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Abstract: In this study, a coupled computational modelling framework for bone 

fracture repair is presented that enables predictions of both healing and remod-

elling phases of the fracture region and is used to investigate the role of an inter-

nal fixation plate on the long-term healing performance of a fracture tibia under 

a range of different conditions. It was found that introduction of a titanium plate 

allowed the tibia to undergo successful healing at higher loading conditions and 

fracture gaps, compared to the non-plated versions. While these plated cases 

showed faster rates of repair in the healing phase, their performance was substan-

tially different once they entered the remodelling phase, with substantial regions 

of stress shielding predicted. This framework is one of the few implementations 

of both fracture healing and remodelling phases of bone repair and includes sev-

eral innovative approaches to smoothing, time-averaging and time incrementa-

tion in its implementation, thereby avoiding any unwanted abrupt changes be-

tween tissue phenotypes. This provides a better representation of tissue develop-

ment in the fracture site when compared to fracture healing models alone and 

provides a suitable platform to investigate the long-term performance of ortho-

paedic fixation devices. This would enable the more effective design of perma-

nent fixation devices and optimisation of the spatial and temporal performance 

of bioabsorbable implants. 

Keywords: Bone Fracture Healing; Finite Element Modelling; Orthopaedic Im-

plants 

 

1. Introduction 

Secondary bone fracture repair is a four-stage process [1] that begins with an inflammatory response 

and haematoma formation, resulting in granulation tissue formation 3-7 days after the initial fracture. 

After 2-4 weeks, a fibro-cartilaginous soft callus is produced from the granulation tissue, which 

subsequently leads to the development of an ossified hard callus of woven bone surrounding the 

fracture region after 2-4 months. Over the next several months to years, remodelling of the woven bone 

takes place to achieve the original pre-fracture morphology [1], [2]. Assuming the fracture site receives 

an adequate supply of blood, hormones and growth factors [3], fracture healing is largely dictated by 
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the biomechanical conditions in the fracture callus [4], [5]. To enhance the repair process, various types 

of internal fixation devices are available, whose role is to stabilise the fracture and minimize inter-

fragmentary movement in the early phases of healing. Many complications in bone repair, such as non-

union, implant failure, and delayed healing, are derived from instability in the fracture region [6]. 

However, fixation devices themselves can cause late-stage problems in the repair process, as bone 

resorption can take place around overly stiff fixators in the remodelling phase, which can increase the 

likelihood of implant failure [7]. The ideal fixation device should reduce inter-fragmentary movement 

in the early phases of healing to minimise damage to the callus tissue but should enable load-transfer 

to the bone itself once the remodelling phase has initiated to avoid unwanted effects of stress shielding 

[8]. Understanding the biomechanical performance of these devices represents a challenging mechano-

biological problem that needs to consider in detail the device-tissue interaction throughout all stages of 

the bone repair process.  

Computational models have been used extensively to understand bone fracture healing, whereby the 

iterative finite element method has been used to determine the mechanical environment at the site of 

fracture and local tissue formation proceeds according to appropriate mechano-regulation theories [1], 

[2], [9], [10]. Typically, these models account for a range of biophysical stimuli at the fracture site, 

including combinations of strain, stress, fluid flow, streaming potentials and acceleration [11], that 

drive biological processes and cellular activities, including migration and proliferation of mesenchymal 

stem cells (MSCs) from the external environment, their differentiation into fibroblasts, chondrocytes or 

osteoblasts and tissue formation. While these models require careful calibration of numerical 

parameters, they have provided a detailed understanding of how local factors, such as mechanical 

stimuli and cellular activities, affect tissue production following a bone fracture without fixation [1], 

[2], [9], [10]. Several studies have also used similar frameworks to explore the role of implant design 

and fixation conditions on fracture healing response [16], with studies that identify reductions in 

healing time are possible with fixators of increasing stiffness [16].  However, a limitation of such 

modelling approaches is that the final remodelling phase of bone repair is rarely fully considered. 

Instead, these models tend to examine the role of fixation on inter-fragmentary movement in the early 

phases of healing, but do not consider wider remodelling processes that take place in both the callus 

and the adjacent cortex that take place following a successful union over longer time periods [1], [16]–

[18]  

Healthy bone tissue actively remodels its apparent bone density in response to the local mechanical 

environment. The constant remodelling of bone from the cellular to organ scales means that bone 

density is optimised as a function of the loading environment according to Wolff’s law. Bone 

remodelling algorithms are widely used to provide numerical estimates of bone’s apparent density due 

to daily loading according to the theory of mechanostat [19]. Numerous bone remodelling theories have 

been proposed, with theories using strain-derived [20]–[22] and/or damage-based [23]–[29] stimuli to 

describe cellular activity [30], [31] and drive the remodelling process. While these theories support the 

concept that bone remodelling is a targeted mechanism to simultaneously preserve bone mass and 

prevent fractures, bone remodelling also plays a vital role in the final stage of the fracture repair process, 

as woven bone is gradually replaced with orientated lamellar bone to return to original pre-fracture 

morphology. However, these remodelling processes have rarely been considered in existing healing 
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algorithms, which means that the longer-term tissue responses have not been fully explored. The ability 

to predict the response of bone tissue to adaptations in mechanical loading [32], [33] is of vital 

significance when considering how the introduction of load-bearing implant will affect the structural 

architecture. Identifying a fixation device that has optimal stability in the early phases fracture repair 

and an appropriate design to minimise stress shielding requires computational models of fracture 

repair that consider both fracture healing and subsequent remodelling responses. These approaches 

could be particularly relevant given the ongoing development of bioabsorbable fixation devices, which 

provide the potential to control both spatial and temporal load-bearing performance during healing.  

The objective of this study is to develop a coupled modelling framework for bone fracture repair that 

predicts both fracture healing and remodelling phases of the tissue over a period of 12 months. During 

the fracture healing phase, the model predicts tissue production based on a combination of the 

biophysical stimuli and cellular concentration in the fracture callus. The remodelling phase is only 

initiated once a suitable fracture union is achieved and considers both damage and strain-energy 

density (SED) based tissue remodelling. The coupled modelling framework for bone fracture repair is 

used to investigate the role of an internal fixation plate on the long-term healing performance under a 

range of loading conditions. 

2. Materials and Methods 

2.1 Model Geometry 

 Three-dimensional finite element models of non-plated and plated long-bone tibia fractures were 

developed, according to dimensions provided in Figure 1. The tibia was simplified as a smooth co-axial 

cylinder composed of cortical bone and bone marrow at the centre (see Figure 1a), with the shape and 

dimensions based on previous studies [9], [34], [35] . The fracture callus was divided into three zones, 

(1) outer callus, (2) callus focus and (3) inner callus. Several fracture gaps (x=0.75mm, 2.5mm, 5mm, 

8mm and 12mm) were considered. For the plated models, six self-locking screws fastened a titanium 

bone plate to the tibia [36] (see Figure 1c and d). The cortical bone, callus, bone marrow and screw-plate 

system were modelled with 32,076, 17,750 and 15,710 8-noded linear brick, trilinear displacement, pore 

pressure and temperature, reduced integration elements (C3D8RPT). 

 

Figure 1: Geometric information on human tibia implanted and external fixator; (A) bone plate; (B) callus re-

gions; (C) top-down view of plate without pins; (D) side view of plate with pins. All measurements were rec-

orded in millimetres. 
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2.2 Bone Repair Model 

2.2.1 General Overview  

The bone repair model is represented schematically in Figure 2, whereby an iterative approach 

that considers both (a) fracture healing and (b) remodelling phases of bone repair was developed. For 

the fracture healing component (see Figure 2a), a fracture callus comprised of granulation tissue is 

infiltrated by considering angiogenesis and migration of mesenchymal stem cells (MSCs) from the 

adjacent undamaged cortical ends (see Section 2.2.2). As the patient gradually loads the fractured bone, 

biophysical stimuli acting on the cells drive differentiation and tissue production process, with gradual 

changes from one phenotype to another enabled by a smoothing process within the fracture healing 

algorithm (See Section 2.2.3). Once adequate woven bone has formed in the “callus focus” region (see 

Figure 2b), the entire fracture callus automatically enters the bone remodelling algorithm, whereby 

both damage and strain-energy density (SED) based remodelling is predicted. The remodelling 

algorithm updates the bone material properties according to one of four processes; (1) damage-based 

remodelling; (2) positive SED remodelling; (3) negative SED remodelling; (4) no remodelling (See 

Section 2.2.4). The apparent bone density continuously remodels to achieve the homeostatic bone 

energy density. The model is implemented in the Abaqus/Standard finite element framework through 

a series of user-defined field Subroutines (USDFLD).  

