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Abstract 

 
Mechanical stimulation in terms of fluid flow and mechanical strain can enhance the 

osteogenesis. Biomaterial scaffolds used in bone tissue engineering experiments have 

extremely complex geometry, which will result in the complex multiphysics 

environment within scaffolds. However, due to the limitations of measurement 

techniques, computational approach is needed for characterising the resultant 

mechanical stimulation (i.e. fluid shear stress and mechanical strain) within scaffolds 

and imparting on cells. In addition, the mechanical responses (i.e. stiffness and 

contractility) of human adipose stem cells (hASCs) during osteogenic differentiation, 

which were affected by mechanical stimulation, are still unclear. Moreover, the 

influence of mechanical stimulation on cell migration within tissue engineering (TE) 

scaffold has not been fully investigated yet. Furthermore, most of previous mechano-

regulation algorithms, which predicted the bone tissue formation within scaffolds were 

based on the compression loading. However, a more comprehensive in silico study, 

which investigates various loading regimes has not been carried out yet. Therefore, 

five studies in this thesis are carried out to address these emerging questions in bone 

tissue engineering and mechanobiology field. 

    The first study of this thesis investigated the influence of scaffold geometry (i.e. 

architecture, pore size and porosity) and external loading on the mechanical 

stimulation within scaffolds using a computational approach. The study of geometric 

variation was conducted for both fluid perfusion and mechanical compression loading, 

which were modelled by computational fluid dynamics (CFD) and fluid-structure 

interaction (FSI) methods, respectively. It was found that the pore size had a greater 

influence on mechanical stimulation within the scaffold than the architecture and 

porosity. A combination of fluid perfusion and mechanical compression with different 
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profiles was also investigated using an FSI approach. Mechanical stimulation was 

amplified within the scaffold under combined loading, which indicated a better 

suitability for cell stimulation within a bone TE scaffold.  

    In the second study of this thesis, the author developed a novel multiscale CFD 

and FSI model to determine the mechanical stimulation of osteoblast cells in an 

idealised TE scaffold under fluid flow, and a finite element (FE) model to show the 

stimulation of osteoblast cells in the TE scaffold under mechanical compression. The 

WSS, fluid velocity and pressure in the global scaffold were characterised by the 

global CFD model, and the mechanical stimulation of osteoblasts was determined by 

implementing a sub-scaffold (cellular level) FSI model, with boundary conditions 

derived from CFD model. It was predicted that there was significant amplification of 

WSS on cell membranes in the sub-scaffold model, when compared to the wall shear 

stress (WSS) acting on the scaffold surface in similar locations (in some cases a five-

fold increase). It was shown that bridged cells within the TE scaffold were highly 

stimulated, whereas attached cells received minimal levels of stimulation. 

Interestingly, for stimulation by mechanical compression, the FE model revealed that 

attached cells experienced higher stimulation than bridged cells. For stimulation by 

perfusion, cellular stimulation tended to be at a maximum within the central channel 

of the sub-scaffold model.  

    In the third study of this thesis, the author developed a novel multiphysics model 

to predict cell migration, which is based on a coupled thermal-pore pressure approach. 

This model was applied to investigate the cell migration within an idealised hydrogel 

scaffold with different seeding conditions and under different loading regimes. It was 

found that the interface-seeded condition could result a more equally distributed cell 

density within scaffold than peripheral seeding. Importantly, fluid pressure loading (i.e. 
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100kPa) had distinct influence on the cell migration, moreover, more distinct influence 

was found in a peripherally-seeded scaffold than that in an interface-seeded one. 

Furthermore, mechanical compression with the compressive strain of 0.5% did not 

show a significant influence on cell migration, compared to that in static condition.  

In the fourth study of this thesis, in vitro bone tissue regeneration in a hydrogel 

scaffold was investigated by a mechano-regulation algorithm. Moreover, five typical 

loading regimes were applied to the model to predict the tissue differentiation. Finally, 

it was found that lower-level mechanical loadings, i.e. compression strain of 0.5%, 

fluid pressure of 10kPa and a combination of compression (0.5%) and fluid pressure 

(10kPa), could induce more osteogenic differentiation and form higher bone tissue 

fraction, while higher cartilage and fibrous tissue fractions were produced under 

higher-level mechanical loadings (i.e. compression strain of 5.0% and fluid pressure 

of 100kPa).  

    In the final part of this thesis, the effect of equiaxial stretching and different 

culture substrates on the osteogenic differentiation and mechanical properties of 

hASCs was investigated by characterising the proliferation, ALP activity, cell 

morphology, focal adhesions and mechanical properties. It was shown that the 

osteogenic differentiation of hASCs on Polydimethylsiloxane (PDMS) substrates 

could be enhanced by mechanical stretching. However, cell proliferation was 

restrained under long-term mechanical stretching. In the mechanically stimulated 

samples, the cytoskeleton and focal adhesions were distinctively stronger leading to 

higher cellular Young’s modulus and contractility. Moreover, hASC stiffening was 

observed during osteogenic differentiation.  

    These findings may provide important information for bone tissue engineering 

experiments and insight into the mechanobiology of hASCs osteogenic differentiation.  
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                                 Roman Letters 

B              Left Cauchy-Green deformation tensor 

Bs              Matrix of spatial gradient of the shape function 
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Dg             Deformation gradient 

e (or eij)         Eulerian strain tensor 

E (or Eij)        Green-Lagrange strain tensor  

F              Force vector 

f               Body force vector on one element 

n                     Normal unit vector to the plane 

u              Displacement vector 

v              Velocity vector 

CNH            Material constant of Neo-Hookean hyperelastic model 

Con            Cell concentration (density) 

Cijkl            Fourth-order stiffness tensor  

Ca             Calcium 

CP             Heat capacity 

d              Pore size 

DNH            Material constant of Neo-Hookean hyperelastic model 

Dm             Mass diffusion coefficient 

E              Young’s modulus 

Eapp               Apparent Young’s modulus 

Enucl            Young’s modulus of cell nucleus 

EC0             Apparent Young’s modulus of cells (normalised contractility= 1)   
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Ecyto              Young’s modulus of cell cytoplasm       

fA                Cell apoptosis rate 

fD                Cell differentiation rate 

fP                Cell proliferation rate 

G                Shear modulus 

iter               Iterations 

K                Bulk modulus 

Ks                        Bulk modulus of solid grain of poroelastic material 

Kf                  Bullk modulus of fluid grain of poroelastic material 

k                 Permeability 

kT                Thermal conductivity 

L                 Height of unit scaffold 

l                 Width of bioreactor chamber 

l1, l2               Length and width of rectangular pores of scaffold 

LN (N=1-4)         Volume coordinates in finite element method  

m                 Mass 

p                 Pressure 

qi                 Flux of pore fluid      

Q                 Heat flux 

R                 Radius 

Re                Reynolds number 

S                 Mechanical stimulation 

Sij                2nd Piola-Kirchhoff stress tensor 

tij                1st Piola-Kirchhoff stress tensor 

t                 Time   
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T                  Temperature, which represents cell density in Chapter 6 and 7   

vin                 Inlet fluid velocity 

V                  Volume 

W                  Strain energy density 

δW                 Virtual work 

 

                                Greek Letters 

εapp                          Magnitude of applied compressive strain  

ε (or εij)              Cauchy infinitesimal strain tensor 

σ (or σij)             Cauchy stress tensor       

α                   Biot’s coefficient 

β                   Normalised parameter to define the ration of τa/εapp            

γoct                           Octahedral shear strain 

λ                   Normalised parameter to define the ration of τa/vin  

λP                  Constant of proportionality 

λV                  Second viscosity of fluid 

µ                  Dynamic viscosity 

ρf                  Density of fluid 

ρs                  Density of solid      

εapp                 Compressive strain 

εi                  Principal strains 

σi                          Principal stress  

σn                 Normal stress on the plane with normal vector n 

τij                 Deviatoric stress tensor 

τa                         Average wall shear stress 
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τn                            Shear stress on the plane with normal vector n   

δij                            Kronecker delta                             

δi 
j
                           Switching functions  

ΦN                  Shape function                                    

Ωs                           Solid domain 

Ωf                            Fluid domain 

Г                   Boundary 

 

                            Acronyms 

AFM               Atomic force microscopy 

ALP                Alkaline phosphatase 

BCs                Boundary conditions 

BM                Basic medium 

BMP               Bone morphogenic protein 

BSA               Bovine serum albumin 

BDI                Butane diisocyanate  

CaP                Calcium phosphate 

CD                Cluster of differentiation 

CFD               Computational fluid dynamics 

CC                Chondrocytes  

COX2              Cyclooxygenase-2 

DMEM             Dulbecco’s modified Eagle medium 

DNA               Deoxyribonucleic acid 

DPBS              Dulbecco’s phosphate-buffered saline  

ECM               Extracellular matrix 
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FB                 Fibroblasts 

FE                 Finite element 

FSI                Fluid structure interaction 

FSS                Fluid shear stress 

GAG               Glycosaminoglycans 

hASCs             Human adipose stem cells 

M-CSF             Macrophage colony-stimulating factor 

MEMS             Micro-electro-mechanical systems 

micro-CT           Micro-computed tomography   

MSCs              Mesenchymal stem cells 

OB                Osteoblasts  

OCN               Osteocalcin 

OM               Osteogenic medium 

OPG              Osteoprotegrin 

OPN              Osteopontin 

PDMS             Polydimethylsiloxane 

PGE2              Prostaglandin E2 

PINP              Procollagen Type I N-terminal propeptide      

PLA              Poly(lactic acid) 

PLGA             Poly(lactide-co-Glycolide) 

PMMA            Poly(methyl methacrylate) 

PU               Polyurethane 

RANKL           Receptor activator of nuclear factor κ β ligand 

RUNX2           Runt-related transcription factor 2 

SF               Stress fibre 
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TEM                Transmission electron microscopy 

TE                  Tissue engineering 

USDFLD             User defined field 

WSS                Wall shear stress  

2D                  Two dimensional  

3D                  Three dimensional           
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Chapter 1: Introduction 

1.1  Bone Cell Mechanobiology and Tissue Engineering 

Bone is a type of adaptive tissue, which can remodel itself in response to external 

mechanical loading, and this adaptive nature can allow the skeleton to survive and 

repair damage arising from every physical activities. Bone remodelling is facilitated 

by osteoblast and osteocyte cells, which are known to be highly mechanosensitive, 

monitor the mechanical environment and produce biochemical signals to signal to 

osteoclast and osteoblast cells to optimise bone structure when the mechanical 

environment is not favourable. 

    Osteoblasts are bone forming cells derived from mesenchymal stem cells (MSCs), 

and are also the precursor cells that ultimately differentiate into mature bone cells 

known as osteocytes. Osteoblasts produce the bone tissue collagen matrix and 

subsequently mineralise this matrix, and so provide a mature bone tissue. The process 

of cell transition from MSCs to osteoblasts and finally to osteocytes is called 

osteogenic differentiation. During osteogenic differentiation the expression and 

production of specific genes, proteins and enzymes are altered. For example, RUNX2 

and ALP are upregulated during osteogenic differentiation of MSCs (Thibault et al., 

2010; Tseng et al., 2011). Moreover the morphology and mechanical properties of the 

cells are altered as the cells differentiate; it has been shown that the cellular stiffness 

of MSCs increases during osteogenic differentiation (Bongiorno et al., 2014). To 

characterise the mechanical properties of cells, previous studies have employed 

micropipette aspiration (Boudou et al., 2006; Khalilian et al., 2010; Reynolds et al., 

2014), atomic force microscopy indentation (Barreto et al., 2013; Hu et al., 2013; 

Mullen et al., 2014b; Weafer et al., 2012; Weafer et al., 2015; Weafer et al., 2013), and 

more emerging micro-electronic-mechanical systems (MEMS), such as MEMS 
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microgrippers (Chen et al., 2011) and optical tweezers (Bambardekar et al., 2015; Sun 

and Liu, 2015). Among these methods, AFM indentation is the most widely used one 

due to its high resolution (nano-scale) and versatility, which not only enable 

measurement of cell stiffness, but also facilitate visualisation of cell and protein 

morphology (Neish et al., 2002).  

