteotomy. In the 

absence of further experimental data relevant to this study, it was assumed that stage III 

of healing for 3 mm sheep fractures stabilized with external fixators begin at similar time 

points as reported in Vetter et al. [262] and the material properties of the callus at this 

stage were estimated using the previously developed sheep fracture healing model 

(Chapter 6). All the cases considered in this analysis would achieve the estimated callus 

stiffness at some time point which marks the beginning of stage III of fracture healing. 

This chapter investigates how the uncertainties associated with GS, P, T and WD affect 

the probability of fracture healing once this stage is reached. It is reasonable to assume 

that the bone fracture treatment variables (GS, P, T and WD) are normally distributed 

[126]. The mean values of these variables were assumed based on Chapter 6 and a 

relatively wide range of uncertainty was assumed as shown in Table 7.2. 

 

Table 7.2 Mean and coefficients of variation (COV) of mechanical variables used in this 

study. 

Variable Mean Coefficient of variation (COV) 

Fracture gap size (GS) 3 mm a 0.1 – 0.9 b 

Weight bearing loading (P) 150 N a 0.1 – 0.9 b 

Wire pretension (T) 130 kg (1275 N) a 0.1 – 0.9 b 

Wire diameter (WD) 1.8 mm a 0.1 – 0.9 b 

a The mean values of variables were obtained based on Chapter 6 for optimal fracture healing. 

b Relatively wide range of COV were assumed for each variable to investigate the role of uncertainty of 

each parameter on the probability of fracture healing.  

7.2.1 Computational simulations  

In this study, the computational model presented in Chapter 6 was used to conduct 

numerical simulations. The callus properties were estimated from the model and assumed 

to be representative of the beginning of reparative phase (stage III) of secondary healing.  

First, the model was solved with all four variables set to their optimal (mean) values (i.e. 

GS = 3 mm; P = 150 N; T = 130 kg; WD = 1.8 mm) and the average deviatoric tissue 
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strain (𝜀) within the periosteal, endosteal and cortical regions were calculated. 

Subsequently, each variable was considered one by one and the model was solved for 

different of levels of uncertainties (i.e. COV) of the variables. In each case the average 𝜀 

values within periosteal, endosteal and cortical were calculated and the plot of 𝜀 versus 

parametric values were generated for each variable for each callus zone.  Subsequently 

these data were used to carry out reliability analysis as described in section 7.2.2. The 

properties of materials used in the model are summarised in Table 7.3 and the simulations 

were carried out using the finite element software package COMSOL Multiphysics v 5.3a 

(COMSOL AB, Stockholm, Sweden). 

Table 7.3 Properties of materials used in this study 

Material E (MPa) ʋ Ф k (m4 N-1 s-1) Ks (MPa) Kf (MPa) 

Cortical bone 20000 a 0.3 a  0.04 a 10-17 a 13920 a 2300 a 

Fracture callus 12 b 0.167 a,b 0.8 a,b 10-14 a,b 2300 a,b 2300 a,b 

Stainless steel 197000 c 0.29 c -------- -------- -------- -------- 

E – Young’s modulus          ʋ - Poisson’s Ratio       Ф – Porosity          k –Permeability  

Ks – Solid compression modulus  Kf – Fluid compression modulus 

a Lacroix and Prendergast [105]    b Estimated based on the results of Chapter 6 and Vetter et al. [262]  

c Watson et al. [144] 

 

7.2.2 Reliability analysis 

A reliability analysis was carried out to investigate how the probability of fracture healing 

changes within different zones of fracture callus. In structural engineering, this is a 

common technique used to investigate the structural reliability of infrastructure facilities. 

The principle behind this approach is that there are uncertainties regarding loading acting 

on a structure and the resistance of it. The probability of failure of a structure is defined 

as the probability of loading exceeding the resistance. This could be calculated by plotting 

the probability density functions of both loading and resistance and calculating the area 

of overlap. 

In this study, a similar approach was taken to calculate the probability of fracture healing. 

When tissue strain (𝜀) exceeds the strain threshold for angiogenesis inhibition (𝜀𝑎𝑛𝑔= 6 

%), existing blood vessels are ruptured and no formation of new blood vessels take place. 
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This could hinder the healing process and lead to unfavourable conditions such as delayed 

union or non-union. On the other hand, when tissue strain (𝜀) is smaller than the maximum 

strain limit for bone resorption (𝜀𝑟𝑒𝑠 = 0.005 %), bone is resorbed. This could 

compromise bone quality and result in poor healing. Therefore, the probability of failure 

(PoF) is defined as the sum of probabilities of having unfavourable tissue strains. In other 

words, PoF = P ( 𝜀 < 0.005 %) + P ( 𝜀 > 6 %). On the other hand, probability of successful 

healing (PoS) is defined as  PoS = P (0.005 % ≤ 𝜀 ≤ 6 %). 

In order to calculate the probability of successful healing (PoS), the probability density 

function (PDF) of tissue strain (𝜀) is required. As tissue strain (𝜀) depends on GS, P, T 

and WD, it could be described as follows :   

 𝜀 = 𝑓(𝐺𝑆, 𝑃, 𝑇,𝑊𝐷) (7.1) 

 

In this function, it is reasonable to assume that GS, P, T and WD are independent variables 

as their values are not correlated. For example, there is no correlation between the load 

exerted by patient post-surgery and the gap size (GS) or fixation configuration (T,WD).  

Furthermore, GS, P, T and WD were assumed to be normally distributed. To approach 

this problem, let’s consider a dependent variable X defined as follows: 

 𝑋 = 𝑔(𝑋1, 𝑋2, 𝑋3, … . , 𝑋𝑛) (7.2) 

 

where, 𝑋1, 𝑋2, 𝑋3, … . 𝑋𝑛 are random variables. By Taylor series expansion, the mean 

and standard deviation of X (i.e. 𝜇𝑋 and 𝜎𝑋 ) could be expressed as  

 𝜇𝑋 ≈ 𝑔(𝜇𝑋1, 𝜇𝑋2, 𝜇𝑋3, … . , 𝜇𝑋𝑛) (7.3) 

 

 𝜎𝑋 ≈ √∑∑
𝜕𝑔

𝜕𝑋𝑖

𝑛

𝑗=1

𝜕𝑔

𝜕𝑋𝑗
𝐶𝑜𝑣(𝑋𝑖 , 𝑋𝑗)

𝑛

𝑖=1

 (7.4) 

 

where, 𝜇𝑋1, 𝜇𝑋2, 𝜇𝑋3, … . , 𝜇𝑋𝑛 are means of 𝑋1, 𝑋2, 𝑋3, … . , 𝑋𝑛, respectively and 