  

Figure 2: Iterative calculations for tissue development for bone fracture repair and bone remodelling; (a) Bone 

fracture repair algorithm and (b) SED/damage-based bone remodelling. 

2.2.2  Blood Vessel Growth/Cell Migration and Proliferation  

A diffusion model was implemented in the fracture callus to model the infiltration of MSCs 

and the development of blood vessels according to,   
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 𝑑𝑐𝑚

𝑑𝑡
= 𝐷𝛥2𝑐𝑚   [1] 

where C is the cell concentration of MSCs, D is the mass diffusion coefficient. This diffusion model was 

implemented in Abaqus using a thermal analogy, given the similarity between the thermal diffusion 

and mass diffusion (Fick's 2nd law) equation. This approach has been applied by other studies, with 

further details of the implementation process available in [2]. Briefly, the diffusion model assumes that 

the movement of the cells is random and non-directional, with the local relative cellular concentration 

ranging from 0 ≤  𝑐𝑐𝑒𝑙𝑙 ≤ 1. The source of the progenitor cells was the surrounding soft tissue, bone 

marrow and inner cambial of the periosteum (see Figure 3A) [37]. At the beginning of simulations (𝑡 =

0), the callus does not contain any MSCs (𝑐𝑚 = 0) and consists of only granulation tissue. The cell 

concentration 𝑐𝑚 changes with respect to time according to Equation 1. Simulations were initially ran 

with a range of diffusion coefficients (D), with a diffusion coefficient of D=0.3mm3/day yielding the best 

results for cellular confluence following 112 days [35]. Cell concentration at the integration points are 

calculated through interpolating nodal cell concentrations. Previous studies [2], [38] applied the 

maximum cellular concentration (𝑐𝑚 = 1, 𝑇𝑛𝑜𝑑𝑎𝑙 = 1, @ 𝑡 = 0) at the boundaries shown in Figure 3A. 

However, this results in the integration points of these elements having a cellular concentration equal 

to half of the applied cellular concentration at time zero (𝑐𝑚 = 0.5, @ 𝑡 = 0), and causes these elements 

to stiffen much quicker than the rest of the elements within the fracture callus. Therefore, using 

Equation 2, a temporal non-linear magnitude was created (Figure 3b) and applied to the fracture callus 

(Figure 3a). (cm) 

  𝑐𝑚(𝑖+1) = 𝑐𝑏𝑐(𝑖) + 𝐷(𝑐𝑚𝑎𝑥 − 𝑐𝑚(𝑖)) ∗ (𝑑𝑡) [2] 

 

Figure 3: Overview of diffusion model used to describe the infiltration of MSCs/development of blood vessels; 

(A) MSCs invading the fracture callus from the surrounding soft tissue, bone marrow and inner cambial of the 

periosteum; (B) Cellular concentration magnitude applied to surface shown in Fig.3(A). 

2.2.3 Fracture Healing Mechano-Regulation Algorithm 

The mechano-regulation theory described by Prendergast [15] was used to govern MSC 

differentiation and tissue phenotype under mechanical loading within the callus tissue (see Figure 4a). 

It was assumed that the tissue was biphasic, and completely saturated, such that the sum of the volume 

fractions of the solid (𝑉𝑠) and fluid (𝑉𝑓) phase must equal one. 
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 𝑉𝑠 + 𝑉𝑓 = 1 [3] 

Mechanical loading produced a deviatoric strain (shear deformation) and a fluid flow throughout the 

fracture callus. The effective pore fluid velocity (𝑤𝑓) was calculated as the velocity of the fluid phase 

(𝑣𝑓) with respect to the solid phase (𝑣𝑠). 

 𝑤𝑓 =  𝑣𝑓 − 𝑣𝑠 [4] 

The deviatoric strain (𝜀𝑑𝑠
𝑠 )  was calculated using Equation 5, which considers this term as a function 

of the principal strains (ε1, ε2, ε3), while the magnitude of the fluid flow velocity was described in 

Equation 4. The local elemental stimulus (S) (Equation 7) was defined as the sum of the equivalent 

deviatoric strain and the interstitial fluid velocity in which 𝑎 = 0.0375 and 𝑏 = 3𝜇𝑚/𝑠 [39].   

 𝑤𝑚𝑎𝑔
𝑓 = √𝑤𝑓. 𝑤𝑓 [5] 

 
𝜀𝑑𝑠

𝑠 =  
2

3
√(𝜀1 − 𝜀2)2 + (𝜀2 − 𝜀3)2 + (𝜀3 − 𝜀1)2 [6] 

 
𝑆 =

(𝜀𝑑𝑠
𝑠 )

𝑎
+

𝑤𝑚𝑎𝑔
𝑓

𝑏
 [7] 

 

 

 

Figure 4: (A) The mechano-regulation model based on deviatoric strain and fluid velocity. (B) Smoothed mecha-

nobiological regulation based on Sapotnick et al. (2015). 

The local stimulus within an element controlled whether the MSCs within that element 

differentiated into fibroblasts, chondrocytes or osteoblasts. As a rule, high levels of mechanical 

stimuli (S > 3) resulted in the formation of fibrous tissue, intermediate levels of stimulation (1 <

S < 3) promoted cartilaginous tissue, lower levels of stimulus resulted in formation of immature bone 
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(0.2667 < S < 1), while woven bone was formed between when the stimulus was 0.01 < S <  0.2667. 

For very low stimuli (0.01 < S) callus resorption occurs, whereby osteoclasts removed non-loaded 

bone tissue [2]. These mechano-regulation rules were implemented considering fuzzy zones [40], that 

allowed for gradual changes in tissue properties as differentiation occurred, whereby two tissue 

phenotypes could be produced simultaneously, allowing for smoother transitions between cell 

phenotypes. Sapotnick and Nackenhorst altered the range of their fuzzy zones from 50% to 400% with 

minimal effects on healing outcomes. A relatively conservative approach was taken when determining 

the width of the fuzzy zones, whereby the range was determined by taking 10% of the threshold 

stimulus (S = 3, S = 1, S = 0.2667, S = 0.01). 

Tissue membership (𝑇𝑀)  was determined by the biophysical stimulus (Figure 4(A)). The 

tissue membership level-controlled cell differentiation and tissue production. The local TM for fibrous, 

cartilage, immature bone and mature bone ranged from 0 ≤  𝑇𝑀𝑓,𝑐,𝑖𝑚,𝑚𝑏 ≤ 1 . The evolution of 

fibroblasts, chondrocytes, immature bone cells and mature cells and their associated tissues are 

described by Equations 8-11 [41]. Here 𝑐𝑚𝑏, 𝑐𝑖𝑏, 𝑐𝑐,𝑐𝑓 and 𝑐𝑚 are normalized mesenchymal, fibroblast, 

chondrocyte, immature bone, and mature bone cell densities, respectively, 𝐹𝑚𝑏, 𝐹𝑖𝑏, 𝐹𝑐 and 𝐹𝑓 are cell 

differentiation rates. 

 

 
𝑑𝑐𝑓

𝑑𝑡
= (𝐹𝑓(1 − 𝑐𝑓)𝑐𝑚 − 𝐹𝑐(1 − 𝑐𝑐)𝑐𝑚 − 𝐹𝑖𝑏(1 − 𝑐𝑖𝑏)𝑐𝑚 − 𝐹𝑚𝑏(1 − 𝑐𝑚𝑏)𝑐𝑚)(𝑇𝑀𝑓) [8] 

 𝑑𝑐𝑐

𝑑𝑡
= (𝐹

𝑐
(1 − 𝑐𝑐)(𝑐𝑚 + 𝑐𝑓) − 𝐹𝑖𝑏(1 − 𝑐𝑖𝑏)𝑐𝑐 − 𝐹𝑚𝑏(1 − 𝑐𝑚𝑏)𝑐𝑐)(𝑇𝑀𝑐) [9] 

 
𝑑𝑐𝑖𝑚

𝑑𝑡
= 𝐹𝑖𝑚(1 − 𝑐𝑖𝑚)(𝑐

𝑚
+ 𝑐𝑓  + 𝑐𝑐) − 𝐹𝑚𝑏(1 − 𝑐𝑚𝑏)𝑐𝑐(𝑇𝑀𝑖𝑚) [10] 

 
𝑑𝑐𝑚𝑏

𝑑𝑡
= 𝐹𝑚𝑏(1 − 𝑐𝑚𝑏)(𝑐

𝑚
+ 𝑐𝑓  + 𝑐𝑐 + 𝑐𝑖𝑚) (𝑇𝑀𝑚𝑏) [11] 

Tissue production and replacement is regulated by the corresponding cells, tissues themselves and TM. 