Recent studies have found that mechanical stimulation can enhance osteogenic 

differentiation of MSCs (Gomes et al., 2003; Sikavitsas et al., 2005). As such, fluid 

perfusion, mechanical compression or stretching have been commonly applied to 

mechanically stimulate bone cells (Delaine-Smith and Reilly, 2012; Gomes et al., 

2003). In 2D cell culture, mechanical stretching of substrates has been shown to 

enhance osteogenesis leading to higher expression of osteogenic genes, proteins and 

enzymes (i.e. ALP, BMP, RUNX2) (Grottkau et al., 2013; Hata et al., 2013). In addition, 

studies in which 2D parallel flow was employed for mechanical stimulation have also 

showed the up-regulated expressions of osteogenic genes (Barron et al., 2012; Haugh 

et al., 2015; Kim and Ma, 2012). In 3D culture, mechanical compression and fluid 

perfusion are more commonly applied and have been shown to prompt osteogenesis 

of MSCs seeded in biomaterial scaffolds, as indicated by upregulated gene and enzyme 

expressions (i.e. ALP, OPN and OCN), compared to static conditions (Delaine-Smith 

and Reilly, 2012; Gomes et al., 2003; Sikavitsas et al., 2005).  

Bone tissue engineering is an emerging and multidisciplinary field, which is 

focused on the regeneration of bone tissues for the human body to treat the severe bone 

diseases and fractures. This approach involves the use of responding stem cells, which 

are often grown on biomaterial scaffolds in an in vitro environment in the presence of 

osteogenic growth factors and cell culture nutrients (Amini et al., 2012). This process 

initiates with migration and recruitment of osteoprogenitor cells followed by their 
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proliferation, differentiation and matrix formation (Bose et al., 2012). In recent studies, 

mechanical stimulation (i.e. fluid perfusion, mechanical compression and combined 

loading) has been applied to enhance the osteogenesis within cell-seeded biomaterial 

scaffolds (Gomes et al., 2003; Sikavitsas et al., 2005). However, to date in vitro tissue 

regeneration for clinical treatment of bone pathologies has not reached its full potential 

due to a number of limitations, particularly related to the quality and functionality of 

the regenerated bone (Amini et al., 2012). To overcome these limitations and 

regenerate the bone that can satisfy clinic applications, selection of scaffold and 

optimisation of experimental conditions are two of the most important perspectives in 

bone tissue engineering. 

As experimental measurements of the mechanical environment in vivo are 

challenging, mechano-regulation algorithms have been developed to investigate the 

influence of mechanical stimuli on tissue differentiation, in combination with 

computational modelling approaches, in particular finite element analysis (FEA). 

Mechano-regulation theories have been proposed for osteogenesis based on in vivo 

observations, and have separately investigated hydrostatic pore pressure, principle 

strain or deviatoric shear strain as stimuli for bone formation during fracture healing 

in vivo (Carter et al., 1988; Claes and Heigele, 1999; Prendergast et al., 1997b). The 

most commonly applied mechano-regulation algorithm is based on octahedral shear 

strain and fluid velocity (or fluid shear stress) (Lacroix et al., 2002; Olivares et al., 

2009; Prendergast et al., 1997b), which defines the mechanical stimuli threshold for 

osteogenesis as octahedral shear strain and fluid velocity fluid of 3.75% and 3µm/s, 

respectively. Furthermore, an updated version based on the Lacroix et al. (2002) theory 

has modified the mechanical stimuli as octahedral shear strain and fluid shear stress, 

and redefined the threshold for osteogenesis as 3.75% and 10mPa, respectively 
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(Olivares et al., 2009). This theory was shown to be more applicable for predicting the 

initial stage of bone tissue formation within scaffolds under fluid perfusion loading, 

as the fluid shear stress on scaffold walls can be used for predicting the likelihood of 

osteogenesis at the initial stage of no tissue in scaffolds. 

Biomaterial scaffolds play an important role in bone tissue engineering. 

Biomaterial composition and its mechanical properties have been found to have 

important influence on the cell and tissue differentiation (Karageorgiou and Kaplan, 

2005; Park et al., 2010). In addition to the biomaterial composition and mechanical 

properties, the scaffold geometry affects cell attachment, proliferation, differentiation 

and migration under static conditions (Kasten et al., 2008; Murphy et al., 2010). 

Specifically, cell migration can be improved within scaffolds with larger pore sizes 

(>300µm), in which cell number is also increased (Murphy et al., 2010). The 

osteogenic differentiation of MSCs is enhanced within scaffolds with higher porosities, 

as indicated by upregulated ALP activity (Kasten et al., 2008). Moreover, mechanical 

stimulation within tissue engineering (TE) scaffolds is not only dictated by the 

exogenously applied loading regime, but also depends on the geometric features of a 

particular scaffold (i.e. architecture, pore size and porosity) (Jungreuthmayer et al., 

2009a; McCoy et al., 2012; Olivares et al., 2009). For instance, it has been found that 

smaller pore sizes allowed more cells to bridge across the pores of TE constructs, and 

that these cells were more stimulated (McCoy et al., 2012). Different pore 

architectures can affect the fluid shear stress distribution within scaffolds (Olivares et 

al., 2009), for instance, a hexagonal architecture provides a more homogeneous 

mechanical stimulation (octahedral shear strain and fluid shear stress) within scaffolds, 

which is appropriate for osteogenic differentiation. In addition, increased cell-

mediated contraction is facilitated by lower stiffness scaffolds, and thereby positively 
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modulates osteoblast differentiation while reducing cell numbers (Keogh et al., 2010). 

Moreover, the scaffold geometry also can influence the scaffold mechanical properties, 

wherein the overall strength of scaffold is inversely proportional to the porosity 

(Harley et al., 2007; Harley et al., 2008). However, a comprehensive study of resultant 

mechanical stimulation within scaffolds, to define the effect of pore architecture, 

porosity and pore size, has not been carried out yet. The mechanical stimulation at the 

cellular level, which will vary depending on the cell attachment and morphology (e.g. 

bridged and attached) in different regions of a scaffold, is not yet fully understood.  

In previous mechano-regulatory algorithms that simulated bone tissue 

differentiation, cell migration was an uncoupled process, meaning that the effect of 

mechanical stimulation on cell migration has was not accounted for. Moreover, most 

of these in silico stimulations investigated loading in the form of mechanical 

compression (Byrne et al., 2007; Checa and Prendergast, 2010; Sandino et al., 2010), 

however, fluid perfusion loading and a combination of compression and perfusion on 

the long-term bone tissue formation have not been fully investigated by in silico 

simulation yet, albeit that these are used experimentally and are loads the exist in vivo 

during bone formation. 

As mentioned above, osteogenic differentiation of stem cells, which is influenced 

by mechanical stimulation, have been widely characterised by osteogenic genes, 

proteins and enzymes (i.e. ALP, BMP, RUNX2) (Gomes et al., 2003; Xiao et al., 2015; 

Yang et al., 2012; Yang et al., 2010). However, the mechanical properties of human 

adipose derived stem cells (hASCs) during osteogenic differentiation under 

mechanical stimulation have not been investigated yet. 

 

 



Chapter 1 

6 

 

1.2  Objectives and Hypotheses 

The global objective of this study is to predict the mechanical environment 

surrounding bone cells within tissue engineering (TE) scaffolds, and the response of 

bone cells/tissues to such mechanical stimulus. Specifically, the first objective is to 

quantify the mechanical stimulation within bone TE scaffolds, which have different 

geometries and under different loading regimes. Secondly, at the cellular level, the 

author aims to determine the mechanical stimulation imparted to bone cells within a 

regular scaffold using multiscale and multiphysics modelling approaches. Under the 

third objective, the author aims to develop a coupled multiphysics model, which can 

predict cell distribution within a bone TE scaffold under mechanical stimulation. 

Fourthly, optimisation of the mechanical loading applied within a custom bioreactor, 

to induce optimal bone tissue formation, will be carried out based on the developed 

mechano-regulation algorithm. The final objective is to characterise the mechanical 

response of adipose stem cells during osteogenic differentiation, which is influenced 

by mechanical stimulation. To address these objectives, five hypotheses have been 

defined, each of which will be addressed in the research of Chapters 4-8 of this thesis. 

    Hypotheses 1: Mechanical stimulation within TE scaffolds is dictated by scaffold 

geometry and applied loading 

    Hypotheses 2: Different cell morphologies and positions within a bone TE 

scaffold dominate the mechanical stimulation imparting on cells 

    Hypotheses 3: Mechanical loading within a bioreactor (fluid perfusion, 

mechanical compression) can influence cell migration within 

scaffolds 

    Hypotheses 4: A mechanical loading regime for stimulating bone tissue formation 

can be optimised using a mechano-regulation model 
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    Hypotheses 5: Mechanical properties can be an indicator of osteogenic 

differentiation of human adipose stem cells (hASCs) 

By solving the above research questions, this thesis will deliver significant 

information for the field bone tissue engineering, which will inform the design of bone 

tissue engineering scaffolds, determination of applied loading types and optimisation 

of mechanical stimulation. Meanwhile, this thesis also provides important advances 

for understanding the cellular responses during osteogenic differentiation and under 

mechanical stimulation. 

In this thesis, fluid structure interaction (FSI) and computational fluid dynamics 

(CFD) approaches will be employed to quantify the mechanical stimulation (in terms 

of fluid shear stress) generated within idealised scaffolds with different geometries, 

under a series of loading regimes (Chapter 4). At the cellular level, a multiscale FSI 

approach is used to investigate the mechanical stimulation imparted to cells within a 

biomaterial scaffold (Chapter 5). For the cell seeded scaffold, in order to investigate 

the cell density distribution within a seeded hydrogel scaffold under mechanical 

loading, a multi-physics model will be developed, which couples the cell migration 

and fluid pressure in Chapter 6. Furthermore, optimisation of the mechanical loading 

applied to the bioreactor, for stimulating bone tissue formation (Chapter 7), will be 

explored. This optimisation will be based on the mechano-regulation model, in which 

the multi-physics model in Chapter 7 is embedded. Finally, to characterise the hASCs 

mechanical responses under mechanical stimulation and during osteogenic 

differentiation, atomic force microscopy (AFM) indentation and computational 

approach were employed to characterise the cellular stiffness and contractility, 

respectively (Chapter 8).     
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1.3  Thesis Structure 

This thesis comprises the work completed for the duration of the candidate’s PhD 

studies. Chapter 2 is a literature review, which includes the function of bone, 

introduction of bone cells and in silico bone tissue engineering. In Chapter 3, a 

theoretical background, which underpins the research studies of this thesis is presented. 

The first study, which is described in Chapter 4 to test Hypotheses 1 has been carried 

out to quantify fluid shear stress in idealised scaffolds with different geometries and 

under different loading regimes. At the single cell level, to test Hypotheses 2, a 

multiscale FSI model is developed to determine the mechanical stimulation imparted 

on bone cells within an idealised scaffold (see Chapter 5). At the level of cell 

aggregation and tissue, a novel multi-physics model is developed as presented in 

Chapter 6 to test Hypotheses 3, which investigates cell migration within an idealised 

hydrogel scaffold. In Chapter 7, an optimal loading regime is determined (Hypotheses 

4) using a novel mechano-regulation algorithm for bone tissue formation. Finally, at 

the single cell level, to test Hypotheses 5, AFM-based indentation is carried out to 

characterise changes in the mechanical properties of hASCs during osteogenic 

differentiation (see Chapter 8). A summary of the main findings of the thesis is 

contained in Chapter 9, placing them in the context of current bone tissue engineering 

research and mechanoregulation theories, along with recommendations for future 

research in these fields.      
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Chapter 2: Literature Review 

2.1  Bone Function and Composition 

Bone can support and protect internal organs of the body, and enables movement of 

the skeleton by providing attachment sites for skeletal muscle, tendons and ligaments. 