𝐶𝑜𝑣(𝑋𝑖 , 𝑋𝑗) is the covariance of 𝑋𝑖 and 𝑋𝑗. If X is linearly related to 𝑋1, 𝑋2, 𝑋3, … . , 𝑋𝑛, 

this relationship could be expressed by Eq. 7.5 and 𝜇𝑋 could be expressed by Eq. 7.6. 
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 𝑋 = 𝑎0 + 𝑎1𝑋1 + 𝑎2𝑋2 + 𝑎3𝑋3, … . +𝑎𝑛𝑋𝑛 (7.5) 

  𝜇𝑋 = 𝑎0 + 𝑎1𝜇𝑋1 + 𝑎2𝜇𝑋2 + 𝑎3𝜇𝑋3 + … .+ 𝑎𝑛𝜇𝑋𝑛 (7.6) 

 

In Eq. 7.5 and 7.6, 𝑎0, 𝑎1, 𝑎2, … . , 𝑎𝑛 are constants. If the variables 𝑋1, 𝑋2, 𝑋3, … . , 𝑋𝑛 are 

independent, 𝜎𝑋 could be expressed as  

 𝜎𝑋 = √(𝑎1𝜎𝑋1)
2 + (𝑎2𝜎𝑋2)

2 + (𝑎3𝜎𝑋3)
2 +⋯+ (𝑎𝑛𝜎𝑋𝑛)

2 (7.7) 

 

The unknown constants 𝑎0, 𝑎1, 𝑎2, … . , 𝑎𝑛 could be determined from regression analysis. 

Once 𝜇𝑋 and 𝜎𝑋 are known the probability of different ranges of X could be calculated 

by considering the PDF of X. For a given set of values for the independent variables 

𝑋1, 𝑋2, 𝑋3, … . 𝑋𝑛, the effect of uncertainty (variability) in any specific variable on the 

probability of X falling within a specific range could be studied by considering the 

variability of only that variable while keeping others constant at the given values. In such 

cases, if the variable considered is normally distributed, the distribution of X will also be 

normal.  

7.2.3 Parametric studies 

In this study, the mean values of the input variables (Table 7.2) were obtained from 

previous analysis (Chapter 6). It was assumed that the fragments were surgically reduced 

with a gap size (GS) of 3 mm. However, there is uncertainty in how perfect the reduction 

is. Therefore GS = 𝜇𝐺𝑆 ± 𝜎𝐺𝑆 = 3 mm ± 𝜎𝐺𝑆. To investigate how probability of successful 

healing (PoS) varies with the level of uncertainty in GS, a wide range of standard 

deviation (𝜎𝐺𝑆 = COV × 𝜇𝐺𝑆) were considered. As given in Table 7.2, values of  𝐶𝑂𝑉𝐺𝑆 

were assumed between 0.1 – 0.9. Similarly,  P = 𝜇𝑃 ± 𝜎𝑃 = 150 N ± 𝜎𝑃, T = 𝜇𝑇 ± 𝜎𝑇 = 

130 kg ± 𝜎𝑇 and WD = 𝜇𝑊𝐷 ± 𝜎𝑊𝐷 = 1.8 mm ± 𝜎𝑊𝐷 were assumed for P, T and WD, 

respectively. This set of mean values were found to result in optimal healing conditions 

in Chapter 6. Starting from the optimal healing settings (i.e. all variables set to mean 

values), each variable was considered one at a time and the model was solved under 

different values of 𝐶𝑂𝑉 (between 0.1 - 0.9) of the variable and average tissue strains 

within the periosteal, cortical and endosteal zones of the callus were recorded.   
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 Results 

7.3.1 Regression analysis 

First, to establish the relationship between each independent variable and tissue strain, 

the average tissue strains predicted within periosteal, cortical and endosteal callus were 

plotted against each variable as shown in Figure 7.4. Then least square curve fitting was 

used to determine the relationship between average tissue strain and the independent 

variables within each callus zone (Table 7.4). All four variables exhibited a linear 

relationship with average tissue strain within all three regions. In addition, it was noted 

that the average tissue strain within the cortical zone was always the highest and that of 

the periosteal zone was always the lowest under all cases. Out of the four variables, the 

axial load resulting from weight bearing (P) was the most influential parameter at the 

beginning of stage III (reparative phase) of secondary healing. This is evident from the 

relatively steeper slopes of lines seen in Figure 7.4 b. Particularly, a relatively strong 

positive correlation between the average tissue strain and P was predicted within the 

cortical zone. In addition, positive correlations between P and average tissue strain were 

seen within the endosteal and periosteal zones as well. 

The correlation between average tissue strain and GS was predicted to be negative within 

the cortical zone but positive in the other two regions. On the other hand, a weak negative 

correlation between the average tissue strain and the ICF configuration parameters (i.e. T 

and WD) was predicted within the cortical zone. However, no significant changes (very 

weak negative correlation) were predicted in average tissue strains in response to 

variabilities in T or WD within the periosteal or endosteal zones of the callus. As the 

correlations between the average tissue strain and independent variables (i.e. GS, P, T and 

WD) in all three regions of the callus are linear, the average tissue strain 𝜀 could be 

expressed as  

 𝜀 =  𝑎0 + 𝑎𝐺𝑆 × 𝐺𝑆 + 𝑎𝑃 × 𝑃 + 𝑎𝑇 × 𝑇 + 𝑎𝑊𝐷 ×𝑊𝐷 (7.8) 
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Figure 7.4 The relationship between average tissue strain and (a) gap size, (b) weight 

bearing, (c) wire pretension and (d) wire diameter. 
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Table 7.4 Relationships between independent variables and average tissue strains within 

periosteal, cortical and endosteal callus 

𝑿𝒏 Periosteal Cortical Endosteal 

    

GS 𝜀 = 0.1204 × GS + 0.4198 

 

𝜀 = -0.7000 × GS + 7.1800 𝜀 = 0.1071 × GS + 1.0300 

P 𝜀 = 0.0053 × P + 0.0017 

 

𝜀 = 0.0329 × P - 0.0014 𝜀 = 0.0091 × P + 0.0029 

 

T 𝜀 = -0.0006 × T + 0.8877 

 

𝜀 = -0.0039 × T + 5.4588 

 

𝜀 = -0.0011 × T + 1.5082 

 

WD 𝜀 = -0.0637 × WD + 0.9137 𝜀 = -0.3867 × WD + 5.618 𝜀 = -0.1067 × WD + 1.552 

 
Notes: The units of GS, P, T and WD are mm, N, kg and mm, respectively. 

            The means of variables are GS = 3 mm, P = 150 N, T = 130 kg and WD = 1.8 mm  

            When a variable is considered, the other three variables are set to their means. 