The normalized volume fraction of fibrous tissue (𝑚𝑓),, cartilage (𝑚𝑐),, immature bone (𝑚𝑖𝑏), and 

mature bone (𝑚𝑚𝑏) are described by (Equation 12-15). 𝐷𝑚𝑏, 𝐷𝑖𝑏  and 𝐷𝑐  are tissue absorption rates 

whereby 𝐷𝑚𝑏 = 𝑄
𝑚𝑏

, 𝐷𝑖𝑚 = 𝑄
𝑖𝑚

 and 𝐷𝑐 = 𝑄
𝑐

. 𝑚𝑡𝑜𝑡 = 𝑚𝑓 + 𝑚𝑐 + 𝑚𝑖𝑏 + 𝑚𝑚𝑏  describes the volume 

fraction of all tissue except granulation tissue, which volume fraction is 𝑚𝑔𝑟𝑎𝑛 = 1 − 𝑚𝑡𝑜𝑡. 

 
𝑑𝑚𝑚𝑏

𝑑𝑡
= 𝑄

𝑚𝑏
(1 − 𝑚𝑚𝑏)(𝑐𝑚𝑏) (𝑃𝑀𝐿𝑚𝑏) [12] 

 
𝑑𝑚𝑖𝑏

𝑑𝑡
= 𝑄

𝑖𝑏
(1 − 𝑚𝑏 −  𝑚𝑖𝑏)(𝑐𝑖𝑏)(𝑃𝑀𝐿𝑖𝑏) − 𝐷𝑚𝑏𝑐𝑚𝑏𝑚𝑖𝑏𝑚𝑡𝑜𝑡 [13] 

 
𝑑𝑚𝑐

𝑑𝑡
= 𝑄

𝑐
(1 − 𝑚𝑐 −  𝑚𝑖𝑏 −  𝑚𝑐)(𝑐𝑐)(𝑃𝑀𝐿𝑐) − (𝐷𝑚𝑏𝑐𝑚𝑏 − 𝐷𝑖𝑏𝑐𝑖𝑏)𝑚𝑐𝑚𝑡𝑜𝑡 [14] 

 
𝑑𝑚𝑓

𝑑𝑡
= 𝑄

𝑓(1 − 𝑚𝑐 −  𝑚𝑖𝑏 −  𝑚𝑐 −  𝑚𝑓)(𝑐𝑓)(𝑃𝑀𝐿𝑓) − (𝐷𝑚𝑏𝑐𝑚𝑏 − 𝐷𝑖𝑏𝑐𝑖𝑏 − 𝐷𝑐𝑐𝑐)𝑚𝑓𝑚𝑡𝑜𝑡 [15] 
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A time control(Δt𝑓𝑟𝑎𝑐𝑡𝑢𝑟𝑒) within the fracture healing algorithm was implemented to ensure the change 

in tissue volume fraction did not exceed the maximum threshold value (Δm𝑚𝑎𝑥 = 0.05) for any given 

time increment. If (𝑑𝑚
𝑚𝑏,𝑖𝑏,𝑐,𝑓

> Δm𝑚𝑎𝑥) the time increment was updated according to Equation 16. 

 Δt𝑓𝑟𝑎𝑐𝑡𝑢𝑟𝑒 =
Δm𝑚𝑎𝑥

(𝑑𝑚
𝑚𝑏,𝑖𝑏,𝑐,𝑓

)
, 𝑑𝑡𝑛𝑒𝑤 = Δt𝑓𝑟𝑎𝑐𝑡𝑢𝑟𝑒 ∗ 𝑑𝑡𝑜𝑙𝑑 

[16] 

The rule of mixtures (RoM) was used to calculate the predicted elastic modulus of the elements within 

the fracture callus for each increment using Equation 17. The RoM calculated the predicted elastic 

modulus before smoothing occurred, 

 𝐸𝑓𝑟𝑎𝑐𝑡𝑢𝑟𝑒 = ((𝑚𝑔𝑟𝑎𝑛) ∗ (𝐸𝑔𝑟𝑎𝑛) + (𝑚𝑓) ∗ (𝐸𝑓) + (𝑚𝑐) ∗ (𝐸𝑐) +  (𝑚𝑖𝑏) ∗ (𝐸𝑖𝑏) + (𝑚𝑚𝑏) ∗ (𝐸𝑚𝑏)) [17] 

The implementation of this mechano-regulation algorithm also included a further smoothing strategy, 

whereby the elastic modulus (𝐸𝑛+1) was calculated by obtaining a time averaged value of the elastic 

modulus from the previous 10 days according to,  

 

𝐸𝑡+𝑑𝑡 =  
1

10
∑ (𝐸𝑡) ∗ (𝑑𝑡𝑡)

𝑡=𝑡𝑖

𝑡=𝑡𝑖−10

 [18] 

Many previous studies have implemented time averaging using a fixed increment size [2], [42], [43]. 

However, using a variable time step with custom time controls allows for greater accuracy and 

versatility as the time step (Δt𝑓𝑟𝑎𝑐𝑡𝑢𝑟𝑒) is controlled by changes in cellular concentration and prevents 

abrupt changes in cell/tissue concentrations. Fracture healing continued within the callus until the 

“callus focus" region was completely connected by differentiated woven bone. Following this, the 

fracture callus underwent bone remodelling whereby strain energy density (SED)/micro-damage were 

the controlling stimuli. 

2.2.4 Coupled Strain/Damage- based Remodelling 

The coupled strain- & damage-adaptive algorithm outlined by McNamara and Prendergast [26]  was 

used to simulate bone remodelling. Strain-based remodelling used strain energy density (SED) as the 

remodelling stimulus (𝜓= 𝑈/𝜌), where 𝑈 is the strain energy, 𝜌 is the apparent bone density. A site-

specific approach was implemented whereby each bone element tried to reach a homeostatic state of 

SED. The homeostatic reference point for SED was calculated according to, 

 
𝜓

𝑈
=

𝜎𝑈
2

(2)(𝐸𝑈)(𝜌
𝑈

)
 [19] 

Where 𝜎𝑈, 𝐸𝑈, 𝜌
𝑈

 are the homeostatic values for stress, elastic modulus, and density, which have 

values of 6.6MPa, 17000MPa and 1.649g/cm3 respectively. The homeostatic SED reference point Eq.19 

is typically calculated at 𝜓
𝑅𝑒𝑓

 (Figure 5(A)). This however creates can cause difficulties as it creates a 

dependency between the final converged solution and the initial state and width of lazy zone (𝑤) [44]. 

Bone elements remodel towards the upper(𝜓𝑈) and lower(𝜓𝐿) SED values, therefore by calculating 

the homeostatic SED at 𝜓
𝑈

, the model will remodel towards homeostatic elastic modulus under 

homeostatic loading conditions. The lower SED threshold was calculated using (Equation (20)). 

  𝜓
𝐿

= (𝜓
𝑈

) ∗ (1 − 𝑤) [20] 
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The width (𝑤) value controlled the size of the lazy zone, and the degree of reabsorption. The width(𝑤)  

had no effect on the value of 𝜓
𝑈

 as it has no dependency. In line with previous studies, a width of 0.75 

was chosen [45]. Bone remodelling was simulated as a change in apparent bone density. Carter and 

Hayes found that the elastic modulus of cortical and trabecular bone is approximately proportional to 

the cube and square respectively of the apparent bone density [46], this relationship between density 

(g/cm3) and elastic modulus (MPa) is described by, 

 𝐸 = 3790𝜌3 [21] 

The rate of remodelling is affected by the amount of free surface area, as remodelling occurs at the pore 

surfaces. Martin [47] determined the internal free surface area as a function of the apparent density 

𝐴(𝜌) . The internal free surface area per unit volume 𝑎(𝜌) = 𝐴(𝜌)/𝑉  is shown in Figure 5B. At 

maximum bone density 𝜌
𝑚𝑎𝑥

= 1.73𝑔/𝑐𝑚3  and the minimum bone density 𝜌
𝑚𝑖𝑛

= 0.01𝑔/𝑐𝑚3,  no 

bone remodelling occurs, as the free surface area equals zero. The remodelling rules and formulae that 

determine the rate of remodelling are shown in Figure 5C. 