Bone tissue is a type of connective tissue comprised of organic and inorganic 

components. The organic phase represents approximately 35% of the mass of the 

tissue (Fratzl et al., 2004) and is largely composed of type I collagen (Miller, 1984; 

Miller et al., 1969), but also contains non-collagenous proteins, such as osteopontin, 

osteocalcin, osteonectin and bone sialoprotein, which provide bonds between collagen 

fibrils and facilitate bone mineralisation (Roach, 1994). The inorganic phase contains 

high amounts of calcium and phosphorous salts, hydroxyapatite crystals and these 

represent approximately 65% of the mass of the tissue (Fratzl et al., 2004). This 

composition provides bone with high strength, but bone is also highly adaptable and 

fulfils important metabolic functions (Yaszemski et al., 1996).  

 

2.2  Hierarchal Structure of Bone 

Bone has two distinct types in vivo, which are cortical and trabecular bone, see Figure 

2.1. Cortical bone is denser than trabecular bone: e.g. cortical bone density is 1.9 g/cm3, 

while trabecular bone density can be as low as 1.0 g/cm3. Bone is comprised of units 

known as osteons, which run longitudinally within the bone (Vaughan et al., 2012). 

Osteons are roughly cylindrical structures that are typically several millimeters long 

and around 0.2mm as shown in Figure 2.1 (c-d). It represents approximately 80% of 

the bone mass and dictates the primary structure of most bones (Buckwalter et al., 

1995; Currey, 2003), and this dense layer supports the weight of the body. Each osteon 
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consists of concentric layers of compact bone tissue that surround a central canal, 

Haversian canal, which carry blood, lymphatic vessels and nerve branches as shown 

in Figure 2.2.  

 

Figure 2.1: Diagram of the hierarchical structure of bone, illustrating (a-b) the 

composite nature of bone and the bone microstructure organised into (c) osteons and 

(d) trabeculae. These organisational units respectively form the basic constituents of 

(e) the cortical and trabecular macrostructure of bone (Vaughan et al., 2012) 

 

 

Figure 2.2: (a) Typical long bone consists of trabecular and cortical bone; (b) 

trabeculae, a lattice of thin threads of bone, which composes the trabecular bone; 
(c) cross-section of cortical bone showing the osteons; (d) osteons, lacuna and 

Haversian canal, reproduced from the lecture notes of University of Glasgow (2007) 
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Trabecular bone is found within the outer cortical structure, which is very porous 

(porosity=50%-90%) (see Figure 2.1) (Bontrager, 2001; Doblare et al., 2004; Vaughan 

et al., 2012). In contrast to cortical bone, trabecular bone contains abundant red bone 

marrow, which produces blood cells, such that is highly vascularised (de la Roza and 

Damron, 2014). The matrix of trabecular bone is also deposited in the form of lamellae. 

However, different from cortical bone, lamellae in trabecular bone do not form 

Haversian systems. Lamellae of trabecular bone are deposited on pre-existing 

trabeculae depending on the local demands on bone rigidity (de la Roza and Damron, 

2014). The trabecular bone is weaker and easier to fracture than cortical bone, which 

forms the shafts of long bones (Bontrager, 2001). The orientation of trabeculae is 

generally affected by the mechanical stress to which bone is exposed (de la Roza and 

Damron, 2014).  

Within both cortical and trabecular bone there are three types of bone cells: 

osteoblasts, osteocytes and osteoclasts (Sims and Vrahnas, 2014). Osteoblasts are the 

cells that make new bone by producing layers of collagen matrix, then subsequently 

regulate the initiation and growth of calcium and phosphate crystals on this matrix 

until they are completely embedded in the tissue, at which point they begin to 

differentiate to osteocytes (Caetano-Lopes et al., 2007). Osteocytes reside in the small 

spaces remaining in the hard tissue called lacunae. Finally, osteoclasts are larger cells 

that break down and destroy old or damaged bone so that it can be repaired and 

replaced by osteoblasts (Vaananen et al., 2000), in a process known as bone 

remodelling. This repair and rebuilding cycle is constantly ongoing throughout life to 

keep bones strong and healthy. 
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2.3  Bone Cells  

2.3.1 Mesenchymal Stem Cells 

Mesenchymal stem cells (MSCs) are multipotent stromal cells, which are 

uncommitted and have the capacity to differentiate into different specific cell 

phenotypes, such as osteoblasts, chondrocytes and myocytes. MSCs reside in many 

niches of the body, in particular the bone marrow, adipose tissue and umbilical cord 

blood (Phinney and Prockop, 2007). MSCs have a basic cell morphology, comprised 

of a small cell body containing a large, round nucleus. This morphology can change, 

when MSCs respond to the local environment (Delaine-Smith and Reilly, 2012). 

Differentiation of MSCs along the osteogenic pathway is of interest to the PhD studies 

presented in this thesis. Under specific biochemical (growth factors, cytokines) and 

mechanical stimuli MSCs start to differentiate to become osteoprogenitor cells 

(Undale et al., 2009). Specific gene (i.e. COX2 and RUNX2) and protein (i.e. PGE2 

and ALP) markers are commonly used to characterise the osteogenic differentiation of 

stem cells (Bancroft et al., 2002a; Birmingham et al., 2012; Freeman et al., 2013; 

Gomes et al., 2003; Thibault et al., 2010). Moreover, recent studies have characterised 

changes in cellular mechanics during osteogenic differentiation, and have shown that 

MSCs became stiffer during osteogenic differentiation (Bongiorno et al., 2014). 

 

2.3.2 Osteoblasts 

Osteoblasts are the major cellular component of bone. Morphologically, osteoblasts 

have a large nucleus with a spherical shape (Felgueiras et al., 2015). In the process of 

bone formation, osteoblasts function in groups of connected cells, see Figure 2.3. 

Osteoblasts produce the organic matrix and also the calcium and phosphate-based 

mineral that is deposited onto this matrix, thus forming a very strong and dense 
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mineralised tissue (mineralised matrix) (Wang et al., 2013). The deposition and 

subsequent mineralisation of this new bone matrix form a key part of bone formation. 

Osteoblasts actively control this process by depositing fibronectin, which is assembled 

into extracellular matrix (ECM) and involved in osteoblast differentiation (Brunner et 

al., 2013). A variety of gene and enzymes expression (i.e. ALP, osteocalcin) are 

associated with the mineralisation of developing bone tissue (Golub et al., 1992; 

Hanazawa et al., 1991). 

 

2.3.3 Osteoclasts 

Osteoclasts are responsible for bone resorption. Osteoclasts are multi-nuclear cells 

derived from hematopoietic stem cells (Vaananen et al., 2000). Osteoclast formation 

is regulated by membrane bound proteins, in particular RANKL (receptor activator of 

nuclear factor κ β ligand) and M-CSF (Macrophage colony-stimulating factor) (Lean 

et al., 2000), which are produced by neighbouring osteoblasts. Osteoclast 

differentiation is inhibited by osteoprotegrin (OPG) which is produced by osteoblasts 

and binds to RANKL thereby preventing interaction with RANK (Wang et al., 2013). 

Once provoked, osteoclasts move to areas of microfracture in the bone, and lie in a 

small cavity, known as Howships lacunae (Robin, 2009). The attachment between the 

osteoclast plasma membrane and the underlying bone forms the sealing zone, as shown 

in Figure 2.3 (Wang et al., 2013). The attachment of osteoclasts to the bone matrix is 

facilitated by integrin-based protein receptors. During attachment, another specific 

membrane domain is formed, known as the ruffled border (Figure 2.3), which 

facilitates bone removal by dramatically increasing the cell surface for secretion and 

uptake of the resorption compartment contents (Stenbeck, 2002; Wang et al., 2013). 
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In this extracellular compartment, crystalline hydroxyapatite is dissolved by acid. 

Meanwhile, the organic matrix is degraded by a mixture of proteases (Vaananen et al., 

2000). The degradation products of collagen and other matrix components are a 

process of endocytosis, in which molecules are transported through the cell and 

exocytosed through a functional secretory domain. This allows osteoclasts to remove 

large amounts of matrix-degradation products without losing their tight attachment to 

underlying bone (Halleen et al., 1999; Vaananen et al., 2000).  

 

Figure 2.3: Schematic representation of osteocytes, osteoblasts, osteoclasts and their 

progenitor cells: osteoblasts, which are responsible for bone formation eventually 

differentiate into osteocytes; osteoclasts (cells for bone resorption) formation 

requires the presence of membrane bound proteins, RANKL and M-CSF, which are 

produced by neighbouring osteoblasts; Osteoclast differentiation is inhibited by 

OPG, which is produced by osteoblasts and binds to RANKL thereby preventing 

interaction with RANK (Wang et al., 2013) 
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2.3.4 Osteocytes 

Osteocytes are terminally differentiated osteoblasts. The osteocytes have a dendritic 

morphology with long processes and a small round cell body, as shown in Figure 2.4 

(McNamara et al., 2009; Mullen et al., 2014b; Verbruggen et al., 2012). Osteocyte 

specific proteins, Dentin matrix protein 1 (DMP1), Sclerostin (SOST) and E11, are 

upregulated in the vicinity of the cell processes during osteocytes formation (Schulze 

et al., 1999; Yang et al., 2005) and act as phenotypic markers for osteocytes. Small 

protrusions have been found by Transmission electron microscopy (TEM) imaging 

(Figure 2.4), which form integrin based attachments between the osteocyte cell 

process and the wall of the canaliculi (McNamara et al., 2009). The canaliculi provide 

significant a system for nutrient delivery and waste disposal to the cells (Cowin et al., 

1995), but also facilitate the transduction of biochemical signals to other cells (Lanyon, 

1998) and allow for movement of extracellular fluid that can stimulate the cells by 

imposing shear stress on the cells under mechanical loading. Intercellular 

communication is realised by the formation of gap junctions and functional syncytia 

at the ends of the cell processes (Jiang et al., 2007). The physical environment 

surrounding osteocytes in vivo is very complex, in which mechanical strain and 

interstitial fluid flow are exerted on osteocytes (Verbruggen et al., 2012, 2014).     
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Figure 2.4: TEM image of osteocyte in lacunae, osteocyte processes can be observed 

within the canaliculi (McNamara et al., 2009) 
 

 

 

2.4  Cell Mechanics Modelling 

Some cells show the mechanobilogical behaviour, e.g. MSCs, osteoblasts and 

osteocytes as mentioned in Section 2.3. To investigate the mechanobiological response 

of cells, numerous computational models have been developed for has cells subjected 

to different forces. Early cell mechanical models considered the cell body as 

homogeneous material with linear elastic behaviour (Geris et al., 2008; Riehl et al., 

2012; Verbruggen et al., 2012). For instance, to quantify the mechanical strain of 

osteocytes in lacunae, a homogeneous cell mechanics model with linear elastic 

behaviour was developed by Riehl et al. (2012). To improve the prediction, more 

accurate continuum mechanics models (i.e. viscoelasticity and hyperelasticity) were 

employed to model the cellular non-linear behaviour (McGarry, 2009; Mullen et al., 

2014a; Vaughan et al., 2013a; Vaughan et al., 2013b). In these models, the cells were 
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assumed to be consisted of homogeneous cytoplasm and nucleus, which were 

modelled with non-linear continuum mechanics model (i.e. viscoelastic and 

hyperelastic). For example, McGarry (2009) modelled the cellular cytoplasm and 

nucleus as viscoelastic material, and found a non-linear force-deformation response of 

cells under parallel plate compression (see Figure 2.5a).   

 

Figure 2.5: (a) single cell modelled with incompressible viscoelasticity subjected to 

the parallel compression, reproduced from (McGarry, 2009); (b) cell mechanics 

model incorporates cytoskeletons, cytoplasm and nucleus under AFM indentation 

(Barreto et al., 2013) 
 

 

     However, cell is not a homogeneous material, instead it contains an intricate 

molecular framework, the cytoskeleton, composed of interconnected microfilaments, 

microtubules and intermediate filaments within their viscous cytosol (Vetsch et al., 

2015). More recent advanced cell models incorporated cytoskeleton, cytoplasm and 

nucleus subjected to different forces. For example, Barreto et al. (2013) developed a 

multi-structure cell model, which cooperated the cytoskeletons, cytoplasm and 

nucleus (see Figure 2.5b), and demonstrated the importance of cytoskeletons on 

resisting the mechanical compression. Moreover, Vetsch et al. (2015) developed an 

active model, in which stress fibres with Hill type law was employed to model the 

cytoskeletons. This model has been successfully applied to predict the cellular 

mechanics under different loading types, i.e. micropipette aspiration (Reynolds and 
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McGarry, 2015; Reynolds et al., 2014), AFM indentation (Ronan et al., 2012; Weafer 

et al., 2013).   