 

 

Based on the predicted data (Figure 7.4), the unknowns 𝑎0 , 𝑎𝐺𝑆 , 𝑎𝑃, 𝑎𝑇 and 𝑎𝑊𝐷 were 

determined by regression analysis using Microsoft Excel 365 (Microsoft Corp., 

Washington, USA) and the equations for 𝜀 in each callus zone were obtained as follows: 

Periosteal zone:   

 𝜀  = - 0. 1588 + 0.1204 × GS + 0.0053 × P - 0.0006 × T - 0.0691 × WD (7.9) 

   

Cortical zone:     

 𝜀 = 3.2218 - 0.7000 × GS + 0.0329 × P - 0.0039 × T - 0.3118 × WD (7.10) 

 

Endosteal zone: 

 𝜀 = 0.0069 + 0.1071 × GS + 0.0091 × P - 0.0011 × T - 0.1068 × WD (7.11) 

 

7.3.2 Reliability analysis 

By using Eqs. 7.9-7.11, the probability of healing within each callus zone was calculated 

by considering the probability density function of 𝜀. Since each variable was assumed to 

be normally distributed and considered one by one in the analysis, 𝜀 will also be normally 

distributed. Therefore, the probability of successful healing (PoS) can be calculated as 
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 PoS = P (0.005 % ≤ 𝜀 ≤ 6 %) =   ϕ (6 %) - ϕ (0.005 %) (7.12) 

 

where ϕ is the cumulative density function (CDF) of 𝜀. 

 

 

a)  COV = 0.1

b)  COV = 0.5



 

161 

 

 

Figure 7.5 Probability of fracture healing (GS = 3 mm, T = 130 kg and WD = 1.8 mm) 

within the periosteal zone under different levels of uncertainties in weight bearing. (a) 

COV = 0.1, (b) COV = 0.5 and (c) COV = 0.9. 

 

Taking weight bearing (P) as an example, the process of calculating the probability of 

fracture healing within the periosteal, cortical and endosteal zones of the callus under 

different COV values are shown in Figure 7.5, Figure 7.6 and Figure 7.7, respectively. 

For the mean (𝜇𝑃) and each value of 𝐶𝑂𝑉𝑃, the corresponding mean (𝜇𝜀) and standard 

deviation (𝜎𝜀 ) of ε are calculated using Eq. 7.6 and 7.7, respectively and the probability 

of healing (PoS) is calculated using Eq. 7.12. It can be seen that PoS within each zone of 

the callus changes differently as the level of uncertainty in P changes. PoS within each 

zone were calculated under different COV values for other independent variables (i.e. 

GS, T and WD) as well. Subsequently the variation of PoS with COV for each variable 

were plotted as shown in Figure 7.8.  

 

 

 

 

c)  COV = 0.9
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a)  COV = 0.1

b)  COV = 0.5
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Figure 7.6 Probability of fracture healing (GS = 3 mm, T = 130 kg and WD = 1.8 mm) 

within the cortical zone  under different levels of uncertainties in weight bearing . (a) 

COV = 0.1, (b) COV = 0.5 and (c) COV = 0.9. 

 

 

It can be seen from Figure 7.8 that PoS within all callus zones tends to fall with increase 

in the degree of uncertainty in variables. However, the changes within the periosteal and 

endosteal zones are not significant except due to uncertainties in weight bearing (P) where 

the PoS decreased from 100 % to 86 % as 𝐶𝑂𝑉𝑃 increased from 0 to 0.9. The PoS within 

periosteal and endosteal zones were insensitive to variabilities in GS, T and WD. The 

changes in PoS were most significant within the cortical zone of the callus where the PoS 

decreased from 100 % to 46 %, 70 % and 95 % in response to COV increase from 0 to 

0.9 for P, GS and WD, respectively. However, no noticeable changes in PoS was 

predicted due to uncertainties in wire pretension (T).  

 

 

 

c)  COV = 0.9
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a)  COV = 0.1

b)  COV = 0.5
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Figure 7.7 Probability of fracture healing (GS = 3 mm, T = 130 kg and WD = 1.8 mm) 

within the endosteal zone under different levels of uncertainties in weight bearing. (a) 

COV = 0.1, (b) COV = 0.5 and (c) COV = 0.9. 

 

 Discussion 

In this study, computational models were used in conjunction with engineering reliability 

methods to investigate how the level of uncertainties in mechanical factors affect fracture 

healing under ICFs. Unlike in most of the existing studies which have taken deterministic 

approaches, a probabilistic approach was taken in this study to investigate how the 

uncertainties associated with some of the important mechanical variables affect the 

probability of fracture healing. It is known that angiogenesis is a prerequisite for 

successful healing and inhibition to this process could lead to unfavourable healing 

conditions [226]. Therefore, the fracture site needs to be prevented from excessive 

movement which can cause rupture of vessels and inhibition of angiogenesis [47]. 

 

 

 

c)  COV = 0.9
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Figure 7.8 The effect of COV on the probability of successful healing (PoS) (a) 𝑪𝑶𝑽𝑮𝑺 ; 

(b) 𝑪𝑶𝑽𝑷 ; (c) 𝑪𝑶𝑽𝑻 ; and (d) 𝑪𝑶𝑽𝑾𝑫  
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On the other hand, too little movement at the fracture site can give rise to bone resorption 

and compromise the quality of bone [81]. Therefore, the success of healing relies on 

achieving a balance between these two extremities. Based on this, favourable condition 

for fracture healing was defined in this study as achieving tissue strains between the strain 

limits for bone resorption and angiogenesis inhibition. This criterion was used to calculate 

the probabilities of successful healing (PoS) under different levels of uncertainties 

associated with mechanical variables. Although there is a plethora of uncertain variables 

that could influence fracture healing under ICF, only some of the most uncertain and 

influential variables were considered in this study.  

As the primary focus of treatment using fixation devices such as ICF is to obtain 

favourable mechanical conditions within the fracture site to exploit the intrinsic biological 

healing capacity of bones [7, 9], this study deals with the uncertainties associated with 

the mechanical variables. The previous chapters of this thesis and studies elsewhere in 

literature have highlighted the importance of fracture gap size (GS) and weight bearing 

(P) on fracture healing. These are amongst the most important mechanical variables that 

influence fracture healing and the fracture site is very sensitive to them [19, 105]. In 

addition, wire pretension (T) and wire diameter (WD) which are two variables related to 

the ICF configuration were considered. Although there are various ICF configuration 

specific variables, T and WD were chosen in this study for two reasons. Firstly, wires are 

the invasive elements of ICF which connect the bone fragments to ICF and controls IFM. 