  

Figure 5: (A) Bone remodelling algorithm using SED as the mechanical stimulus for the implant;(B) Surface area 

density of bone (𝑎(𝜌)) as a function of bone density[48]. 

A strain remodelling rate was determined from 𝐶𝑠 = 𝑎(𝜌)𝜏, where 𝜏 is a time constant with a value of 

𝜏 = 130𝑔2𝑚𝑚−2𝐽−1  per month, and 𝑎(𝜌)  is the specific surface area [49]. Time controlled 

incrementation (𝛥𝑡
𝑆𝐸𝐷

) was implemented such that for any given iteration the maximum allowable 

density change (Δρ𝑚𝑎𝑥) was 0.175𝑔/𝑐𝑚3  per month. If the density change for any given iteration 

exceeded the allowable maximum, then time increment (𝑑𝑡𝑛𝑒𝑤) was reduced according to, 

 
𝛥𝑡𝑆𝐸𝐷 =  

Δρ
𝑚𝑎𝑥

(𝑎(ρ) ∗ τ ∗ (S − 𝑆𝑈,𝐿) ∗ 𝑑𝑡)
, 𝑑𝑡𝑛𝑒𝑤 = 𝛥𝑡𝑆𝐸𝐷 ∗ 𝑑𝑡𝑜𝑙𝑑 [22] 

Damaged bone tissue within bone is constantly removed and replaced with healthy bone tissue. At 

equilibrium, damage (𝜔
𝑅𝐸

) exists within bone due to the cyclic loading of bone tissue. Damage is 

calculated within each element using the remaining life approach, whereby undamaged bone is 

denoted by 𝜔 = 0, while fracture bone is denoted by 𝜔 = 1 [50]. It is assumed within healthy bone 

tissue that damaged is removed at a constant rate which is denoted by 𝜔̇𝑅𝐸. If the damage formation 
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rate 𝜔̇ exceeds the repair rate 𝜔̇𝑅𝐸 damage is accumulated within the bone tissue it will create damage 

remodelling stimulus 𝛥𝜔 as shown in Eq. 18.  

 
𝛥𝜔 =  ∫ (

𝑡

0

𝜔̇ − 𝜔̇𝑅𝐸)𝑑𝑡 [23] 

The damage formation rate was assumed to be linear and was implemented using Miner’s rule [51], 

which determined the damage formation rate 𝜔̇ and repair rate 𝜔̇𝑅𝐸. Previous experimental data by 

Carter et al. [52] provides the number of cycles to failure (𝑁𝑓) for several different stress levels. Using 

Equations 24 & 25, the damage and repair rates were calculated, where 𝜎 is the stress in MPa, T the 

temperature (37 °c) and H, J, T and M are empirical constants. 

 
𝜔̇ =  

1

𝑁𝑓

 [24] 

 log(𝑁𝑓) = 𝐻𝑙𝑜𝑔(𝜎) + 𝐽𝑇 + 𝐾𝜌

+ 𝑀 

[25] 

Once the accumulated damage exceeds a critical damage threshold (𝜔𝑐𝑟𝑖𝑡), damage-based resorption 

occurred. The critical damage level was determined at 3500μɛ, with  𝜓
𝑈

 located at 1500μɛ. Therefore, 

the critical damage threshold is situated 2000 μɛ above 𝜓
𝑢
 or approximately 1.3 times the strain of 

 𝜓
𝑈

. Damage can exist within the bone without activating damage-based reabsorption, until the 

damage critical 𝜔𝑐𝑟𝑖𝑡 damage threshold is exceeded. Similarly, to the SED-based remodelling a 

damage-based time control (𝛥𝑡𝑑𝑎𝑚𝑎𝑔𝑒) was implemented (Equation 26). A damage rate constant of 

𝐶𝑑 = 0.1𝑒8 was used [49]. Simulations considered cases with damage (D) and without damage (ND) 

based remodelling for the plated models 

 
𝛥𝑡𝑑𝑎𝑚𝑎𝑔𝑒 =  

0.00625

(𝑎(ρ) ∗ 𝐶𝑑 ∗ N ∗ 𝜔)
, 𝑑𝑡𝑛𝑒𝑤 = 𝛥𝑡𝑑𝑎𝑚𝑎𝑔𝑒 ∗ 𝑑𝑡𝑜𝑙𝑑 [26] 

Within combined fracture healing/remodelling algorithm the smallest value of 

𝛥𝑡𝑓𝑟𝑎𝑐𝑡𝑢𝑟𝑒, 𝛥𝑡𝑆𝐸𝐷 𝑎𝑛𝑑 𝛥𝑡𝑑𝑎𝑚𝑎𝑔𝑒 was always implemented in order to determine the new time increment 

𝑑𝑡𝑛𝑒𝑤. 

2.5 Boundary Conditions 

Post-operative loading of the tibia contained four different loading phases (1) indirect loading, (2) 

walking with crutches, (3) imperfect gait and (4) perfect gait (See Figure 6) [43]. The body weight of a 

healthy patient was assumed to be 70kg. An initial load of 10% of body weight (BW) was applied for 

the first 28 days in order to simulate indirect loading. From days 28 to 56 this the tibia was loaded to 

simulate the patient walking with crutches, gradually transferring more load through the injured tibia. 

The load transferred through the tibia continually increased between days 56-112 as the patient walked 

with an imperfect gait. Following 112 days, a normal gait of 300% BW was implemented. The initial 

loading conditions (LC) were altered between 0 – 112 days, according to several different conditions 

described by LC(A) – LC(H), as shown in Figure 6. The distal end of the tibia was fixed in all directions 

[43]. 
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Figure 6: Post-operative loading conditions. 

2.6 Material Properties 

During the healing process, the MSCs within the fracture callus differentiate into fibroblasts, 

chondrocytes and osteoblasts [53]. All materials are assumed to be isotropic. The material properties of 

the different tissues used in the bone fracture repair and bone remodelling algorithm are listed in Table 

1.  

Table 1. – Material properties for bone plate and bone. 

 
Elastic Modulus 

[MPa] 

Permeability 

[m4/Ns] 
Poisson’s Ratio Initial Porosity 

Cortical bone 17000 [10]  1E-17 0.37 0.04 

Marrow 2[38]  1E-14 0.167 0.8 

Granulation 

tissue 
0.2 [10]  1E-14 0.167 0.8 

Fibrous tissue 0.2 -5 [10]  1E-14 0.167 0.8 

Cartilage 5 – 500 [10]  5E-15 0.167 0.8 

Immature bone 500 – 1,000 [10]  1E-13 0.3 0.8 

Intermediate 

bone 
1,000 – 2,000 [10]  3.7E-13 0.3 0.8 

Mature bone 2,000 -6,000 [10]  3.7E-13 0.3 0.8 

Titanium (Grade 

2) 
110,000 - - - 

2.7 Parameter Study 

A 3mm mid-diaphyseal osteotomy was induced in the tibia of a sheep and stabilised with a unilateral 

external fixator. An initial displacement of 1.13mm was induced through the application of a 500N force. 

Calibration of the model produced the following model parameters: cell differentiation rates 𝐹𝑚𝑏 = 

0.15day-1, 𝐹𝑖𝑏 = 0.15day-1,  𝐹𝑐 = 0.3day-1, 𝐹𝑓 = 0.02day-1, tissue production rates 𝑄
𝑚𝑏

 = 0.1day-1, 𝑄
𝑖𝑏

 = 

0.1day-1, 𝑄
𝑐
 = 0.2day-1 and 𝑄

𝑓
 = 0.12day-1. Using these parameters, the model was accurately able to 

reproduce the interfragmentary strain obtained by Claes et al. [3]. Here, the model does not predict the 

formation of a bony bridge in the osteotomy gap, leaving a portion of the callus filled with fibrous and 
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cartilage tissue. Mesh sensitivity for fracture healing was carried out using a global seed (GS) of 1.5, 1 

and 0.5, which resulted in 4256, 12547 and 91256 elements. Element size had minimal on the healing 

outcome as shown in Figure 7.A. For all simulations, a global seed of 1.5 was implemented.  