 

2.5  Bone Fracture and Treatment 

Bone fractures can be caused by high-force impact (i.e. sports injuries and vehicle 

accident) and medical conditions (i.e. bone cancer and osteoporosis). The natural 

process of fracture healing starts when the injured bone and surrounding tissues bleed 

and form a fracture hematoma (Newton, 1985). Within a few days, blood vessels grow 

into the initial blood clot and bring fibroblasts in the walls of the vessels. The blood 

clot is afterwards replaced by a matrix of collagen. At this stage, some fibroblasts 

begin to form bone matrix in the form of collagen monomers, which is afterwards 

mineralised and transformed into bone (Newton, 1985).   

To treat bone fractures, usually conservative and surgical approaches are 

employed. In conservative methods, pain management and immobilisation are 

involved, which restores the fractured pieces of bone to their natural positions, and 

maintain those positions in bone healing. If the fractures are extremely severe and 

complicated, and thus have a limited healing capacity, autograft and allografts will be 

introduced by surgical methods to enhance healing. Autografts possess the essential 

components to achieve osteoinduction, osteogenesis and osteoconduction using the 

patients own tissue (Ebraheim et al., 2001), while allografts involve transplanting 

donor bone tissue (Delloye et al., 2007). However, both of these approaches are 

expensive, often result in significant injury and deformity at donor sites and can be 

associated with the surgical risks (i.e. infection and inflammation), moreover are 

restricted by bone donor availability (Amini et al., 2012; Banwart et al., 1995). 

Therefore, with the development of stem cell technology, tissue engineering 



Chapter 2 

19 

 

approaches have become more and more promising to treat the severe bone diseases.  

 

2.6  Bone Tissue Engineering  

Tissue engineering and regenerative medicine are promising strategies for replacing 

defective bone tissue and reconstructing bone defects to treat bone diseases and 

overcome the limitations of traditional bone graft replacement techniques. Current 

bone tissue engineering (TE) approaches involve growing mesenchymal stem cells 

(MSCs) under in vitro conditions on either natural or synthetic biomaterial scaffolds 

as shown in Figure 2.6. Using such approaches, it has been shown that MSCs can 

differentiate along the osteogenic pathway in the presence of various biochemical 

factors and when grown on biomaterial scaffolds, for example poly(lactic-co-glycolic 

acid) (PLGA) and collagen, and can elicit tissue differentiation in vitro that is 

indicative of bone formation (Li et al., 2013; Park et al., 2012; Vozzi et al., 2014; Xie 

et al., 2013). 

 

Figure 2.6: Schematic representation of the approach employed in bone tissue 

engineering aimed at the formation of new bone (Vallet-Regi et al., 2011) 
 

 

2.6.1 Bone Tissue Engineering Scaffolds 

The materials for bone TE scaffolds should satisfy the requirements of 

biocompatibility, biodegradability, composition, mechanical property and geometry. 
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Biocompatible scaffolds allow normal cellular activities (i.e. differentiation, 

proliferation, migration) and molecular signalling systems without inducing any toxic 

effects on the cells (Bose et al., 2012). Biodegradable scaffolds will degrade with time 

in vivo at a controlled resorption rate and eventually create space for the new bone 

tissue to grow (Bose et al., 2012). In addition, the biological activity of TE scaffolds 

depends on the ligand density, which facilitates cell binding in the scaffolds (O'Brien 

et al., 2005). Ligand density is characterised by the composition of the scaffold, which 

defines the surface density of ligands (O'Brien et al., 2005). Moreover, osteogenic 

differentiation also can be affected by the mechanical properties of scaffolds 

(Chatterjee et al., 2010; Curtin et al., 2012). For instance, a study on two collagen-

GAG scaffolds, with Young’s moduli of 2kPa and 12kPa respectively, seeded with 

MC3T3 cells showed that the ALP activity of cells on the stiffer scaffold was 

significantly higher than those seeded on the soft one (Curtin et al., 2012). Thus, a 

number of biomaterials have been explored for use as bone TE scaffolds. For example, 

Collagen-GAG, poly(lacticacid), poly(glycolic acid) and poly(lactide-co-glycolide) 

have been extensively used in bone tissue engineering experiments due to their 

biocompatibility and biodegradation and good composition of matrix/cells (Cortizo et 

al., 2008; Lee et al., 2006; O'Brien et al., 2005; Sarasam and Madihally, 2005). More 

recent studies have used porous hydrogel scaffolds for bone tissue engineering 

experiments (El-Sherbiny and Yacoub, 2013; Zhu and Marchant, 2011).  

The scaffold geometry is one of the most important parameters as it dictates the 

mechanical environment within scaffolds, particular under exogenous loading, and 

affects the cell activity (Murphy et al., 2010; Olivares et al., 2009; Velasco et al., 2015). 

For example, McCoy et al. (2012) investigated the influence of pore size (85µm, 

120µm and 325µm) and applied loading (flow rate: 0.05mL/min – 5mL/min) on 
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cellular-level stimulation in a collagen-GAG scaffold. It was found that the applied 

flow rate and pore size both dominated the mechanical stimulation on cells. 

Furthermore, a smaller pore size (85µm and 120µm) allowed more cells bridging 

across the constructs, in which cells were more stimulated. In addition, scaffold 

geometry can also influence the mechanical strength of scaffolds. For instance, 

Lacroix et al. (2006) characterised the mechanical stiffness of Calcium phosphate 

(CaP) based scaffolds with different porosities, and found that the porosity had a 

distinct influence on scaffold stiffness, see Figure 2.7.  

 

Figure 2.7: Three types of CaP based scaffold: (a) non injected CaP bone cement, 

(b) injected CaP bone cement and (c) CaP porous glass; (d) quantitative relationship 

between scaffold stiffness and porosity (Lacroix et al., 2006) 
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2.6.2 Mechanical Stimulation for Bone Regeneration 

Recent studies have shown that mechanical stimulation enhances bone tissue 

regeneration in vitro to a certain extent (Gomes et al., 2003; Sittichockechaiwut et al., 

2009), see Figure 2.8 for example. In particular, it has been shown that osteogenic 

differentiation, as indicated by ALP, COX2 and PGE2 expression, is enhanced when 

bone cells are exposed to fluid flow, compared to static culture (Gomes et al., 2003; 

Jaasma et al., 2008; Keogh et al., 2011). In particular, osteoblasts are sensitive to flow-

induced shear stress (i.e. 100mPa), as has been demonstrated by in vitro studies of 

osteoblasts exposed to fluid shear stresses (Ban et al., 2011; Owan et al., 1997). 

Osteocytes are also sensitive to fluid shear stress and can transduce these mechanical 

stimuli into biochemical responses (Bacabac et al., 2004), and indeed are thought to 

be the most sensitive bone cell type to mechanical stimulation (Klein-Nulend et al., 

1995).  

As bone cells (osteoblasts and osteocytes) are also sensitive to mechanical strain 

(Bivi et al., 2013; Delaine-Smith and Reilly, 2012; Li et al., 2015), some researchers 

use mechanical compression to stimulate the cells within TE scaffolds (Dumas et al., 

2009; Sittichockechaiwut et al., 2009). For instance, Sittichockechaiwut et al. (2009) 

applied a compressive strain of 5% (frequency=1Hz) to stimulate the osteoblasts 

within a Polyurethane (PU) open cell foam scaffold, and found that the stimulated 

samples had upregulated osteopontin (OPN) and osteocalcin (OCN) expressions and 

higher calcium deposition than those grown under static conditions.  

In more recent studies, a combination of fluid perfusion and mechanical 

compression (flow rate=10mL/min and compressive strain=10%) was applied to 

stimulate bone cells in polyurethane (PU)-based 1, 4-butanediisocyanate (BDI) 

scaffolds (Jagodzinski et al., 2008; Liu et al., 2012). It was found that the OCN and 
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RUNX2 expressions were upregulated, meanwhile the procollagen type I N-terminal 

propeptide (PINP) synthesis and stiffness of mineralised scaffold were enhanced under 

the combined loading.  

These studies have directly linked the biochemical and mechanical responses of 

cell-seeded scaffolds to different applied loading regimes. However, the micro-

mechanical environment (i.e. fluid shear stress and mechanical strain) in scaffolds 

dictates the cellular responses. Therefore, the quantification of mechanical stimulation 

on bone cells is necessary to inform future in vitro bone tissue regeneration strategies. 

 

Figure 2.8: (a) Bone marrow cells-seeded scaffold exposed to a flow rate of 

0.3mL/min, (b) ALP activity of cells under static and perfusion loading conditions 

(Gomes et al., 2003) 
 

2.7  In Silico Bone Tissue Engineering 

In silico bone tissue engineering is used to refer to mathematical and computational 

approaches that approximate, solve and predict problems in bone tissue engineering 

(TE), by means of computer simulations. In bone tissue engineering, the growth of 

bone tissue is a complex process, resulting from the interaction of numerous processes 

acting on disparate spatio-temporal scales (Diaz-Zuccarini and Lawford, 2010). An 
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incomplete knowledge and understanding of the many different processes that 

contribute to the production of a functioning organ or piece of tissue also impedes the 

progress of the field. Time and economic cost is one of the major limitations to fully 

investigate the issues in bone tissue engineering by biological experiments. Secondly, 

spatial limitations of measurement techniques also prevent researchers from gaining a 

strong understanding of the interaction between multi-physics processes. In silico 

methods, as a supplement to TE experiments, can help us gain an insight into the 

complex interactions between multiphysics processes, meanwhile saving time and 

economic cost.   

 

2.7.1 Prediction of Mechanical Environment 

The scaffolds used in bone tissue engineering experiments have very complex 

geometries, see Figure 2.9 for example (Milan et al., 2010), which result in a very 

complex physical environment within scaffolds under mechanical stimulation. 