Secondly, a higher degree of uncertainty exists regarding ICF wires. It has been reported 

that wires could lose pretension due to several reasons such as slippage, yielding etc. 

[151]. In addition, accuracy of wire tensioners is also a source of uncertainty as errors as 

high as 37 % are reported with commercially available wire tensioners [263]. 

Furthermore, there is uncertainty in the effective diameter of the wire due to 

manufacturing tolerances and stretching (tensioning) of wires. In addition, there is chance 

of using different diameter wires due to limitations in availability of a specific diameter 

or even inadvertently as there are many different diameter wires available within the range 

of 0.7 – 2.0 mm [264, 265], the differences of which are difficult to perceive without high 

precision measurement. 

In this study, the probabilities of successful healing (PoS) were calculated at the 

beginning of stage III (reparative phase) which refers to the stage when bone formation 
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within the fracture gap, periosteal bridging and endochondral ossification begins [262]. 

As the purpose of fracture healing is re-establishment of bone structure within the fracture 

gap, this point in the healing pathway marks the beginning of the actual repair process. 

Therefore, this stage is crucial for the success of healing and requires smooth progression 

of both angiogenesis and osteogenesis. However, there is uncertainty in the time at which 

this stage is reached as the rate of healing depends on numerous subject specific factors. 

In this study, this problem was tackled by focusing on a specific point in the healing 

pathway rather than a specific timepoint during healing. Thus, this analysis inherently 

assumes that the healing pathway remains the same for all cases and the differences in 

subject specific variables alter the rate at which the pathway is followed, which is 

reasonable [262]. 

The mean values for GS, P, T and WD were obtained from Chapter 6 as these 

combinations of parameters resulted in optimal healing conditions within the fracture site. 

Thus, GS = 3 mm, P = 150 N, T = 130 kg and WD = 1.8 mm would result in 100 % 

probability of fracture healing. By varying the COV of each parameter one by one, the 

uncertainties in the success of healing was measured by means of calculating PoS. 

Out of the four parameters considered (i.e. GS, P, T and WD), tissue strain at the 

beginning of stage III of secondary healing was most sensitive to weight bearing (P) and 

then to gap size (GS). Interestingly, the previous chapters focusing on the early post 

inflammatory stage of healing (Chapters 4 and 5) predicted that the fracture site was more 

sensitive to GS than P. Therefore, the sensitivity of fracture site to different parameters 

could vary as healing progresses. Gap size (GS) is regarded as the most critical 

mechanical parameter in the early stages of healing when the callus is very soft; whereas, 

weight bearing (P) becomes the most critical parameter as callus stiffens and attracts load.  

This phenomenon could possibly be explained by the study of Prat et al. [168], which 

investigated into load transmission via fracture site stabilized with circular external 

fixators during different stages of healing. The study [168] involved both theoretical and 

experimental  investigations using rabbit model. Their study demonstrated that, when 

healing moves from early stages to subsequent stages and callus achieves some nominal 

mechanical stiffness, drastic change on the load sharing between the fixator and callus 

would occur (under fixed loading). In the early stages almost all the applied load is 
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supported by the fixation. This condition reverses to callus taking nearly 85 % of the 

applied load as callus stiffness increases to just below 1 % of that of intact bone which 

can occur relatively early during healing. This explains why the fracture site becomes 

more sensitive to weight bearing (P) as healing moves from early stage to subsequent 

stages. This has an important clinical implication as post-operative weight bearing 

exercises need to be carefully designed considering this fact and patients need to strictly 

adhere to clinical recommendations as PoS is most sensitive to weight bearing during the 

reparative phase.  

An important challenge here is that the degree of uncertainty is relatively high in the level 

of weight bearing as patients cannot precisely control how much weight is borne by the 

fractured bone. For example, in sheep, up to 110 % of the body weight may be borne by  

metatarsal bones during normal walking [92]. However, the recommended weight bearing 

during the beginning of reparative phase could be around 20 % of the body weight (as per 

Chapter 6). Therefore, there is a very high degree of uncertainty about the level of weight 

bearing. The results of this study showed relatively strong positive correlation between P 

and tissue strains (Figure 7.4b). It was predicted that PoS decrease from 100 % to 46 % 

within the cortical zone with 𝐶𝑂𝑉𝑃 increase from 0 to 0.9 (Figure 7.8b). PoS would reduce 

further if the degree of uncertainty about P increases further, which is suggestive of failure 

of healing. 

Gap size (GS) was predicted to be negatively correlated to tissue strain within the cortical 

zone (Figure 7.4a). This prediction is consistent with Perren [10] who explained that cells 

within smaller fracture gaps are subjected to increased mechanical stimuli when 

compared to those within larger fracture gap sizes. However, this does not suggest that 

larger gap sizes are preferable over smaller gap sizes as larger gap sizes could lead to 

relatively high IFMs in the early stages and delay the healing process [19]. It could be 

noticed from Figure 7.4a that GS is positively correlated to tissue strain within the 

periosteal zone. Although periosteal callus is not very sensitive to GS at the beginning of 

stage III, it will be very sensitive to GS in the early stages of healing as reported by 

Ganadhiepan et al. [21]. Since secondary healing relies on periosteal stabilization of the 

fracture site, it is essential that conductive mechanical environments to healing is 

maintained within the periosteal callus during the early stages. Therefore, larger gap sizes 



 

171 

 

which gives rise to higher tissue strains within the periosteal region in the early stages 

could lead to delays in healing. Furthermore, the intrinsic healing capacity of bones may 

not be utilized if the gap size is more than a critical size limit [7]. Nevertheless, clinical 

studies suggest that very small fracture gaps lead to very high mechanical stimuli and 

result in unfavourable healing conditions [266]. This emphasises the need for careful 

preplanning and execution of surgical reduction of fractures considering all the patient 

specific factors. In this study PoS was predicted to decrease from 100 % to 70 % within 

the cortical zone  as 𝐶𝑂𝑉𝐺𝑆 increased from 0 to 0.9. 

The results showed that the uncertainties in ICF configuration parameters (T and WD) 

have very little effect on the mechanical environment and PoS at the beginning of 

reparative phase (beginning of stage III) of healing. Figure 7.4 c, d show no significant 

changes in tissue strains in response to changes in T or WD. In addition, Figure 7.8c, d 

show insignificant changes in PoS in response to uncertainties in T or WD. This could 

also be explained by the findings of Prat et al. [168]. As described before, when the 

fracture moves from the early stages to subsequent stages and begins to harden, a little 

increase in callus stiffness is enough to attract major fraction of the applied load. As most 

of the load is transferred via fracture callus, the fixator becomes less effective. Thus, 

changes made to the fixator will not significantly alter the mechanical environment of the 

fracture site. This suggests that although there is significant level of uncertainty about 

ICF configuration, it may not affect the probability of healing significantly during the 

reparative phase.  