 

 

Figure 7: (A) Predicted IFM by FE-model versus healing time of an osteotomy of a sheep.  (B)  Histology sec-

tion of a well-healed mouse at day 26. (C) Histology section of a mouse with mixed healing at day 26. Stained 

with Hall’s and Brunt’s Quadruple (HBQ) stain and false-coloured. Blue = cartilage, yellow = trabecular bone, 

purple = fibrous/amorphous tissue, red = cortical bone, black/white = bone marrow [54]. 

3. Results 

3.1 Fracture Repair- Effect of Loading Conditions (Non-Plated) 

Figure 8A and B shows the predicted mean elastic modulus in the callus focus region (e.g. between 

both cortex ends) over the course of 365 days, based on the coupled fracture healing and bone 

remodelling algorithms, under a range of different loading conditions. For the non-plated 3mm fracture 

gap, the rate of healing was reduced when higher loading regimes were applied. Here, it is shown that 

the formation of a bony bridge occurred at 16.6 days for LC(A), which was the smallest loading regime, 

resulting in the fastest rate of healing with fracture union achieved at 120 days. For increasing loading 

magnitudes, the time to form a bony bridge and fracture union was progressively longer. For excessive 

loading conditions in LC(D) and LC(E), there is little or no increase in elastic modulus over the first 120 

days. The higher loads inhibited the formation of a bony bridge, preventing the stabilization of fracture 

callus region and resulted in the formation of a non-union. 

The coupled fracture repair framework only allows the callus to enter SED based remodelling once a 

fracture union had formed between the cortical ends. During remodelling, the SED/microdamage based 

framework caused the outer and inner callus to be predominately negatively remodelled and 

reabsorbed. Meanwhile, the callus focus region underwent positive remodelling as shown in Figure 

8(E). The undamaged cortical bone initially negatively remodelled under the reduced physiological 

load, however as loading returns to normal levels, the undamaged cortical bone was positively 

remodelled and returned to homeostatic levels (see Figure 8(E)). 
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Figure 8 – Elastic modulus of fractured tibia over a 1-year time period with a constant fracture gap and different 

loading conditions; (A) fracture callus healing performance over 1 year; (B) fracture callus healing performance 

over 112 days; (C – E) contour plots of fracture callus; (F) SED/micro-damage based remodelling. 

3.2 Fracture Repair & Remodelling- Effect of Fracture Gap 

Figure 9 shows the predicted elastic modulus in the callus over the 365 days, based on the coupled 

fracture repair framework for loading condition LC(A) and fracture gaps of 3mm, 4mm, 6mm and 8mm. 

Here, the fracture healing performance was directly related to the fracture gap size, with the 3mm 

showing the fastest rate of healing. Increasing the fracture gap size slowed the rate of fracture healing 

as there was a slower infiltration of cells to fracture site, in addition to an increased biophysical stimulus 

due to geometry. Remodelling proceeded like before, with the inner and outer callus undergoing 

negative remodelling, while the callus focus region underwent positive remodelling. Where a union is 

successfully formed, the elastic modulus of the remodelled tissue is very similar across all cases after 

365 days. 
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Figure 9: Elastic modulus of fractured tibia over a 1-year time period with a constant loading condition and dif-

ferent fracture gaps; (A) fracture callus healing performance over 1 year; (B) fracture callus healing performance 

over 112 days; (C – E) contour plots of fracture callus; (F) SED/micro-damage based remodelling. 

3.3 Fracture Repair – Effect of Plating 

The effects of the implantation of a titanium plate on fracture healing and remodelling was investigated 

for LC(A), LC(F) –LC(H). Figure 8B shows that the predicted elastic modulus in the callus during the 

365 days of repair for these loading conditions, while Figure 9B shows the predicted elastic modulus 

during repair for different fracture gap sizes for LC(A). Figure 8B shows that the introduction of a 

titanium plate allowed the tibia to undergo successful healing at much higher loading conditions, 

compared to the un-plated versions. Non-union occurred for the un-plated case under LC(C) (0.33MPa), 

while the plated version successfully healed up to LC(H)(6.6MPa), which had substantially higher 

magnitudes applied (see Figure 6). The introduction of a stiff plated increased the overall rate of 

fracture repair, which is clear when comparing the plated/un-plated models utilizing LC(A). Figure 10 

shows the healing profile of the callus itself, where the presence of the plate affects the spatial 
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progression of healing. Tissues positioned closer to the plate stiffened and was reabsorbed quicker than 

tissue positioned further away for the plate. While the plated cases showed faster healing rates, their 

performance was substantially different once they entered the remodelling phase, with all plated cases 

remodelling to a much lower elastic modulus than any of the un-plated loading cases (see Figure 8). 

The introduction of a titanium plate allowed for successful fracture healing to occur at much larger 

fracture gaps, although with a delayed healing performance with increasing fracture gaps (Figure 9).   

 

 

Figure 10 – Contour plots of plated fracture callus; (A – C) fracture callus with a constant fracture gap and differ-

ent conditions; (D – E) fracture callus with a constant loading condition and different fracture gaps; (E) 

wireframe representation of callus and plate positions.  

In Figure 11, posterior, medial and anterior cuts of the tibia at 150, 200, 250, 300 and 350 days show the 

stress shielding and damaged-based remodelling that occurs due to introduction of the plate. The 

remodelling framework considered cases with damage (D) and with no damage (ND). The highest 

degree of stress shielding occurred anteriorly (Figure 11A), while the least amount of stress shielding 

occurred posteriorly as seen in (Figure 11C). Stress concentrations were created locally, mainly in the 

interfacial regions between the titanium pins and cortical bone. Models containing damage (D) led to 

damage-based reabsorption around the pins, while the models without damage (ND) the high stresses 

resulted in positive SED remodelling around the pins. A significantly higher degree of stress shielding 

around the plate was observed for the models containing “no damage” than the models containing 

“damage” (Figure 11a). 
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Figure 11 –Elastic modulus within cortical bone and fracture callus focus for plated tibia with 3mm fracture gap 

under LC(A) at 150, 200, 250, 300 and 350 days. Simulations were ran with damage (D) and with the no damage 

(ND). 

 

4. Discussion  

In this study, a coupled biphasic model for bone fracture repair was developed that considers 

both fracture healing and remodelling phases of repair to investigate the performance of a fractured 

tibia in both non-plated and plated conditions. It was found that introduction of a titanium plate 

allowed the tibia to undergo successful healing at higher loading conditions and fracture gaps, 

compared to the non-plated versions. While these plated cases showed faster rates of repair in the 

healing phase, their performance was substantially different once they entered the remodelling phase, 

with all plated cases remodelling to a much lower elastic modulus than any of the non-plated loading 

cases, with the coupled modelling framework predicting substantial regions of stress shielding. This 
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framework is one of the few implementations of coupled fracture healing and remodelling algorithms 

and included several innovative approaches to smoothing, time-averaging and time incrementation in 

its implementation, thereby avoiding any unwanted abrupt changes between tissue phenotypes. This 

coupled model provides a better representation of tissue development in the fracture callus and cortical 

bone when compared with fracture healing alone and provides novel platform to investigate the long-

term performance of orthopaedic fixation devices. This would include the more effective design of 

permanent fixators and provide an opportunity to optimise both spatial and temporal behaviour of 

bioabsorbable implants to limit unwanted effects of stress shielding.  

The coupled fracture repair model was shown to provide very good correlation to animal experiments 

carried out by Claes et al. (1995), in terms of both predicted inter-fragmentary strain (see Figure 7) and 

the time sequence of the repair [54] .  During the fracture healing phase, the simulations generally 

predicted the formation of the cartilaginous callus 2-3 weeks from the start of the healing process [2]. 

The extremities of the fracture callus experience lower biphasic stimulus and stiffen more quickly. The 

bony bridge provides mechanical support lowering the biphasic stimuli at the fracture site, allowing 

for bone formation to occur in other regions such as near the bone marrow and fracture gap. The 

formation of a complete “bony bridge” was a pivotal aspect in achieving successful healing (see Figures 

8-10), and the coupled fracture repair model used this feature as the criteria that determined whether 

the bone remodelling phase would be initiated (the time at which this occurred was not prescribed 

apriori). Upon successful fracture healing, the non-plated models remodelled positively, tending 

towards the original density of cortical bone (ρ = 1.649g/cm3, E = 17,000MPa). This was largely driven 

by the fact that a homeostatic load of 6.6MPa was assumed to be acting on the tibia after day 112 for all 

conditions, resulting in similar bone densities for the non-plated models. Due to the geometry of the 

non-plated models, they were remodelled in a symmetric manner, with the inner and outer callus 

undergoing negative remodelling, while the callus focus region underwent positive remodelling (see 

Figure 8). During all transitions, the coupled fracture repair algorithm was implemented in such a way 

that abrupt changes in tissue modulus due to local stimuli were avoided. This was achieved through 

the implementation of several time incrementation controls and smoothing techniques (see Section 2). 