Nevertheless, recent studies have characterised the deformation of biomaterial 

scaffolds under compressive loading using experimental techniques (i.e. strain gauge 

and micro-CT imaging) (Bliss et al., 2007; Harley et al., 2007; Kerckhofs et al., 2010) 

with the limited resolution (i.e. 22µε). However, direct measurement of fluid-induced 

shear stress within scaffolds is not feasible, which prevents researchers from 

correlating the levels of fluid shear stress to biochemical responses. Shown in Table 

2.1 are the studies, in which mechanical loadings are applied in bone tissue 

engineering experiments. However, due to the limitations of measurement techniques 

mentioned above, quantitative mechanical stimulation (i.e. fluid shear stress) was 

missing in the studies of (Gomes et al., 2003; Jagodzinski et al., 2008; Liu et al., 2012), 

see Table 2.1. Therefore, researchers have employed analytical approaches, based on 
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idealised flow through a cylinder or two plates (Blecha et al., 2010; Goldstein et al., 

2001), or estimated wall shear stress (WSS) magnitudes using computational models 

(Bancroft et al., 2002b; Grayson et al., 2008b; Vance et al., 2005; Yu et al., 2004), see 

Table 2.1. So, a comprehensive quantification of resultant mechanical stimulation (i.e. 

fluid shear stress) within commonly used TE scaffolds and under a series of loading 

regimes is needed, which may allow TE researchers to efficiently estimate the 

magnitude of mechanical stimulation induced. Computational approaches with lower 

cost but higher resolution can provide a supplement to the experimental 

characterisation. 
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Table 2.1: Bone tissue engineering studies, in which different mechanical loading regimes are applied to stimulate the cells within the scaffolds 

with different geometries; cellular responses under mechanical stimulation are characterised; resultant mechanical stimulation (fluid shear 

stress) is estimated but without specific characterisation 

Scaffold  

 

Cells 

 

Loading Results References 

Material Architecture Pore Size Porosity Inlet Fluid 

Velocity  

(Flow Rate) 

Compressive 

Strain 

Wall 

Shear  

Cell Responses 

 

 

Native 

trabecular 

bovine bone 

 

 

Irregular 

 

 

0.6- 

1mm 

 

70% 

 

-80% 

 

 

hMSCs 

 

 

100-400µm/s 

 

 

- 

 

 

0.7- 

10mPa 

Higher DNA value under 

higher flow rate; 

Improved mineralisation 

under higher flow rate 

after 5-week culture 

 

(Grayson et 

al., 2008b) 

 

Titanium fiber 

mesh 

 

 

Irregular 

 

 

250µm 

 

 

 

86% 

 

Marrow 

stromal 

osteoblast 

 

 

 

0.3-3mL/min 

 

 

- 

 

 

<100mPa 

Higher ALP activity under 

fluid perfusion; 

Highest mineralisation on 

16-day culture under flow 

rate of 3mL/min 

 

 

(Bancroft et 

al., 2002b) 

 

Calcium 

Phosphate 

 

 

Irregular 

 

 

350µm 

 

 

67.5% 

 

MC3T3 

osteoblastic 

cells 

0.025mL/min for 

4 hrs; 

Oscillating flow: 

40mL/min 1Hz 

for 30 min 

 

 

- 

 

0.7mPa 

 

1.2Pa 

Higher PEG2 under 

constant flow; 

Highest PEG2 under 

oscillating flow after 24hr 

and 48hr culture 

 

 

(Vance et al., 

2005) 

Poly 

(lactideco-

glycolide) 

(PLGA) 

 

Spherical 

 

425 

-500µm 

 

 

- 

 

Rat calvarial  

osteoblasts 

 

48.9 

-103.1mm/s 

 

 

- 

 

160 

-320mPa 

Increased ALP activity, 

osteocalcin expression and 

mineralisation after 7-day 

culture 

 

(Yu et al., 

2004) 
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Scaffold I: 

SEVA-C 

based 

polymer 

scaffold; 

Scaffold II: 

SPCL fibre 

mesh scaffold 

 

 

 

 

Irregular 

 

 

 

 

181µm 

 

 

75%; 

 

 

60% 

 

 

 

Rat bone 

marrow cells 

 

 

 

 

0.3mL/min 

 

 

 

 

- 

 

 

 

 

- 

 

Higher ALP activity in 

Scaffold I; 

A dramatic increase of 

calcium deposition in 

Scaffold I and II under 

perfusion after 15 days 

 

 

 

(Gomes et 

al., 2003) 

 

 

 

 

 

Polyurethane 

(PU)-based1, 

4-butane-di- 

isocyanate 

(BDI) 

 

 

 

 

Spherical 

 

 

80 

-400µm 

(average: 

226µm) 

 

 

 

 

81% 

 

 

Human bone 

marrow 

stromal cells 

(hBMSC) 

 

 

 

 

10mL/min 

10%, 0.5Hz 

Stimulation I:  

1 time/day, 

8hr/time; 

Stimulation II:  

4 times/day, 

2hr/time,  

4-hr rest 

 

 

 

 

- 

 

Higher increase of 

equilibrium modulus by 

Stimulation II than I; 

Higher increase in 

procollagen by Sitmulation 

I than II after 2 weeks 

 

 

 

(Liu et al., 

2012) 

 

Bovine 

spongiosa 

disc 

 

 

Irregular 

 

 

- 

 

 

- 

 

 

 

hBMSC 

Group A: 

10mL/min; 

Group B: 

10mL/min 

Group A: - 

Group B:  

10%, 0.5Hz 

 

 

- 

Higher Runx2 in under 

stimulation; 

Higher osteocalcin in 

Group B 

 

(Jagodzinski 

et al., 2008) 
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Figure 2.9: (a) FE scaffold model, (b) shear strain (c) fluid flow and (d) pore 

pressure distributions within scaffold under mechanical compression loading 

(strain=5%) (Milan et al., 2010) 
 

Computational models developed previously to simulate the mechanical environment 

within biomaterial scaffolds have taken either finite element (FE) approaches, 

computational fluid dynamics (CFD) or poroelastic approaches. For instance, Stops et 

al. (2010a) used an FE approach to study the mechanical strain experienced by cells 

in different regions of a realistic collagen-GAG scaffold under tensile stretch and 

compressive loadings. The results showed a wide range of mechanical stimuli 

experienced by cells in different regions of the scaffolds due to a regional dependence 

on architectural and mechanical properties of the scaffold caused by the manufacturing 

process. CFD models have been used to predict the wall shear stress (WSS) along the 

scaffold surface arising under fluid flow through the scaffold (Olivares et al., 2009). 

The results showed that not only the input flow rate, but also the scaffold architecture 

and porosity had an influence on the mechanical stimuli (WSS) on the scaffold 
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surfaces. In addition, to compute the mechanical stimulation (mechanical strain and 

fluid velocity) within scaffolds, Milan et al. (2010) developed a biphasic poroelastic 

model for a realistic Poly(lactic acid) (PLA) scaffold under mechanical compression 

loadings, which could not only solve the solid deformation, but also compute the fluid 

flow caused by the solid deformation, as shown in Figure 2.9. Alternatively, to 

determine the mechanical stimulation arising due to the multi-physics environment, 

Den Buijs et al. (2010) developed a fluid-structure interaction model, which enable 

the computation of scaffold struts deformation and the induced fluid flow.    

 

2.7.2 Prediction of Bone Tissue Formation  

To reduce the cost of experiments on time and money, in silico simulation has been 

employed by researchers to investigate bone formation both in vivo and in vitro (see 

Table 2.1). Mechanical stimulation has long been proposed to regulate the 

differentiation of different cell phenotypes (Carter et al., 1988; Claes and Heigele, 

1999; Prendergast et al., 1997b). In silico methods of predicting bone adaption are 

based on mechano-regulation theories, which mathematically predict the regulation of 

cell differentiation on the basis of specific mechanical stimuli, for example principal 

tensile strain and hydrostatic stress (Carter et al., 1988), hydrostatic pore pressure 

(Claes and Heigele, 1999), octahedral shear strain and fluid flow as shown in Equation 

2.1 (Lacroix et al., 2002; Prendergast et al., 1997a),  

                         
sm

v
S o c t

/75.303.0 


                      (2.1) 

where S is the mechanical stimuli, γoct and v are octahedral shear strain and fluid 

velocity, respectively. 
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Figure 2.10: Mechano-regulation algorithm to predict tissue formation in a tissue 

engineering scaffold: cellular activities (i.e. migration, proliferation and 

differentiation) were based on a lattice model; mechanical stimulation was computed 

by poroelastic finite element analysis (Byrne et al., 2007) 
 

 

The mechanical stimulation is computed by using either biphasic poroelastic 

models, CFD or FE models. According to the thresholds of mechanical stimulation 

that are defined within the algorithms to dictate specific cell differentiation, different 

cell phenotypes can be predicted, which afterwards leads to respective tissue formation 

(see Figure 2.10). By solving the model iteratively, tissue formation at different time 

points can be predicted. 

Originally, mechano-regulation models were developed to investigate bone 

fracture healing under mechanical loading (Boccaccio et al., 2008; Burke and Kelly, 

2012; Gomez-Benito et al., 2005; Isaksson et al., 2008; Isaksson et al., 2006b; Lacroix 

et al., 2002), see Table 2.2. To compare different mechano-regulation theories in bone 

fracture healing, Isaksson et al. (2008) developed a biomechanical model, which was 
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based on the mechano-regulatory theories of octahedral shear strain and fluid velocity 

(Lacroix et al., 2002; Prendergast et al., 1997b), principal tensile strain and hydrostatic 

stress (Carter et al., 1988), principal strain and hydrostatic pore pressure (Claes and 

Heigele, 1999), single parameters (i.e. fluid flow, deviatoric strain, pore pressure) 

(Isaksson et al., 2006b). It was found that the algorithm regulated by octahedral shear 

strain and fluid velocity had the highest accuracy in terms of tissue distribution and 

healing time. Furthermore, a more recent study by Burke and Kelly (Burke and Kelly, 

2012) employed the regulatory rule of oxygen tension and substrate stiffness to 

simulate the bone fracture healing. In this theory, a number of assumed parameters 

thresholds limited the accuracy of the prediction, though the trend of results was 

generally supported by the other studies (Carter et al., 1998; Claes and Heigele, 1999; 

Isaksson et al., 2006a).  

  With the development of bone tissue engineering and regenerative medicine, such 

in silico simulation approaches have been applied to investigate the bone tissue 

formation within biomaterial scaffolds under mechanical stimulation (Burke et al., 

2015; Byrne et al., 2007; Sandino and Lacroix, 2011), which are based on the 

mehcano-regulation theory of octahedral shear strain and fluid velocity as shown in 

Equation (2.1) and Table 2.2. For instance, the model by Byrne et al. (2007), which 

was based on the mechano-regulation rule of octahedral shear strain and fluid velocity 

(Lacroix et al., 2002) simulated bone regeneration within a regular TE scaffold under 

mechanical compression loading, and the cell behaviours (i.e. migration, 

differentiation and proliferation) were included into the lattice model using a random 

walk theory. Furthermore, Sandino et al. (2010) employed a similar model to predict 

bone tissue formation under different types of mechanical compression loadings, and 

0.5% compressive strain was suggested for more bone tissue formation within a 
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realistic Calcium Phosphate (CaP) scaffold. Most of these studies were applied to 

study the application of mechanical compression loading to the scaffolds. However, 

fluid perfusion loading also has been commonly applied in the bone tissue engineering 

experiments (Bancroft et al., 2002b; Gomes et al., 2003; Sikavitsas et al., 2005). A 

more recent in silico study, which is based on the computational fluid dynamics (CFD) 

and finite element (FE) model has simulated the bone tissue formation within a 

realistic CaP scaffold under both fluid perfusion and mechanical compression loadings 

(Sandino and Lacroix, 2011). However, a number of limitations still exist in this 

algorithm, for example, cellular activities (i.e. proliferation and migration) have not 

been considered in the model, and the fluid phase and solid deformation are uncoupled. 
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Table 2.2: Literature review of mechano-regulated models, in which tissue/cell differentiation is governed by the mechanical environment (i.e. 

fluid velocity and shear strain, principal strain and hydrostatic pressure); the models can be used to predict bone fracture healing and in vitro 

bone tissue formation 

Cell Behaviour Matrix/Tissue Properties Application Summary/ Limitations Reference 

Differentiation Migration Proliferation Apoptosis 

 

Based on  

octahedral shear strain 

and fluid flow, see Eq. 