This is further supported by the finding of Prat et al. [168], which reported no significant 

changes in the mechanical behaviour due to differences in fixation rigidities once callus 

achieves some nominal mechanical properties. Their study compared rigid and 

dynamized fixation systems and identified noticeable differences in only in the very early 

stages of healing. Once the elastic modulus of the callus reached around 0.7 % of that of 

intact bone, no noticeable differences in load transmission were seen between the two 

fixation types. This is further corroborated by the findings of Terjesen and Svenningsen 

[267] and Aro et al. [268]. Therefore, the influence of ICF configuration appears to be 

important only in the early stages of healing to achieve fracture stability. Once callus 

achieves a nominal stiffness (e.g. around 1 % of intact bone or even less), the fracture site 
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- ICF interaction (i.e. load transmission) may not show significant differences and thus, 

not significantly affect the probability of healing. 

The results also indicate that the mechanical environment of the periosteal and endosteal 

zones of the callus are not significantly altered by the mechanical parameters at the 

beginning of stage III of secondary healing (i.e. beginning of reparative phase) which is 

in contrast to the predictions made for the early stages of healing (Chapters 4,5). This is 

due the increase in callus stiffness by stage III which would lead to concentration of 

stresses closer to the bone ends (i.e. cortical zone) in response to loading.  

In summary, the results of the present study emphasise the need for careful surgical 

reduction of the bone fragment and design of post-operative partial weight bearing 

exercises.  Uncertainties associated with GS and P could not only affect the healing during 

the early stages (e.g. stage I and II) but also during subsequent stages of healing (e.g. 

stage III). At the beginning of reparative phase (stage III), P is the most dominant 

parameter influencing the mechanical environment of the fracture site. Thus, careful 

controlling of weight bearing is highly recommended during this stage to minimize the 

uncertainties associated with P. Use of instrumented insoles which allows accurate 

measurements of weight bearing is a possible way of achieving this [126]. Furthermore, 

this study suggests that ICF configuration does not significantly affect the probability of 

healing once callus reaches stage III of secondary healing (reparative phase). Moreover, 

cortical zone of the callus was predicted to be the most sensitive zone to uncertainties in 

mechanical parameters. 

Limitations  

This study has several limitations that needs to be stated. Firstly, simplifications were 

made to the fracture geometry and loading conditions, most of which are discussed in the 

previous chapters. In addition, it was assumed that fracture healing pathway remains the 

same for all the cases considered in this study and the differences in parameters only 

affect the rate at which the healing path is followed [262]. Moreover, only some of the 

most important mechanical variables that affect fracture healing under ICF were 

considered in this study. It should also be noted that the input variables were assumed to 

be independent and normally distributed which needs to be verified by considering large 

amount of experimental data. Furthermore, the investigations were carried out only at a 
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specific stage in the healing pathway. Therefore, future studies need to address these 

limitations. 

Despite these limitations, this study provides useful insights into how uncertainties 

associated with mechanical variables affect the probability of successful healing. 

However, large amounts of experimental data are needed to further corroborate the 

findings of this study. 

  

 Conclusions 

This study uses computational models in conjunction with probabilistic methods based 

on engineering reliability analysis to investigate how fracture healing under ICF is 

affected by the uncertainties associated with GS, P, T and WD. The probabilities of 

successful healing (PoS) were calculated under different levels of uncertainties associated 

with these variables. The main findings of this study are as follows: 

• Cortical callus is very sensitive to mechanical variables at the beginning of 

reparative phase. However, periosteal and endosteal callus appear to be relatively 

insensitive to the mechanical variables. 

• Level of weight bearing (P) is the most critical mechanical variable that affects 

the probability of successful healing (PoS) at the beginning of reparative phase. 

As weight bearing is also the most uncertain and easily changeable post-surgery, 

careful controlling of weight bearing is highly recommended (e.g. via use of 

instrumented insoles). 

• Probability of successful healing (PoS) is sensitive to gap size (GS) during the 

reparative phase. However, it is not as highly sensitive as it is during the early 

stages of healing (i.e. post inflammatory and early reparative phases).  

• The uncertainties in ICF wire pretension (T) and wire diameter (WD) do not 

significantly affect the probability of successful healing (PoS) during the 

reparative phase of healing which suggest that the effectiveness of ICF reduces 

significantly when the callus gains a nominal stiffness as large proportion of 

applied load is transmitted directly via callus.  
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8 Conclusions and Recommendations 

 Summary 

This thesis significantly contributes to address the gap in the current understanding of the 

mechanobiology of fracture healing under Ilizarov circular fixators (ICFs). This 

knowledge gap is a barrier to address many clinical problems associated with ICFs and 

drives clinical decisions to be made on a trial and error basis without systematic 

investigations. Consequently, rates of treatment failures and complications are 

significantly high with ICF treatments. Furthermore, there is also a tendency in surgeons 

to prefer other fixators over ICF despite its advantages. In this research, computational 

models were developed, validated using experimental data and used to simulate fracture 

healing under various conditions to address the research objectives. Wherever possible, 

model predictions were compared with relevant clinical and experimental studies. 

Firstly, a mechanical experiment on surrogate tibial fractures stabilized using ICFs was 

conducted to capture the interfragmentary movements (IFM) under physiological 

loadings relevant to early stage partial weight bearing (Chapter 3). Later, this data was 

used to validate a computational model of tibial fracture stabilized with ICF. After 

validation, the computational model was used to make predictions for cell differentiations 

within the fracture site during the early stages of fracture healing under different 

combinations of fracture geometries, loading and ICF configurations (Chapter 4). 

Subsequently, further developments were made to the model to include various cells, 

growth factors and their transport and interactions within the fracture site (Chapter 5). 

Then, the model was used to study the spatial and temporal changes in the cell and growth 

factor concentrations during the early stage healing under physiologically relevant 

dynamic loading. The influence of different subject specific factors on the concentration 

changes were also investigated using the model. 

Next, the research moved from early stages to the subsequent stages of healing and 

focused on determining time dependent and patient specific optimal weight bearing range 

for fracture healing under ICF (Chapter 6). Using sheep model as an example, the optimal 

weight bearing ranges were established considering the effects of loading on angiogenesis 

and bone quality. Finally, uncertainties in mechanical variables that influence healing 
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were incorporated in the analysis to investigate how such uncertainties affect the success 

of fracture healing under ICF (Chapter 7). This analysis took a probabilistic approach 

based on engineering reliability analysis techniques.   