For the latter, the change in elastic modulus due to the biphasic stimulus and SED were time averaged 

over 10 days. Therefore, a change in the elastic modulus of an element was due to its stimulus history, 

opposed to a single time instance as was commonly employed in other studies [55], [56], [57]. 

The implantation of a titanium plate played a critical role in healing and remodelling phases of 

bone repair, creating an uneven stress distribution across the fracture callus that resulted in 

substantially different healing outcomes between the plated and non-plated models. During fracture 

healing, regions directly adjacent to the plate experience lower biophysical stimuli than regions on the 

opposite side. Based on the mechano-regulatory framework, these elements transition through tissue 

phenotypes more quickly, leading to local stiffening, with some regions even being absorbed due to the 

lack of a biophysical stimulus during fracture healing (See Figure 10). Upon entering the remodelling 

phase, most of the stress is distributed through the implant, as it has a stiffness of approximately 6.5 

times greater than cortical bone, thereby shielding the adjacent region. The proximity of the 

surrounding tissue to the titanium plate heavily influenced the degree of stress-shielding. The highest 

degree of stress shielding occurred anteriorly, while the least amount of stress shielding occurred 
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posteriorly (see Figure 11). This subsequently resulted in the anterior portion of the “callus focus” 

region to negatively remodel, while the posterior portion remodelled positively producing a cortical 

shell. Most of the bone loss around the titanium plate occurred between 0 – 6 months for the “damage” 

models with a significant reduction in bone loss following the 6-months, matching experimental tests 

of an implanted titanium stem carried by Jaffe and Scott [58]. Interestingly, during the remodelling 

phases, the plated models also predicted further resorption in stress concentration regions where 

screws were fastened to the bone. The stress concentrations were generated due to (i) the dissimilar 

stiffness of titanium (ET = 110GPa) and cortical bone (Ec = 17GPa) and (ii) the geometry of hole generated 

by the titanium pin. In this study, the role of damage-based reabsorption was during remodelling was 

considered. Within the “no-damage” models, the high stresses generated around the pins led to high 

levels of positive remodelling. This subsequently led to higher levels of stress being redistributed 

through the titanium plate increasing the stress-shielding effect. On the contrary, when damage was 

included in these models, these high stresses led to damage-based reabsorption in these regions (which 

is a completely separate effect to stress-shielding). Interestingly, the effect of this damage-based 

resorption actually redistributed stress away from the pins and subsequently the plate, thereby 

substantially reducing the stress shielding effect. Damage-based reabsorption occurs much more 

rapidly than negative SED remodelling, which may cause implant failure as the interfacial bone around 

the pins is reabsorbed, resulting in bone plate slippage.  

The healing performance for both the plated and non-plated simulation were directly impacted 

by the loading conditions (Figures 8 and 10) and fracture gap size (see Figure 9). For the simulations in 

which the load was altered the fracture gap remained constant at 3mm, while for all different fracture 

gap sizes, the base loading condition LC(A) was used. Under different loading regimes (in the first 28 

days), it was found that the time at which the “bony bridge” formed was different in both plated and 

non-plated scenarios. The plated models were able to successfully heal at much higher loads (e.g. LC(H) 

when compared with the non-plated models (e.g. LC(C)). An increase in fracture gap size decreased 

the healing performance for both plated and non-plated simulations. Larger fracture gaps increased the 

biphasic stimulus induced within the fracture region for the same loading conditions. For all fracture 

gaps the diffusion coefficient remained constant at 0.3mm/day. This, in turn, influenced the time taken 

for the callus focus region to become confluent in MSCs, and thus slowed the healing response. The 

simulated results obtained here mimic that of experimental results seen in a rat model conducted by 

Meeson et al (2019), whereby a femoral osteotomy of different sizes (1mm, 1.5mm and 2mm) resulted 

in delayed healing over a 5 week period.  

The prediction of long-term outcomes of bone fracture repair represents an extremely challenging 

problem that involves highly complex interaction between physical, chemical and biological processes 

taking place at the fracture callus. This implies that the coupled healing and remodelling framework 

presented here is subject to several limitations. Both the fracture healing and remodelling algorithms 

rely on sets of phenomenological rules to drive cellular activity, according to a series of thresholds that 

dictate tissue formation at different stages of the process. For these, threshold parameters have been 

chosen based on existing experimental and computational literature across both algorithm types [26], 

[60] and this coupled framework uses a novel numerical implementation, whereby abrupt changes 

between tissue phenotype is avoided through suitable smoothing, time-averaging and automatic time 
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incrementation strategies. In validating the coupled framework, the model predictions showed 

excellent agreement with inter-fragmentary movement (IFM) from an animal experiment, with 

differences below 0.1 mm seen throughout the healing phase. The model also produced typical patterns 

and appropriate time sequences that have been observed in both bone healing and bone remodelling 

phases across animal and human studies [3], [54]. Therefore, this coupled model provides a suitable 

platform to investigate bone fracture repair and the long-term performance of orthopaedic fixation 

devices. 

5. Conclusion 

In this study, a coupled biphasic model for bone fracture repair was developed that considers 

both fracture healing and remodelling phases of repair and investigates the performance of a fractured 

tibia in both non-plated and plated conditions. It was found that introduction of a titanium plate 

allowed the tibia to undergo successful healing at higher loading conditions and fracture gaps, 

compared to the non-plated versions, but resulted in substantial regions of stress shielding at later 

stages of repair. It was found healing time was increased when increases in either loading conditions 

(Figures 8 and 10) or fracture gap size (see Figure 9) were considered. This model representation of 

tissue development in the fracture callus and cortical bone when compared with fracture healing alone 

provides novel platform to investigate the long-term performance of orthopaedic fixation devices. This 

approach could be used to optimise the spatial and temporal load-bearing performance of 

bioabsorbable fixation devices, to enhance repair outcomes. 

Funding  

Funding support was provided by the Irish Research Council (IRC) Government of Ireland 

Postgraduate Scholarship (GOIPG/2017/ 2102). 

Conflicts of Interest/Competing interests 

The authors declare no conflict of interest(s) in the work presented. 

Code availability 

The model is implemented in the Abaqus/Standard finite element framework, with several user-

defined field subroutines (USDFLD) written to predict fracture healing and bone remodelling. While 

these are not being made available through an open-source repository, the authors will consider 

requests for codes (or part thereof) through the corresponding author. 

 



 20 
 

 

References 

[1] M. S. Ghiasi, J. Chen, A. Vaziri, E. K. Rodriguez, and A. Nazarian, “Bone fracture healing in 

mechanobiological modeling: A review of principles and methods,” Bone Reports, vol. 6. Elsevier Inc, 

pp. 87–100, Jun. 01, 2017. doi: 10.1016/j.bonr.2017.03.002. 

[2] M. S. Ghiasi, J. E. Chen, E. K. Rodriguez, A. Vaziri, and A. Nazarian, “Computational modeling 

of human bone fracture healing affected by different conditions of initial healing stage,” BMC 

Musculoskeletal Disorders, vol. 20, no. 1, Nov. 2019, doi: 10.1186/s12891-019-2854-z. 

[3] L. E. Claes and C. A. Heigele, “Magnitudes of local stress and strain along bony surfaces predict 

the course and type of fracture healing,” Journal of Biomechanics, vol. 32, no. 3, pp. 255–266, 1999, doi: 

10.1016/S0021-9290(98)00153-5. 

[4] A. Hulth, “Current concepts of fracture healing,” Clinical orthopaedics and related research, no. 249, 

p. 265—284, Dec. 1989. 

[5] K. B. Strier, P. B. Chaves, S. L. Mendes, V. Fagundes, and A. Di Fiore, “Molecular paternity 

analyses confirm inbreeding avoidance and low reproductive skew in the northern muriqui, 

Brachyteles hypoxanthus,” American Journal of Physical Anthropology, vol. 144, no. 4, p. 287, 2011. 