2.1  

(Prendergast et al., 

1997b)  

 

Only precursor cells 

migration and proliferation 

were modelled as a 

combined process by mass 

diffusion: 

ConD
dt

dCon 2  

 

 

Bone 

resorption 

under low 

stimuli 

(S<0.01) 

Tissue stiffness mixture Rule: 

 

granE
Con

ConCon
E

Con

Con

iterE

max

max

max

1






  

 

Smoothing Rule: 





9iter

iter

iterE
10

1
E  

 

 

Bone 

fracture 

healing 

 

1. Last phase of fracture 

healing was predicted 

successfully with 

resorption of the 

external callus 

2. Resorption of the 

internal callus was not 

simulated 

 

 

(Lacroix and 

Prendergast, 

2002) 

 

 

Based on the 2nd 

invariant  of deviatoric 

strain tensor  

(Claes et al., 1997; 

Turner et al., 1994) 

 

 

MSCs 

migration 

modelled 

by mass 

diffusion 

 

 

Proliferation 

of osteoblasts, 

chondrocytes 

and  

fibroblasts 

was negligible 

 

 

 

 

Null 

Production of extracellular matrix: 

iMPi

i QCon
t

V





  

Vi: volume fraction of tissue i 

Mixture rule (except mature bone): 

E=2000pmi+430pcI+200pcII+100pcI

II+0.7pgs 

(px: components in the composition 

I-III)   For mature bone: E=a·ρb 

 

 

Bone 

fracture 

healing 

1. This model showed 

the close match between 

experimental and 

predicted results in terms 

of tissue differentiation 

pattern  

2. Predicted stiffness was 

different from 

experimental results 

 

 

(Gomez-

Benito et al., 

2005) 

Based on  

octahedral shear strain 

and fluid flow (Eq. 2.1) 

(Lacroix et al., 2002) 

Cell migration and 

proliferation were based on a 

stochastic process in a lattice 

model 

 

 

Null 

Tissue stiffness exponential law: 

 texpEE iGrani    

Mixture and smoothing rules were 

similar with (Lacroix and 

Prendergast, 2002) 

In vitro bone 

tissue 

formation in 

a 3D regular 

scaffold 

1. Lattice model for cell 

activities was more 

realistic 

2. Cell apoptosis was not 

included in the algorithm 

 

(Byrne et al., 

2007) 
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Based on  

octahedral shear strain 

and fluid flow (Equation 

2.1) 

(Lacroix et al., 2002) 

 

 

Only precursor cells 

migration and proliferation 

were modelled as a 

combined process by mass 

diffusion 

 

 

 

 

 

Null 

 

 

 

Exponential law of tissue stiffness, 

mixture and smoothing rules were 

similar with (Byrne et al., 2007) 

 

 

 

Mandibular 

distraction 

osteogenesis 

1. Predicted bone 

formation agrees with the 

histological analysis 

2. Undefined 

differentiation rate 

3. Neglected 

differentiated cell 

migration and 

proliferation  

 

 

 

(Boccaccio 

et al., 2008) 

 

 

Based on 

1. Principal tensile strain 

and hydrostatic stress  

(Carter et al., 1998) 

2. Principal strain and 

hydrostatic pressure  

(Claes and Heigele, 

1999) 

3. Octahedral shear strain 

and fluid flow (Eq. 2.1): 

(Lacroix et al., 2002) 

4.Single parameter  

 

 

 

 

 

 

Only precursor cells 

migration and proliferation 

were modelled as a 

combined process by mass 

diffusion  

 

 

 

 

 

 

 

Null 

 

 

 

 

 

 

Mixture and smoothing rules were 

similar with (Lacroix and 

Prendergast, 2002) 

 

 

 

 

 

 

Bone 

fracture 

healing 

 

 

1. Deviatoric strain 

dominated tissue 

differentiation during 

indirect fracture healing 

2. Resorption of mature 

bone in the 

intramedullary canal was 

not accurately predicted  

3. Differentiated cell 

migration and 

proliferation were 

neglected 

 

 

 

 

 

 

 

(Isaksson et 

al., 2006b) 

 

Based on  

octahedral shear strain 

and fluid flow (Eq. 2.1) 

Differentiation (1/ day): 

MSC=0.3; FB=0.2; 

CC=0.1; OB=0.15  

Mass 

diffusion 

for cell 

migration 

 (mm2/d): 

MSC=0.65 

FB=0.5 

CC=0.0 

OB=0.2 

 

 

Proliferation 

(1/day): 

MSC=0.60 

FB=0.55 

CC=0.20 

OB=0.30 

 

 

Apoptosis rate 

(1/day): 

MSC=0.05 

FB=0.05 

CC=0.10 

OB=0.15 

Matrix stiffness mixture rule 

similar with (Lacroix and 

Prendergast, 2002)  

Normalised matrix production rate 

(1/day): 

FT=0.20; C=0.05; B=0.10 

Normalised degradation rate 

(1/day): FT=0.05; C=0.05;  

B=0.05 

 

 

 

Bone 

fracture 

healing 

 

 

 

 

1. This study showed the 

importance of cell-

phenotype specific 

processes 

2. Cell migration was not 

coupled with mechanical 

stimulation  

 

 

 

 

(Isaksson et 

al., 2008) 
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Based on  

octahedral shear strain 

and fluid shear stress 

modified from Equation 

2.1: 

S=γoct/0.03 

+τ/10mPa 

 

 

 

 

Null 

 

 

 

S>6 for 

apoptosis 

 

 

 

Tissue viscosity for Newtonian 

flow model was assumed to be 

inversely propotional to the 

coefficient of permeability in 

poroelastic model 

 

In vitro bone 

tissue 

formation in 

a realistic 

CaP scaffold 

1. Showed variations of 

FSS due to new tissue 

formation  

2. Undetermined 

viscosity of different 

tissues  

3. No cell migration and 

proliferation  

 

 

 

(Sandino and 

Lacroix, 

2011) 

 

Differentiation of CC: 

hypoxia 

OB: sufficient oxygen & 

adjacent to bone tissue  

AC: sufficient oxygen & 

adjacent to marrow  

FB: in all other regions 

 

 

Migration and proliferation 

of cells were based on a 

stochastic process consisting 

of a sequence of discrete 

steps of fixed length in the 

lattice model 

 

CC and FB 

were replaced 

by OB under 

osteogenic 

stimuli 

Apoptosis rate 

similar with 

(Isaksson et 

al., 2008) 

 

 

 

Stiffness exponential law, mixture 

and smoothing rules were similar 

with (Boccaccio et al., 2008) 

 

 

 

In vivo bone 

formation in 

a bone 

chamber 

 

1. This model has 

validity and utility 

2. Some simplifications 

(i.e. process of bone 

resorption and simplified 

cell migration and 

proliferation) would 

cause inaccuracy 

 

 

 

 

 

(Burke et al., 

2015) 
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2.8  Conclusion 

Computational approaches not only can characterise parameters in bone tissue 

engineering experiments (i.e. mechanical stimulation in scaffolds), which are beyond 

the range of measurement techniques, but also enable prediction the tissue 

regeneration by in silico simulation, which provides appropriate information for bone 

TE experiments so as to save time and cost. Therefore, in a combination with 

experiments, in silico approach may help tissue engineering researchers gain a true 

insight into how to regenerate bone in vitro. The research in Chapters 4-8 of this thesis 

will address these questions using a combination of multiscale and multiphysics 

computational approaches, which involves finite element (Chapter 4-8), 

computational fluid dynamics (Chapter 4 and 5), fluid structure interaction (Chapter 4 

and 5), biphasic poroelasticity (Chapter 6 and 7) and coupled thermal-fluid pressure 

approaches (Chapter 6 and 7). 
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Chapter 3: Theoretical Background 

 

Computational models in this thesis involve solving solid and fluid problems using 

finite element (FE) and finite volume (FV) methods, respectively. The theoretical 

background of solid mechanics and governing equations of isotropic linear elasticity, 

hyperelasticity and poroelasticity are introduced in Section 3.1. Secondly, a brief 

introduction to fluid mechanics is provided in Section 3.2. Following that fluid-

structure (FSI), which is widely used in this thesis is introduced in Section 3.3. In this 

thesis, FE and FV approaches are employed using commercial software (i.e. ANSYS 

and ABAQUS), which are developed specifically for solving for solid mechanics and 

fluid dynamics problems, respectively. Thus, Section 3.4 and 3.5 presents the basic 

algorithms of FE and FV methods, respectively. Finally, since mechanical 

characterisation of stem cells during osteogenic differentiation is carried out in this 

PhD study, the theory of the AFM indentation approach is introduced in Section 3.6. 

 

3.1  Solid Mechanics 

3.1.1 Strain and Stress  

As shown in Figure 3.1, a line with the length of ds0 connects Point P (a1, a2, a3) and 

its neighbouring Point Q (a1+da1, a2+da2, a3+da3). In original configuration, the ds0
2 

is calculated as Equation (3.1):    

                 ml
m

j

l

i
ijjiij dxdx

x

a

x

a
dadad








 2

0s            (3.1) 

where, δij is the Kronecker delta.  
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Figure 3.1: Deformation of a body (Fung, 1994) 
 

 

    After deformation, Point P and Q are deformed to Point P’ (x1, x2, x3) and Q’ 

(x1+dx1, x2+dx2, x3+dx3), respectively, and the square of the length |P’Q’| (ds2) is 

calculated as Equation (3.2):  

                  ml
m

j

l

i
ijjiij dada

a

x

a

x
dxdxd








 2

s                   (3.2) 

So, the square of length before and after deformation is shown in Equation (3.3), in 

which Eij and εij are the Green-Lagrange and Eulerian strain tensors, respectively as 

calculated in Equation (3.4) and (3.5): 

           jiijjiij dxdxdadaEdddd 2222 222

0

2  xεaEss          (3.3) 
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2

1
                       (3.5) 

    A displacement vector u is introduced as Equation (3.7): 

                     axu   or  axu                       (3.6) 

Thus, the Green-Lagrange and Eulerian strain tensors can be calculated in terms of 

displacement as shown in Equation (3.7) and (3.8), 

               ICE 
2

1
 or 

































jij
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1
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2

1
          (3.8) 

wherein, C and B are right and left Cauchy-Green deformation tensors, as shown in 

Equation (3.9) and (3.10) in which Dg (or Dgij) is deformation gradient 
a

x
Dg

d

d
  or 

j

i
ij

da

dx
Dg  , 

                            DgDgC  T
                         (3.9) 

                            
T

DgDgB                          (3.10)                                  

    If the first derivative product is so small that the square product can be neglected, 

eij is reduced to Cauchy’s infinitesimal strain tensor as shown in Equation (3.11): 

                         























j

i

i

j

ij
x

u

x

u

2

1
                       (3.11) 

Three principal strains (ε1, ε2, ε3) should satisfy the Equation (3.12), 

                             0nIε i  i .                         (3.12) 

where, ni is the normal vector. 

The deviatoric strain εij’ and Octahedral shear strain γoct can be calculated as 

Equation (3.13) and (3.14), respectively: 

                          
ijijij  

3

1
'  .                      (3.13) 

                    2

3322

2

3311

2

2211
3

2
 oct

          (3.14) 

where, ε11, ε22 and ε33 are principal strains.  

Considering a tetrahedron element subjected to a surface traction (Tn) as shown 

in Figure 3.2, where a unit vector n is normal to the surface ds, the stress components 

Ti
n can be written in Cauchy’s formula in Equation (3.15),  
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                        jij
n

i nT                             (3.15) 

where σij is the components of the stress tensor σ.  

The corresponding principal stress, σii, in the direction of nj should satisfy the 

following Equation (3.16), and λP is a constant of proportionality, 

                      0 jijPij n                          (3.16) 

     032

2

1

3

333231

232221

131211









 III PPP

P

P

P

ijPji 







 . (3.17) 

 

Figure 3.2: Stress components within a tetrahedron element subjected to a surface 

traction Tn (Fung, 1994) 
 

    Alternatively, Equation (3.16) also can be written as Equation (3.17) where σ11, 

σ22 and σ33 are the principal stresses, 

                             03 3P2 2P1 1P   .           (3.18) 

So the invariants I1, I2 and I3 in Equation (3.17) can be calculated as:  

                           3322111I                       (3.19) 

                         3322331122112  I                (3.20) 
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                             3322113 I .                     (3.21) 

    The magnitudes of normal stress σn and shear stress τn due to the traction Tn are 

given by Equation (3.22): 

                              2
22

n
n

in T   .                    (3.22) 

The deviatoric stress tensor τij is calculated in Equation (3.23),  

                        ijijij  0                        (3.23) 

where, σ0δij is the hydrostatic mean stress tensor with   13322110
3

1

3

1
I  .  

To determine the stress deviatoric tensor τij, the characteristic equation is given in 

Equation (3.24): 

                          0 ijPij                        (3.24) 

which may be expanded as Equation (3.25) with the invariants J2 and J3 calculated in 

Equation (3.26) and (3.27), respectively: 

                             032

3
 JJ PP                    (3.25) 

                               2
2
02 3 IJ                        (3.26)       

                            
3
00233 2  IIJ .                  (3.27) 

 

3.1.2 Equilibrium Equations and Principle of Virtual Work 

Consider a body force vector of F and a traction Tn acting on an element dV and 

surface dS, respectively. By applying Newton’s second law, Equation (3.28) will be 

satisfied:  

                         
BBS

dV
Dt

D
dVdS VFTn                 (3.28) 

where v is a velocity vector. 
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The virtual work due to the body force Fi and surface traction Ti
n is shown in 

Equation (3.29): 

                           dSuTdVuFW i
n

iii  ,                (3.29) 

where δui are the virtual displacements. 