As ICFs are modular fixators which can be assembled in endless possible configurations, 

a few different clinically relevant ICF configurations were considered in this thesis. In 

Chapters 3 and 4, ICF configurations with hexapod system (i.e. TSF) were considered 

while the conventional ICF configurations (i.e. rings and rods) were considered in 

Chapters 5 – 7. Since there is only limited amount of data available on the biomechanical 

properties of TSF, this configuration was chosen for mechanical testing in Chapter 3. 

Subsequently, the same configuration was used in Chapter 4 as well in the 

mechanobiological investigations, following validation using the data obtained from 

Chapter 3. In Chapters 5-7 the conventional ICF configurations with rings and rods were 

studied. Furthermore, the effect of changing ICF configuration (e.g. changing ring 

diameter, changing wire diameter, changing wire pretension, use of half pins etc.) was 

given attention in each chapter. Thus, a reasonable range of clinically relevant ICF 

configurations have been considered in this thesis. 

 Conclusions 

The potential of computational models in studying complex biomedical problems is 

demonstrated in this thesis. By linking our understanding at different observational levels 

(i.e. cellular, tissue and clinical levels), computational models pave way to make more 

informed clinical decisions based on systematic investigations rather than trial error. This 

research provides insights into many aspects of mechanobiology of fracture healing under 

ICFs and have clinical relevance. The key findings of this thesis are summarised below: 

• The investigations on early stage MSC differentiations within the fracture site 

stabilized with ICF (Chapter 4) suggests that, fracture geometry is the most 

influential mechanical factor governing the early stage MSC differentiation 

process. Small gap sizes (e.g. 1 mm) could result in better healing 

microenvironments throughout the callus; whereas, mid (e.g. 3 mm) and large 

size (e.g. 5 mm) gaps tend to rely mostly on periosteal stabilization. Furthermore, 

the roles of loading and ICF configuration on early stage MSC differentiations 
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are also dictated by fracture gap size. For small gap sizes, MSC differentiations 

within most parts of the callus would be affected by loading level. But for mid 

and large gaps, MSC differentiations would be affected significantly by loading 

only within the periosteal region. This was the case with ICF ring diameter and 

wire pretension as well. However, these configuration specific parameters would 

have limited effects of early stage MSC differentiations. These predictions 

highlight the need for careful fracture reduction with small gap sizes. However, 

when larger gap sizes (e.g. 3 – 5 mm) are unavoidable, controlling the axial load 

(i.e. partial weight bearing) would be more effective than adjusting the ICF 

stiffness by either changing the ring diameter or wire pretension in the early 

stages of healing. 

 

• Findings of Chapter 5 suggests that, cell and growth factor concentrations within 

the early fracture callus are significantly enhanced due to physiologically relevant 

dynamic loading. This could be one of the reasons why fracture healing under 

ICFs is enhanced due to early weight bearing. The synergistic effects of (i) 

mechanical stimuli mediated cell differentiation, (ii) advective transport of cells 

and growth factors and (iii)  increased chemical stimuli mediated cell 

differentiation (due to increased concentrations of growth factors) resulting from 

dynamic loading are responsible for the enhancement of cell concentrations. An 

hour of walking with partial weight bearing could result in significantly elevated 

levels of chondrocyte and growth factors throughout the day. Enhanced 

chondrocyte content within the fracture callus is beneficial for secondary healing 

(i.e. via cartilage formation), especially in the early callus development stages. 

Loading relevant to walking, relatively smaller gap sizes and increased IFM 

resulting from flexible ICF configurations tend to enhance chondrocyte and 

growth factor concentrations within the early callus.  

 

• Chapter 6 was focused on determining the optimal levels of weight bearing under 

ICFs during healing. Although early weight bearing can have beneficial effects 

on fracture healing, IFMs induced by weight-bearing may inhibit angiogenesis 

and delay the healing process. The optimal level of weight bearing is time 
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dependent, subject specific and mainly governed by fracture gap size. The upper 

and lower limits of optimal weight bearing range could be established by 

considering the tissue strain limits relevant to angiogenesis inhibition and bone 

resorption, respectively. In general, weight bearing under conventional ICFs in 

the early weeks of healing could be detrimental for angiogenesis. For normal 

body weights (i.e. 75 kg) and mid-sized fracture gaps (e.g. 3mm) , partial weight-

bearing could start few weeks post operation (e.g. 4 weeks) and gradually 

increase to full weight bearing within reasonable timeframes (i.e. 12 weeks). In 

contrast, for relatively large fracture gap sizes (i.e. 6 mm), even partial weight-

bearing is not recommendable within this time frame. Increasing ICF stiffness 

(e.g. using half pins instead of pretension wires) can increase the level of weight-

bearing significantly in the early stages up to a certain time point (e.g. week 8 

post-operation). However, no noticeable benefits could be achieved by changing 

ICF configuration beyond that.  

 

• Chapter 7 emphasised the need for careful surgical reduction of bone fragment 

and design of post-operative partial weight bearing exercises.  The results of 

Chapter 7 suggested that, uncertainties associated with fracture gap and weight 

bearing could not only affect fracture healing during the early stages (e.g. post 

inflammatory stage) but also during subsequent stages of healing (e.g. reparative 

phase). At the beginning of reparative phase, weight bearing is the most dominant 

parameter influencing the mechanical environment of the fracture site. Thus, 

careful controlling of weight bearing  (e.g. use of instrumented insoles) is highly 

recommended during this stage to minimize the uncertainties associated with 

weight bearing. Furthermore, the results suggested that ICF configuration does 

not significantly affect the probability of healing once callus reaches stage III of 

secondary healing (reparative phase). This indicated that the effectiveness of ICF 

reduces significantly when the callus gains a nominal stiffness as large proportion 

of applied load is transmitted directly via callus. The results also indicated that, 

cortical zone is the most sensitive part of the callus to uncertainties in mechanical 

parameters during the reparative phase of healing. 
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In summary, by linking ICF mechanics with the biology of fracture healing, this thesis 

contributes significantly to fill the gap in the current understanding of the 

mechanobiology of fracture healing under ICFs. The models presented in this thesis could 

potentially be used to conduct further investigations on many other aspects of fracture 

healing under ICF and to design patient specific treatment plans. 

 Limitations  

It should be noted that several assumptions and simplifications were necessary for the 

development of the computational models presented in this thesis. Therefore, the 

interpretation of the results and conclusions drawn from this thesis are to be considered 

in conjunction with the assumptions and simplifications made.  

First, only specific aspects of fracture healing were investigated using the models. As 

there is plethora of factors and processes involved in the fracture healing process, it is 

practically impossible to incorporate every single factor and process in the models. The 

model presented in Chapter 4 was focused on early stage MSC differentiations, ignoring 

other processes such as cell migration and the effects of chemical stimuli (i.e. growth 

factors).  