[6] A. Mehboob, H. Mehboob, S. H. Chang, and F. Tarlochan, “Effect of composite intramedullary 

nails (IM) on healing of long bone fractures by means of reamed and unreamed methods,” Composite 

Structures, vol. 167, pp. 76–87, May 2017, doi: 10.1016/j.compstruct.2017.01.076. 

[7] S. M. Perren, “Evolution of the internal fixation of long bone fractures,” Journal of Bone and Joint 

Surgery - Series B, vol. 84, no. 8, pp. 1093–1110, 2002, doi: 10.1302/0301-620X.84B8.13752. 

[8] A. U. Daniels, M. K. Chang, and K. P. Andriano, “Mechanical properties of biodegradable 

polymers and composites proposed for internal fixation of bone.,” Journal of applied biomaterials : an 

official journal of the Society for Biomaterials, vol. 1, no. 1, pp. 57–78, 1990, doi: 10.1002/jab.770010109. 

[9] H. Isaksson, W. Wilson, C. C. van Donkelaar, R. Huiskes, and K. Ito, “Comparison of biophysical 

stimuli for mechano-regulation of tissue differentiation during fracture healing,” Journal of Biomechanics, 

vol. 39, no. 8, pp. 1507–1516, 2006, doi: 10.1016/j.jbiomech.2005.01.037. 

[10] D. Lacroix and P. J. Prendergast, “A mechano-regulation model for tissue differentiation during 

fracture healing: Analysis of gap size and loading,” Journal of Biomechanics, vol. 35, no. 9, pp. 1163–1171, 

2002, doi: 10.1016/S0021-9290(02)00086-6. 

[11] W. R. Thompson, C. T. Rubin, and J. Rubin, “Mechanical regulation of signaling pathways in 

bone,” Gene, vol. 503, no. 2. pp. 179–193, Jul. 25, 2012. doi: 10.1016/j.gene.2012.04.076. 

[12] L. E. Claes, H. J. Wilke, P. Augat, S. Rübenacker, and K. J. Margevicius, “Effect of dynamization 

on gap healing of diaphyseal fractures under external fixation,” Clinical Biomechanics, vol. 10, no. 5, pp. 

227–234, 1995, doi: 10.1016/0268-0033(95)99799-8. 

[13] K. Ito, W. Wilson, C. C. Donkelaar, and H. Huiskes, “Comparison of mechano-regulation 

parameters for tissue differentiation during fracture healing,” 50th Annual meeting of the Orthopaedic 

Research Society/Ed. JJ Jacobs, AJ Grodzinsky, DB Burr, PC Armadio, MB Goldring, CR Jacobs, vol. 480, no. 1, 

p. 480, 2004. 

[14] P. Pivonka and C. R. Dunstan, “Role of mathematical modeling in bone fracture healing,” 

BoneKEy Reports, vol. 1, Nov. 2012, doi: 10.1038/bonekey.2012.221. 



 21 
 

 

[15] P. J. Prendergast, R. Huiskes, and K. Søballe, “Biophysical stimuli on cells during tissue 

differentiation at implant interfaces,” Journal of Biomechanics, vol. 30, no. 6, pp. 539–548, Jun. 1997, doi: 

10.1016/S0021-9290(96)00140-6. 

[16] T. Wehner, L. Claes, F. Niemeyer, D. Nolte, and U. Simon, “Influence of the fixation stability on 

the healing time - A numerical study of a patient-specific fracture healing process,” Clinical Biomechanics, 

vol. 25, no. 6, pp. 606–612, 2010, doi: 10.1016/j.clinbiomech.2010.03.003. 

[17] A. Dickinson, A. Taylor, and M. Browne, “Implant-bone interface healing and adaptation in 

resurfacing hip replacement,” Computer Methods in Biomechanics and Biomedical Engineering, vol. 15, no. 

9, pp. 935–947, 2012, doi: 10.1080/10255842.2011.567269. 

[18] A. U. Daniels, M. K. Chang, and K. P. Andriano, “Mechanical properties of biodegradable 

polymers and composites proposed for internal fixation of bone.,” Journal of applied biomaterials : an 

official journal of the Society for Biomaterials, vol. 1, no. 1, pp. 57–78, 1990, doi: 10.1002/jab.770010109. 

[19] H. M. Frost, “Perspectives: A proposed general model of the ‘Mechanostat’ (Suggestions from a 

new skeletal-biologic paradigm),” Anatomical Record, vol. 244, no. 2, pp. 139–147, 1996, doi: 

10.1002/(SICI)1097-0185(199602)244:2<139::AID-AR1>3.0.CO;2-X. 

[20] S. C. Cowin and D. H. Hegedus, “Bone remodeling I: theory of adaptive elasticity,” Journal of 

Elasticity, vol. 6, no. 3, pp. 313–326, 1976, doi: 10.1007/BF00041724. 

[21] R. Huiskes, H. Weinans, and B. Van Rietbergen, “The Relationship Between Stress Shielding and 

Bone Resorption Around Total Hip Stems and the Effects of Flexible Materials.” 

[22] K. Ito, W. Wilson, C. C. Donkelaar, and H. Huiskes, “Comparison of mechano-regulation 

parameters for tissue differentiation during fracture healing,” 50th Annual meeting of the Orthopaedic 

Research Society/Ed. JJ Jacobs, AJ Grodzinsky, DB Burr, PC Armadio, MB Goldring, CR Jacobs, vol. 480, no. 1, 

p. 480, 2004. 

[23] P. J. Prendergast and D. Taylor, “Design of intramedullary prostheses to prevent bone loss: 

predictions based on damage-stimulated remodelling,” Journal of Biomedical Engineering, vol. 14, no. 6, 

pp. 499–506, 1992, doi: 10.1016/0141-5425(92)90103-R. 

[24] B. P. McNamara, D. Taylor, and P. J. Prendergast, “Computer prediction of adaptive bone 

remodelling around noncemented femoral prostheses: The relationship between damage-based and 

strain-based algorithms,” Medical Engineering and Physics, vol. 19, no. 5, pp. 454–463, 1997, doi: 

10.1016/S1350-4533(97)00002-7. 

[25] P. J. Prendergast and R. Huiskes, “Microdamage and osteocyte-lacuna strain in bone : a 

microstructural finite element analysis Microdamage and Osteocyte-Lacuna Strain in Bone: A 

MIcrostructural Finite Element Analysis,” 1996, doi: 10.1115/1.2795966. 

[26] L. M. McNamara and P. J. Prendergast, “Bone remodelling algorithms incorporating both strain 

and microdamage stimuli,” Journal of Biomechanics, vol. 40, no. 6, pp. 1381–1391, 2007, doi: 

10.1016/j.jbiomech.2006.05.007. 

[27] D. R. Carter, D. P. Fyhrie, and R. T. Whalen, “Trabecular bone density and loading history: 

Regulation of connective tissue biology by mechanical energy,” Journal of Biomechanics, vol. 20, no. 8, 

pp. 785–794, Jan. 1987, doi: 10.1016/0021-9290(87)90058-3. 



 22 
 

 

[28] J. Kular, J. Tickner, S. M. Chim, and J. Xu, “An overview of the regulation of bone remodelling at 

the cellular level,” Clinical Biochemistry, vol. 45, no. 12, pp. 863–873, 2012, doi: 

10.1016/j.clinbiochem.2012.03.021. 

[29] J. Martínez-Reina, J. Ojeda, and J. Mayo, “On the use of bone remodelling models to estimate the 

density distribution of bones uniqueness of the solution,” PLoS ONE, vol. 11, no. 2, pp. 1–17, 2016, doi: 

10.1371/journal.pone.0148603. 

[30] D. P. Byrne, D. Lacroix, and P. J. Prendergast, “Simulation of fracture healing in the tibia: 

Mechanoregulation of cell activity using a lattice modeling approach,” Journal of Orthopaedic Research, 

vol. 29, no. 10, pp. 1496–1503, 2011, doi: 10.1002/jor.21362. 

[31] J. Kular, J. Tickner, S. M. Chim, and J. Xu, “An overview of the regulation of bone remodelling at 

the cellular level,” Clinical Biochemistry, vol. 45, no. 12, pp. 863–873, 2012, doi: 

10.1016/j.clinbiochem.2012.03.021. 

[32] C. L. Donaldson, S. B. Hulley, J. M. Vogel, R. S. Hattner, J. H. Bayers, and D. E. McMillan, “Effect 

of prolonged bed rest on bone mineral,” Metabolism, vol. 19, no. 12, pp. 1071–1084, 1970, doi: 

10.1016/0026-0495(70)90032-6. 