 

3.1.3 Isotropic Linear Elastic Theory 

When the stress σij is a linear function of t strain εkl, the constitutive equation of an 

isotropic materials is:    

                          klijklij C   ,                           (3.30) 

where coefficient Cijkl is constant that characterises material properties as shown in 

Equation (3.31),           
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                       jkiljlikLklijLijklC   .              (3.31)  

The coefficients λL and µL are called Lame’s constants with the relationships between 

Young’s modulus, E and Poisson’s ratio, ν, shown in Equation (3.32) – Equation (3.33):          

                            
  




211 


E
L

                     (3.32) 

                            
 





12

E
L

                        (3.33) 

 

3.1.4 Isotropic Hyperelastic Theory 

In this thesis, the cells in Chapter 8 (AFM indentation) were assumed as hyperelastic 
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material.  The constitutive relation between stress and strain is usually expressed by 

the second (Sij) (or first: tij) Piola-Kirchhoff stress tensor and Green-Lagrange strain 

tensor as shown in Equation (3.34) and (3.35), respectively: 

                         
 

ij

ij
E

W
S







                           (3.34) 

                         
 
 ij

ij
F

W
t







                            (3.35) 

where ρ is the material density, W is the strain energy density, Eij is the Green-Lagrange 

strain tensor, as calculated in Equation (3.4), and Fij is the deformation gradient.  

    The principal invariants of the right Cauchy-Green deformation tensor Cij are the 

main components to determine the strain energy density function of an isotropic 

hyperelastic material, which are calculated as follows: 

                              
iiii ECI 231                   (3.36) 

                     jiijjjiiiijiijjjii EEEEECCCCI  243
2

1
2

    (3.37) 

                              ijijij ECI 2detdet3   .             (3.38) 

 

3.1.5 Poroelastic Theory 

In this thesis, the tissue and matrix in Chapter 6 and 7 are modelled by biphasic 

poroelastic theory. Biphasic poroelasticity describes the interaction between fluid flow 

and solids deformation within a porous medium. The porous material consists of a 

network of pores (or voids), spread throughout a solid or matrix. In a porous medium, 

the volume fraction of the pores is affected. The fluid-filled pores experience a change 

in pressure under this mechanical stress, which results in a fluid motion. As a reaction 

to this change in pore volume, the solid material shifts and deforms elastically. The 

poroelastic constitutive response follows Biot’s theory, which accounts the strain and 
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pore pressure (see Equation (3.39)): 

                  p
G

KG ijijijij  







 332211

3

2
2        (3.39) 

where α is Biot’s coefficient; σij, εij and p are solid phase stress, strain and pore pressure, 

respectively; K and G are the bulk modulus and shear modulus, respectively. 

While under equilibrium, 0
3

1






i i
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, Equation (3.39) can be rewritten as: 
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Applying Darcy’s law that describes the relation between fluid motion and pressure 

within a porous medium, the flux (qi, discharge per unit area, m/s) of pore fluid is 

calculated as:   

                        
i

i
x

pk
q







                         (3.41) 

where, k is permeability, and µ is viscosity of the pore fluid. 

    The fluid mass conservation is provided in Equation (3.42):                           

                 0332211
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   (3.42) 

where ρf is the fluid density, K is the bulk modulus under drained conditions, and Ku 

is calculated as: 

                         
  fs

fs

u
KK

KK
KK








2

,                (3.43) 

wherein φ is porosity, Ks and Kf are solid bulk modulus and fluid bulk modulus, 

respectively. 

    Having considered the poroelastic constitutive response (Equation 3.40), Darcy 

flow (Equation 3.41) and conservation of fluid mass (Equation 3.42) together, the final 

poroelastic biphasic expression is shown in Equation (3.44): 
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3.2  Fluid Mechanics 

In this thesis the continuity of fluid (or fluid mass conservation) is based on Eulerian 

description. Consider a cubical volume in fluid flow with a centre point (x, y, z) (see 

Figure 3.3), the controlled mass is ρfdxdydz. So a mass change rate of controlled 

volume is as Equation (3.45): 

         2/2/2/2/2/2/ dxzdzzdyydyydxxdxx

f
mmmmmmdxdydz

t
 




, (3.45) 

where 2/dxxm  is a mass of flow that goes out from the surface at x±dx/2, 

dydzvm dxxfdxx 2/2/    ; 2/dyym   is a mass of flow that goes out from the surface at 

y±dy/2; dxdzvm dyyfdyy 2/2/    ; 2/dzzm  , is a mass of flow that goes out from the 

surface at z±dz/2, dxdyvm dzzfdzz 2/2/    . 

 

Figure 3.3: Controlled volume of fluid for derivation of continuity equation (Tanaka 

et al., 2012) 
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So, Equation (3.45) can be written as: 
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f .     (3.46) 

For an incompressible fluid, the density ρ is constant over time and space, so Equation 

(3.46) can be reduced as: 

                         0 v .                              (3.47) 

    The stresses acting on a fluid element are τij, see Figure 3.4, and a body force per 

unit volume of fi. According to Newton’s second law, one can obtain the following 

equation: 
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                   (3.48) 

where vi is the fluid velocity field, p is the fluid pressure. 

 

Figure 3.4: Stress components in x direction acted on the surfaces of a controlled 

volume (Tanaka et al., 2012) 
 

 

The fluid in this thesis is homogeneous, which follows the stress tensor in 

Equation (3.49): 
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where λV and μ are the second viscosity and dynamic viscosity, respectively. 

When i≠j, the fluid shear stress expression is calculated as: 
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Submitting Equation (3.49) and (3.50) into Equation (3.48), the Navier-Stokes 

equation can be obtained in Equation (3.51), in which the viscosity is constant in space: 

                          fv
v

 2 p
dt

d
f .                 (3.51) 

 

3.3  Fluid-Structure Interaction 

Fluid-structure interaction (FSI) is a multiphysics coupling interaction between a 

deformable or moving structure and a surrounding or internal fluid flow. In this thesis, 

FSI approach is employed in Chapter 4 and 5, which models the interaction between 

cells and scaffolds with culture medium. Consider a computational domain, which 

includes a fluid domain Ωf and solid domain Ωs. The fluid-solid interface is defined as 

Γs (see Figure 3.5). The motion of the fluid and structure are expressed as Equation 

(3.52) and Equation (3.53), respectively: 

                         0, 


f
i

f
jij

f

if fv   in Ωf                    (3.52) 

                        0, 


s
i

s
jij

s

is fv   in Ωs                       (3.53) 

where ρ, fi and σij.j are density, the body force and stress gradient with respect to j,  

respectively.  

    On the fluid-structure interface, the displacement (ui), velocity (vi) and 
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acceleration ( iv


) should follow the Equation (3.54) – Equation (3.56), respectively. 

 

Figure 3.5: Schematic diagram of fluid solid interaction: Solid domain (Ωs) is 

surrounded by fluid domain (Ωf), Γs is the interface between the fluid and solid 

domains (Hou et al., 2012) 
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Based on the virtual work principle, Equation (3.52) – Equation (3.53) can be 

combined into a weak form as: 
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,   (3.57) 

where λi is the Lagrange multiplier defined over Γs, representing the force generated 

from the fluid-structure interaction.  

 

3.4  Finite Element Method 

The solid mechanics models in this thesis are solved by finite element (FE) method, 

which is implemented by commercial software, Ansys (Ansys Inc., US) and Abaqus 
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(DS SIMULIA, US). In this thesis, 8-noded Hexahedral element and Tetradedral 

elements are commonly used. Quantities such as the strain tensor ε can be expressed 

as Equation (3.58): 
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uBε s                         (3.58) 

where Bs is a matrix of spatial gradient of the shape function (Φ) as calculated in 

Equation (3.59), and u is a nodal displacement tensor, 
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    The element stiffness matrix (k) over the domain Ω can be calculated as below: 
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So the total potential energy П for the entire domain Ω is: 
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where F is the global node force vector. 

Applying the minimal total potential energy principle to Equation (3.61), 

Equation (3.62) can be derived: 
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  The choice of a shape function is the fundamental stage for the FE analysis, as 

the shape function is for interpolating the solution between the discrete values obtained 

at the mesh node. Since the elements widely used in this thesis (FSI models in Chapter 

4 and 5; cell mechanics model in Chapter 8; poroelastic models in Chapter 6 and 7) 

are three dimensional tetrahedron, the shape function (Ф) of the 3D hexahedral 
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element with 8 nodes (see Figure 3.6a) are provided as follows: 
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where ζ1, ζ2 and ζ3 are the local coordinates. 

For a 3D tetrahedron (4 nodes) (see Figure 3.6b), the volume coordinates L1, L2, 

L3 and L4 are defined as Equation (3.64) with the shape function of N
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Figure 3.6: (a) Three dimensional hexagonal element with 8 nodes, (b) tetrahedral 

element with 4 nodes (Tanaka et al., 2012) 

 

3.5  Finite Volume Method 

In this thesis, CFD models are employed to computing the fluid velocity and fluid 

shear stress resulted within TE scaffolds under fluid perfusion loading in Chapter 4 

and 5. These CFD models in this thesis are solved by the finite volume method (FVM), 

in which the spatial domain is discretised into small cells to form a volume mesh. The 

Navier-Stokes equation is integrated over the control volume in x direction, for 

example: 
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where vx and µ are the velocity in x direction and dynamic viscosity, respectively.  

Each component in Equation (3.65) is calculated as follows, Equation (3.66) – 

Equation (3.69). In these equations, index i and j indicate nodal points where pressure, 

fluid velocity are defined (see Figure 3.7).  
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Figure 3.7: Control volume for the Navier–Stokes equation in the x-direction 

(Tanaka et al., 2012) 
 

 

3.6  Atomic Force Microscopy 

In Chapter 8, atomic force microscopy (AFM) is used for characterising the 

mechanical properties of cells by indentation. The self-contained system consists of a 

laser emitting diode, a photosensitive receptor diode (photodiode), a system of piezo-

motors and a specially designed probe, as shown in Figure 3.8 (a). The tip is mounted 
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on a flexible cantilever, which is called a chip. The chip is fixed on a piece of metal, 

which is attached on a probe holder. The probe holder is fixed by magnetic force, see 

Figure 3.9 (a), which is suitable for measurement in a fluid environment. Tips can be 

conical, spherical, parabolic or pyramidal in shape, however, for the indentation of 

cells, spherical tips are most commonly used (Barreto et al., 2013; Sun and Liu, 2015; 

Weafer et al., 2012; Weafer et al., 2015; Weafer et al., 2013).  