In Chapter 5, cell migration and the effects of chemical stimuli on fracture healing were 

considered. However, still the model was focused on cell differentiation pathways during 

the early stages of healing. The subsequent study (Chapter 6) extended the analysis to 

cover the entire reparative phase of healing. Nevertheless, to be efficient with 

computational resources and time, the model had to be simplified. Therefore, 

angiogenesis was incorporated in the model as the determinant of cell differentiations 

without explicitly considering the intermediate steps involving growth factors.  

In Chapter 7, the investigation on the effects of uncertainties on fracture healing was 

conducted based on the model developed in Chapter 6. In this investigation, the effects 

of only some of the most uncertain and influential mechanical variables were considered 

for analysis. Furthermore, the analysis was focused on a specific point in the healing 

pathway. The investigation assumed that the variables are independent and normally 

distributed. In all the chapters, the roles of mechanical factors were given greater 
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attention. But other factors that influence fracture healing such as age, sex and 

comorbidities were not considered. 

In addition, to minimize the complexity of analysis, only transverse fractures and axial 

compressive loading were considered throughout the studies. In real bones, more complex 

fracture geometries and loading conditions can occur and result in significantly different 

healing environments. Furthermore, following the first model (Chapter 4) which took the 

complex geometry of bone into account, the bone geometry in the subsequent models 

were simplified to uniform cylindrical shapes. This simplification enabled to take 

advantage of axis-symmetry of the fracture site and simulate some of the complex 

biological processes in 2D domains. This resulted in substantial computational time 

savings.  

It is known that material properties of bone and other tissues and the rates of processes 

taking place within the fracture site during healing (e.g. rate of cell diffusion, rate of bone 

formation etc.) are subject specific. The numerical values of such parameters used in the 

models are typical averages under healthy conditions obtained from existing literature. 

Therefore, the findings of this study are mostly relevant to typical bone fracture healing 

under healthy conditions. Moreover, this thesis did not investigate the role of every ICF 

configuration parameter but only some of most important ones. Finally, and most 

importantly, more experimental and clinical evidence is required to further corroborate 

the findings of this thesis. 

 Recommendations for future work 

Now that the models coupling mechanics of ICF and biology of fracture healing have 

been developed, many different aspects of fracture healing under ICF that were not 

studied in this thesis could be studied in the future. Further investigations under various 

configurations of ICF and various conditions of healing could be carried out. In addition, 

the models could be extended to capture inflammation and remodelling phases as well. 

Moreover, the effects of changes to callus geometry during the healing process may also 

be incorporated.  

Another potential application of these models is to investigate the mechano-biology of 

‘distraction osteogenesis’: a process by which new bone volumes are grown from existing 
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fragments by the application of controlled traction. As ICFs are widely used to treat large 

bone defects with substantial bone losses via distraction osteogenesis, such investigations 

could be of clinical significance. 

In addition, interactive and easy-to-use computational models may be developed to take 

patient specific factors and healing conditions as inputs; then, construct models as per the 

user inputs; subsequently, carry out fracture healing simulations and suggests suitable 

treatment strategies. Such models could have potential for direct clinical uses and serve 

as tools to assist patient specific treatment planning.  

Furthermore, the advancements in imaging techniques (e.g. CT images) in computational 

model developments have opened new possibilities in developing models directly from 

clinical images of patients (e.g. CT images). However, there is plenty of room for further 

research before such techniques can have clinical applications.  Finally, further clinical 

and experimental studies need to be carried out in this research area. 
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Appendix: Additional outcomes of this research  
 

Additional outcomes (publications) of this research that are not included in the chapters 

are presented in this section. This section includes the following two publications: 

1. The effects of direct and indirect loading on bone fracture healing under 

Ilizarov circular fixator published in the proceedings of the 6th International 

Conference on Computational and Mathematical Biomedical Engineering 

(published on 10/06/2019) 

2. The role of physiological loading on bone fracture healing under Ilizarov 

circular fixator : the effects of load duration and loading frequency which is 

published by Lecture Notes in Computational Vision and Biomechanics book 

series (published on 01/04/2020)  
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SUMMARY 
 

In this study, a validated 3D computational model of a fractured tibia stabilized with Ilizarov circular 

fixator (ICF) has been used to investigate the influence of two different weight transmission modes of 

ICF (namely, (i) direct loading and (ii) indirect loading) on the early stage cell differentiations within 

the fracture callus. Furthermore, how the effects of direct and indirect loading vary with patient specific 

parameters such as fracture gap size and loading level are also investigated in this study. The results 

provide insights into the interrelationships between load transmission modes and the spatially dependent 

cellular differentiation within the callus. 
 

Key words:  Ilizarov circular fixator, mechano-regulation, direct loading, indirect loading 
 

 

1   INTRODUCTION 
 

Ilizarov circular fixator (ICF) is an external bone fixator device used to treat number of bone defects 

including fractures, non-unions and deformities [1]. Its advantages include: (i) being minimally invasive 

with only very small pretensioned wires (e.g. 1.8 mm diameter) passing through the bones (ii) being 

tailorable throughout the course of healing depending on the healing progression and (iii) allowing early 

weight bearing. Although the mechanical performance of ICF under different configurations has been 

investigated so far, the influence of its mechanical behaviour on the fracture microenvironment has not 

been investigated clearly yet. One such behaviour that lacks mechanobiological investigation is the 

effect of the mode of load transmission through ICF on the fracture microenvironment. 

 

           
 

        Fig. 1 Direct and indirect loading in ICF              Fig. 2 Computational model and fracture site 

 

In general, ICF could allow weight bearing in two modes: (i) Direct loading (Fig. 1a) – where the foot 

contacts the ground directly to transmit the load and (ii) Indirect loading (Fig. 1b) – where the distal 

end of the frame is extended and connected to a weight bearing platform which permits no direct contact 
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of the foot to the ground during weight bearing [2, 3]. These two loading modes could result in two 

significantly different mechanical microenvironments within a given fracture site (i.e. callus). However, 

how these different load transmission modes affect the cell differentiations within the fracture site has 

not been investigated yet. The purpose of this study is to investigate this. Furthermore, how the effect 

of direct and indirect loading varies with patient specific parameters such as fracture gap size and 

loading level are also investigated in this study. We specifically focused on the early stage of healing as 

this is when the cells commit to differential pathway which is decisive of the healing outcome [4, 5]. 

 
2  METHODOLOGY 

 
In this study, a validated fully coupled 3D computational model of a fractured tibia stabilized with a 

four ring Ilizarov fixator (Fig. 2a) was used to predict the mesenchymal stem cell differentiations within 

the early callus (consisting mainly of granulation tissue) under direct and indirect loading conditions. 