[33] R. N. Therapy, “American Radium Nuclear Therapy and of Medicine,” pp. 3–5, 1966. 

[34] H. J. Kim, S. H. Chang, and H. J. Jung, “The simulation of tissue differentiation at a fracture gap 

using a mechano-regulation theory dealing with deviatoric strains in the presence of a composite bone 

plate,” Composites Part B: Engineering, vol. 43, no. 3, pp. 978–987, 2012, doi: 

10.1016/j.compositesb.2011.09.011. 

[35] D. Lacroix, P. J. Prendergast, G. Li, and D. Marsh, “Biomechanical model to simulate tissue 

differentiation and bone regeneration: Application to fracture healing,” Medical and Biological 

Engineering and Computing, vol. 40, no. 1, pp. 14–21, 2002, doi: 10.1007/BF02347690. 

[36] K. Fujihara, Z. M. Huang, S. Ramakrishna, K. Satknanantham, and H. Hamada, “Performance 

study of braided carbon/PEEK composite compression bone plates,” Biomaterials, vol. 24, no. 15, pp. 

2661–2667, 2003, doi: 10.1016/S0142-9612(03)00065-6. 

[37] A. Mehboob and S. Chang, “Biomechanical simulation of healing process of fractured femoral 

shaft applied by composite intramedullary nails according to fracture con fi guration,” Composite 

Structures, vol. 185, no. September 2017, pp. 81–93, 2018, doi: 10.1016/j.compstruct.2017.11.002. 

[38] S. Ma, B. Zhou, and B. Markert, “Numerical simulation of the tissue differentiation and corrosion 

process of biodegradable magnesium implants during bone fracture healing,” ZAMM Zeitschrift fur 

Angewandte Mathematik und Mechanik, vol. 98, no. 12, pp. 2223–2238, 2018, doi: 10.1002/zamm.201700314. 

[39] L. Nicole, M. Hayward, and E. F. Morgan, “Assessment of a mechano-regulation theory of skeletal 

tissue differentiation in an in vivo model of mechanically induced cartilage formation,” pp. 447–455, 

2009, doi: 10.1007/s10237-009-0148-3. 

[40] A. Sapotnick and U. Nackenhorst, “A mechanically stimulated fracture healing model using a 

finite element framework,” Lecture Notes in Applied and Computational Mechanics, vol. 74, no. November 

2015, pp. 41–53, 2015, doi: 10.1007/978-3-319-10981-7_3. 

[41] A. Andreykiv, F. Van Keulen, and P. J. Prendergast, “Simulation of fracture healing incorporating 

mechanoregulation of tissue differentiation and dispersal/proliferation of cells,” Biomechanics and 

Modeling in Mechanobiology, vol. 7, no. 6, pp. 443–461, 2008, doi: 10.1007/s10237-007-0108-8. 



 23 
 

 

[42] A. Andreykiv, F. Van Keulen, and P. J. Prendergast, “Simulation of fracture healing incorporating 

mechanoregulation of tissue differentiation and dispersal/proliferation of cells,” Biomechanics and 

Modeling in Mechanobiology, vol. 7, no. 6, pp. 443–461, 2008, doi: 10.1007/s10237-007-0108-8. 

[43] A. Mehboob and S. H. Chang, “Effect of initial micro-movement of a fracture gap fastened by 

composite prosthesis on bone healing,” Composite Structures, vol. 226, no. July, p. 111213, 2019, doi: 

10.1016/j.compstruct.2019.111213. 

[44] N. Garijo, J. R. Fernández, M. A. Pérez, and J. M. García-Aznar, “Numerical stability and 

convergence analysis of bone remodeling model,” Computer Methods in Applied Mechanics and 

Engineering, vol. 271, pp. 253–268, 2014, doi: 10.1016/j.cma.2013.12.014. 

[45] H. Weinans, R. Huiskes, B. Van Rietbergen, D. R. Sumner, T. M. Turner, and J. O. Galante, 

“Adaptive bone remodeling around bonded noncemented total hip arthroplasty: A comparison 

between animal experiments and computer simulation,” Journal of Orthopaedic Research, vol. 11, no. 4, 

pp. 500–513, 1993, doi: 10.1002/jor.1100110405. 

[46] A. Wall and T. Board, “The compressive behavior of bone as a two-phase porous structure,” in 

Classic Papers in Orthopaedics, Springer-Verlag London Ltd, 2014, pp. 457–460. doi: 10.1007/978-1-4471-

5451-8_116. 

[47] R. B. Martin, “POROSITY AND SPECIFIC SURFACE OF BONE.,” Critical Reviews in Biomedical 

Engineering, vol. 10, no. 3, pp. 179–222, 1984. 

[48] M. Berli et al., “Localized tissue mineralization regulated by bone remodelling: A computational 

approach,” PLoS ONE, vol. 12, no. 3, pp. 1–19, 2017, doi: 10.1371/journal.pone.0173228. 

[49] P. T. Scannell and P. J. Prendergast, “Cortical and interfacial bone changes around a non-

cemented hip implant: Simulations using a combined strain/damage remodelling algorithm,” Medical 

Engineering and Physics, vol. 31, no. 4, pp. 477–488, 2009, doi: 10.1016/j.medengphy.2008.11.007. 

[50] P. J. Prendergast and D. Taylor, “Prediction of bone adaptation using damage accumulation,” 

Journal of Biomechanics, vol. 27, no. 8, pp. 1067–1076, 1994, doi: 10.1016/0021-9290(94)90223-2. 

[51] S. C. Saunders, “A Review of Miner’s rule and subsequent generalizations for calculating 

expected fatigue life,” 1970. 

[52] D. R. Carter, W. C. Hayes, and D. J. Schurman, “Fatigue life of compact bone-II. Effects of 

microstructure and density,” Journal of Biomechanics, vol. 9, no. 4, 1976, doi: 10.1016/0021-9290(76)90006-

3. 

[53] M. Doblaré, J. M. García, and M. J. Gómez, “Modelling bone tissue fracture and healing: A review,” 

Engineering Fracture Mechanics, vol. 71, no. 13–14, pp. 1809–1840, 2004, doi: 

10.1016/j.engfracmech.2003.08.003. 

[54] M. C. Lin, D. Hu, M. Marmor, S. T. Herfat, C. S. Bahney, and M. M. Maharbiz, “Smart bone plates 

can monitor fracture healing,” Scientific Reports, vol. 9, no. 1, 2019, doi: 10.1038/s41598-018-37784-0. 

[55] R. Hambli, “Connecting mechanics and bone cell activities in the bone remodeling process: An 

integrated finite element modeling,” Frontiers in Bioengineering and Biotechnology, vol. 2, no. APR, p. 6, 

2014, doi: 10.3389/fbioe.2014.00006. 

[56] B. Afonso and G. Ferreira, “Bone remodelling model including overload simulation,” no. March, 

p. 6, 2018. 



 24 
 

 

[57] C. Rungsiyakull, J. Chen, P. Rungsiyakull, W. Li, M. Swain, and Q. Li, “Bone’s responses to 

different designs of implant-supported fixed partial dentures,” Biomechanics and Modeling in 

Mechanobiology, vol. 14, no. 2, pp. 403–411, 2015, doi: 10.1007/s10237-014-0612-6. 

[58] W. L. Jaffe and D. F. Scott, “Total Hip Arthroplasty with Hydroxyapatite-Coated Prostheses,” in 

Joint Arthroplasty, 1999, vol. 78, no. 12, pp. 159–187. doi: 10.1007/978-4-431-68529-6_16. 

[59] R. Meeson, M. Moazen, A. Sanghani-Kerai, L. Osagie-Clouard, M. Coathup, and G. Blunn, “The 

influence of gap size on the development of fracture union with a micro external fixator,” Journal of the 

Mechanical Behavior of Biomedical Materials, vol. 99, no. May, pp. 161–168, 2019, doi: 

10.1016/j.jmbbm.2019.07.015. 

[60] A. Andreykiv, F. van Keulen, and P. J. Prendergast, “Simulation of fracture healing incorporating 

mechanoregulation of tissue differentiation and dispersal/proliferation of cells,” Biomechanics and 

Modeling in Mechanobiology, vol. 7, no. 6, pp. 443–461, 2008, doi: 10.1007/s10237-007-0108-8. 

  