To simplify the bone geometry, the tibia was assumed to be cylindrical with a 30 mm diameter outer 

cortex and an 18 mm diameter inner bone marrow. The Ilizarov fixator had two mutually perpendicular 

1.8 mm diameter pretension wires (with 883 N wire pretension) per ring and four 180 mm diameter 

(internal) rings (two per fragment) connected together using twelve 4.69 mm diameter rods. The bone 

tissues (i.e. cortical bone, bone marrow and soft fracture callus) were treated as bi-phasic poroelastic 

materials and the fixator components (i.e. pretension wires, rings and rods) were modelled with linear 

elastic stainless-steel material (all material properties were adopted from our previous study [6]). 

Assuming quasi static condition for the tissues and neglecting the body forces, the governing equations 

for poro-elastic formulation could be written as follows [6]: 

𝛔 = −𝑝𝐈 + 𝛔𝐞                                                                    (1) 

∇. 𝛔 =  −∇𝑝 + ∇. 𝛔𝐞 = 0                                                              (2) 

∇. (𝐯𝐬 − 𝐤∇𝑝) = 0                                                                   (3) 

 

where, 𝛔 – stress tensor of the callus;  𝑝 - incremental interstitial fluid pressure; 𝐈 - identity matrix; 𝛔𝐞 

- elastic stress of solid matrix; 𝐯𝐬 - solid phase velocity and k - tissue permeability tensor. To simulate 

the cell differentiations with the fracture callus, the mechano-regulatory theory of Prendergast et al. [7, 

8] for poro-elastic formulations were used. According to this theory, MSC differentiation within the 

early callus is governed by the stimulation index S defined as  

 

𝑆 = 𝛾/𝑎 +  𝑣/𝑏                                                                 (4) 

where, 𝛾 - octahedral shear strain of solid phase; 𝑣 - interstitial fluid velocity, a = 0.0375 and b = 3 µm 

s-1. The mechano-regulatory theory suggests that, larger values of S (i.e. S > 3) are conductive to 

fibroblast differentiation; intermediate values of S (i.e. 1<S<3) are conductive to chondrocyte 

differentiation and smaller values of S (S<1) are conductive to osteoblast differentiation. 

2.1 Numerical solution and parametric study 

 

The fracture callus was assumed to be fluid saturated and initially filled with MSC. The external 

boundaries of all bone materials were assumed to be impermeable to fluid flow and the wire pretension 

was applied as initial axial stress to the wires. In the direct loading condition, the bottom end of the 

distal fragment was assigned a fixed boundary condition. However, for the indirect loading condition, 

the bottom end of the distal fragment was left free and the bottom ends of the four bottom rods were 

assigned fixed boundary condition to represent load transmission through the weight bearing platform. 

 

The axial load was applied as a ramp load over 0.5 s to the top surface of cortical bone (proximal 

fragment) to represent physiological loading and the model was meshed and solved using the time 

dependent solver of COMSOL MULTIPHYSICS (COMSOL AB, Stockholm, Sweden). To account for 

the stress stiffening effect of the wires, geometric non-linearity of the wires was taken into consideration 



in the analysis. Since the mechanical microenvironment of the fracture site is very sensitive to the gap 

size and loading levels, the influence of these parameters was also investigated in this study to better 

understand the effect of direct and indirect loading on the microenvironment of the fracture site. 

Relatively small and large gap sizes (i.e. 3 mm and 5 mm) and physiologically relevant low and high 

axial loads (i.e. 150 N and 300 N) were considered for both direct and indirect loading scenarios. 

3  RESULTS AND CONCLUSIONS 

 
As different zones within the fracture callus are within different microenvironments, the cell 

differentiations were calculated within three distinct zones of the callus, namely, (i) periosteal callus (ii) 

intercortical callus and (iii) endosteal callus (Fig.2b). Figure 3 shows the percentage of each cell within 

these zones of the callus. It could be seen that the intercortical callus is generally affected very much 

by the interfragmentary movement (IFM) and mostly consists of fibroblasts (always > 90 %) 

irrespective of the gap size, axial load or load transmission mode (i.e. direct or indirect). 

Fig. 3 Cell percentages within different regions of the callus under different gap sizes, axial loads and 

loading modes. 

Under direct loading, noticeable osteoblasts were predicted only in the periosteal zone and the 

percentage of osteoblasts dropped with increase of gap size or axial load. Chondrocytes were also 

noticeable only in the periosteal zone except for small gap (3 mm) and small axial load (150 N) case, 

where the endosteal zone consisted of 36 % of chondrocytes. Fibroblasts were the most dominant in the 

endosteal zone (always > 62 %) in general and under large gap size (5 mm), its dominance was noticed 

even in the periosteal callus (i.e. greater than 42 % and 56 % for respectively for 150 N and 300 N axial 

loads). This suggests that the mechanical microenvironment within the fracture gap is relatively 

unstable and mostly conductive to fibroblast differentiation. Reduction of IFM due to reduction of gap 

size or lowering of axial load tends to promote better environments mostly within the periosteal region 

which is the most important region for fracture stabilization in the early stages. However, under 

relatively small gaps (i.e. 3 mm), lowering the load tends to promote bridging within the endosteal 

region as well. These predictions are in good agreement with in vivo sheep experimental studies on 

transverse osteotomies stabilized with ring fixators [9-11]. 
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Indirect loading was predicted to enhance the microenvironment further within the callus. It could be 

seen that the osteoblast differentiation within the periosteal zone significantly increased in all indirect 

loading cases compared to the corresponding cases of direct loading. In addition, noticeable 

chondrocyte differentiation was predicted within the endosteal zone for all indirect load cases. Under 

small gap size (i.e. 3 mm) and low axial load (i.e. 150 N) noticeable chondrocytes (around 10 %) were 

predicted even within the intercortical zone. Furthermore, the percentage of fibroblast was observed to 

drop within the periosteal and endosteal zones with the change of load transmission mode from direct 

to indirect. These results suggest that indirect loading using weight bearing platforms could significantly 

improve the mechanical microenvironment within the fracture callus in the early stages of fracture 

healing. This could be particularly beneficial when larger fracture gaps are unavoidable, which could 

normally lead to unstable fracture microenvironments. In addition, indirect loading significantly 

enhances early weight bearing capacity. This could also be beneficial for early mobility of patients 

without having adverse effects on the fracture site. Therefore, indirect loading using weight bearing 

platforms appears to widen the allowable range of gap size and weight bearing, providing more 

flexibility to surgeons. However, further animal experiments and clinical studies are required to support 

the outcomes of this study. 
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