 

Figure 3.8: (a) Configuration of AFM (XE-100, Park System) and (b) a diagram of 

AFM indentation of cells 
 

 

During measurement, a beam laser is concentrated on the cantilever, and reflected 

by mirror to the photodiode detector. The indentation is achieved by moving the z-

scanner vertically (Δz), which causes the deflection of the cantilever. Such deflection 

of the cantilever may result in the movement of the reflected laser point on photodiode 

detector (Δd). Thus, the indentation depth can be calculated as below: 

                         δ= Δz – Δd.                         (3.70) 
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Figure 3.9: (a) AFM (XE-100) probe holder for measurement in liquid environment 

(Hu et al., 2013), (b) spherical tip (radius=2.5µm) on a cantilever 
 

 

    The most common method of relating these parameters to the material properties 

is the Hertz contact model as shown in Equation 3.71 (Spherical tips) (Hu et al., 2013): 
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where F is the reacted force, R is the radius of the spherical tip, and modulus E* is 

calculated as:  
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wherein E1 and ν1are the Young’s modulus and Poisson’s ratio of the substrate; E2 and 

ν1 are the Young’s modulus and Poisson’s ratio of the tip, respectively. In this study 

(Chapter 8), the substrate was cells, which have a much lower Young’s modulus than 

the tips. So, E* can be approximated as
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Chapter 4: Quantification of Fluid Shear Stress in Bone 

Tissue Engineering Scaffolds with Spherical and Cubical 

Pore Architectures 

 

4.1  Introduction 

Mechanical stimulation within tissue engineering (TE) scaffolds is not only dictated 

by the exogenously applied loading regime, but also depends on the geometric features 

of a particular scaffold (i.e. architecture, pore size and porosity) (Kim et al., 2010; Tai 

et al., 2007; Widmer et al., 1998). The precise contribution of each toward the resulting 

mechanical stimulation within a scaffold is difficult to characterise due to the range of 

interacting parameters, such as porosity, pore size and loading regimes. Several 

computational models have been developed to characterise mechanical stimulation 

within TE scaffolds under a range of experimental culture conditions (Jungreuthmayer 

et al., 2009a; Jungreuthmayer et al., 2009b; Porter et al., 2005; Tuan and Hutmacher, 

2005). For instance, a computational fluid dynamics (CFD) study showed that the wall 

shear stress (WSS) in a collagen-glycosaminoglycan (GAG) scaffold (porosity= 99%) 

was almost three-fold greater than that of a calcium phosphate (CP) scaffold 

(porosity=60%) and this could be explained by the difference in scaffold geometries 

(collagen-GAG pore size d≈96µm, CP pore size d≈350µm) (Jungreuthmayer et al., 

2009a). To study the effect of scaffold pore size and applied loading on WSS at cellular 

level, McCoy et al. (2012) developed a fluid structure interaction (FSI) model for 

collagen-GAG scaffolds with pore sizes of 85µm, 120µm or 325µm under applied 

fluid flow stimulation in the range of 0.05mL/min – 5mL/min. It was found that the 

applied flow rate dominated the mechanical stimulation when compared to the pore 

size. A computational study was carried out by Olivares et al. (2009) to investigate the 
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influence of scaffold architecture (hexagon and gyroid), porosity (55% and 70%) and 

applied loading (inlet fluid velocity: 100µm/s and1000µm/s; compressive strain: 0.5% 

and 5%) on the WSS and mechanical strain using CFD and finite element (FE) 

approaches. It was predicted that the distribution of WSS induced by fluid perfusion 

was dependent on scaffold architecture. Furthermore, with the same porosity (55%) 

the WSS in the gyroid architecture was two-fold of that in the hexagonal architecture 

under a constant fluid velocity (1mm/s), and the WSS values were higher under fluid 

perfusion than mechanical compression. While these studies have provided an insight 

into the mechanical environment of TE scaffolds under external loading, the 

quantitative expressions of mechanical stimulation, in terms of WSS, with respect to 

scaffold geometry (i.e. architecture, pore size and porosity) are still unknown, which 

limits researchers to efficiently determine the resulting mechanical stimulation in their 

TE scaffolds. 

A recent experimental study showed that a combination of applied fluid perfusion 

and mechanical compression resulted in increased cell proliferation and osteogenic 

activity (i.e. Runx2, ALP activity, etc.) when compared to applied fluid perfusion only 

(Jagodzinski et al., 2008; Liu et al., 2012; Stops et al., 2010b). Interestingly, recent 

computational studies showed that a combination of fluid perfusion and mechanical 

compression led to more ubiquitous stimulation of bone cells within a TE scaffold 

(Hendrikson et al., 2014), in particular to both cells that had an attached and bridged 

configuration. However, these studies only investigated a single loading regime and 

the nature of mechanical stimulation within scaffolds under different types of 

combined external loading (e.g. inlet fluid velocity and compressive strain) is still 

unknown. 
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Therefore, in this chapter, the author aim to characterise the nature of WSS in a 

number of idealised scaffold architectures with spherical and cubical pores by 

developing an efficient computational method. These scaffolds are commonly used in 

tissue engineering studies, as the scaffolds with spherical and cubical pores are easily 

fabricated and controlled in pore size and porosity by particle leaching and fibre matrix 

techniques (Smith and Ma, 2010; Tang et al., 2011). Furthermore, an extensive 

parameter variation study was carried out to characterise the combined effect of 

scaffold pore size, porosity and applied loading. This chapter strives to derive an 

analytical expression that can be applied to estimate magnitudes of WSS generated in 

bone TE scaffolds for a range of different scaffold geometries and experimental 

conditions.   

 

4.2  Materials and Methods 

In this chapter, the author developed computational fluid dynamics (CFD) and 

fluid–structure interaction (FSI) models to investigate the role of scaffold model 

geometry (i.e. architecture, pore size and porosity) on pore wall shear stress under a 

range of different loading scenarios. 

 

4.2.1 Variation of Scaffold Geometries 

This chapter investigated the influence of different scaffold architectures, pore sizes 

and porosities on predicted WSS within the scaffolds. The parameter variation study 

of pore size and porosity was carried out on scaffolds with two regular architectures 

(spherical and cubical) based on those commonly used are TE studies (see Figure 4.1) 

(Bose et al., 2013; Hollister, 2005). The scaffolds had a uniform length and thickness 

of 8 and 4mm, respectively, and were built from repeating units with spherical and 
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cubical pores as shown in Figure 4.1. By geometric analysis, the author obtained the 

following formulas showing the relationship between the porosity, pore size and the 

length of repeating unit, based on which the model geometries could be determined. 

   For a spherical architecture: 
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For a cubical architecture: 
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where φ was porosity, d was pore size (i.e. diameter of the spherical pore and the length 

of the cubical pore), and L was the length of repeating unit as shown in Figure 4.1. 

 

Figure 4.1: Geometries of the scaffolds with (a) spherical architecture and (b) 

cubical architecture 
 

 

Due to the repeating nature of the scaffold architecture, central regions of 0.5–

1.905 and 0.5–2.116mm were modelled for spherical-architecture and cubical-

architecture scaffolds, respectively (see Figure 4.1), to ensure that every model had 

more than 3×3 repeating units in one cross section. It is important to note the pore size 

(d) and porosity (φ) parameters were varied independently of one another, whereby 
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these variables were defined as d = 100–400μm and φ = 60– 90% in increments 50μm 

and 5%, respectively. According to Equation 4.1 and 4.2, the values of scaffold 

geometric parameters were obtained and formulated into ANSYS parametric design. 

For the porosity (φ) variation, the pore size (d) was assumed as constant, and the height 

of repeating unit (L) was varied, as described in Equation 4.1 and 4.2. Similarly, for 

the pore size variation, the porosity was held constant, and the length of repeating unit 

was varied. 

 

4.2.2 Material and Fluid Properties 

The geometric variation study was based on scaffolds fabricated from poly(D,L-

lactide) (PDLLA) material, which had a Young’s modulus and Poisson’s ratio of 

3.3GPa and 0.3, respectively (Olivares et al., 2009). Due to the high Young’s modulus, 

the influence of fluid on the scaffold deformation was neglected for perfusion flow, 

meaning the effect of geometric parameters could be characterised using a CFD model. 

Therefore, the scaffold geometric variation under the fluid perfusion loading was 

conducted using a CFD model. The perfusion medium (Dulbecc’s Modified Eagle 

Medium: DMEM) was modelled as Newtonian fluid with dynamic viscosity of 

µ=1.45mPa·s and a density of ρ=1000kg/m3 (Olivares et al., 2009). 

 

4.2.3 Boundary and Loading Conditions of Computational Fluid Dynamics 

Model 

A constant uniform inlet fluid velocity profile was applied (v=100µm/s), and a zero 

pressure boundary condition was assumed at the outlet (Gomes et al., 2003). A non-

slip wall boundary condition was applied to the scaffold surfaces as shown in Figure 

4.2a, and four side faces were defined as symmetric boundaries, specifically: 
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where, vi was the fluid velocity, vj the velocity components in Cartesian co-ordinates, 

and xj were on the symmetric boundaries Γs: xj ϵ Γs.  

    The flow regime was determined based on Reynolds number (Re), which was 

estimated by Equation (4.4) (Tanaka et al., 2012): 
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where, l is the width of bioreactor chamber (l=8mm). 

The Reynolds numbers were obtained approximately 0.2, which was much smaller 

than the critical value of 2,000, indicating that the flow regime could be assumed to 

be laminar. Furthermore, a mesh refinement study was carried out for two cases of 

scaffold porosity (d=100µm, p=60% and d=400µm, p=90%), and it was determined 

that a global quadratic Tetrahedral element size of 50µm was suitable in the main 

volume regions, while the mesh size on scaffold surfaces was refined to an 

approximate element size of 10µm. Finally, the ANSYS CFX solver resolved the 

models using a finite volume method under the root-mean-square (RMS) residual 

convergence criteria of 1×10-4. 

 

4.2.4 Boundary and Loading Conditions of Fluid-Structure Interaction Model 

In the mechanical compression system, an FSI model was used to investigate the 

influence of scaffold geometry on resulting WSS imparted of scaffold surfaces. A 

compressive strain of 5% was applied on the top surface of the scaffold at a frequency 

of 1Hz, as shown in Figure 4.2(b). The side and bottom faces of the scaffolds were as 

assigned a frictionless support, specifically the displacements in Cartesian co-ordinate 

were z=0 for the bottom face and x=y=0 for the side surfaces in Figure 4.2(b). The 
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scaffold inner surfaces formed the fluid-structure interface. The deformation of 

scaffolds was computed by the ANSYS Structural solver under transient state. 

 

Figure 4.2: Boundary and loading conditions of (a) computational fluid dynamics 

model for fluid perfusion system; (b) fluid structure interaction model for mechanical 

compression system; (c) combined applied loading profiles: a pulsatile compression 

with the strain (εapp) magnitude of 5% (1Hz) is combined with a constant inlet fluid 

velocity (v) of 100µm/s, a pulsatile fluid velocity with the magnitude of 100µm/s 

(1Hz) and a cyclic fluid velocity with the magnitude of 100µm/s (0.5Hz) 
 

 

The model was based on a specific bioreactor design, in which the fluid could 

freely transport through the scaffold ends under mechanical loadings (Chowdhury et 

al., 2010; Schulz et al., 2008). Therefore, the inlet and outlet of the scaffold were 

assumed as opening boundaries with a pressure of 0 Pa, facilitating inward and 

outward flow. Furthermore, four side faces were set as symmetric boundaries. The 

inner surfaces of the fluid domain, which interacted with the scaffold, were defined as 

non-slip fluid-structure interface as expressed in Equation 4.5-4.6 (Hou et al., 2012). 

A two-way FSI analysis was carried out, which used a staggered iteration approach, 

whereby the pressure and velocity fields were resolved in the fluid domain. The fluid 
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stress tensor was applied to the fluid-solid interface, and the deformation of scaffold 

was relayed back to the fluid domain (Hou et al., 2012). Therefore at the fluid-solid 

interface the following conditions apply, 
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where the superscripts s and f represented the solid (scaffold) and fluid domains; vi 

and ui were velocity components, respectively; σij·ni was the normal stress tensor. 

The mesh was generated on the solid domain with a minimum length size of 

9.5µm by a quadratic Tetrahedron method with a patch conforming algorithm. The 

CFD domain was meshed to the same resolution as those described above for the fluid 

perfusion CFD model. The model was resolved in transient state by the ANSYS CFX 

solver under the RMS residual convergence criteria of 1.0×10-4. 

 

4.2.5 Combined loading 

Finally, the applied loading conditions (i.e. inlet fluid velocity and compressive 

strain) were varied to determine their effect of WSS. This was carried out for a PDLLA 

scaffold that had a spherical architecture, with a pore size of 300µm and porosity of 

90%. Firstly, the author investigated the influence of inlet fluid velocity on the WSS 

using the similar FSI model to that described in Section 2.4. The variation of inlet fluid 

velocity was achieved by applying three different fluid patterns (i.e. constant, pulsatile 

and cyclic) as shown in Figure 4.2c. This was a transient analysis that used a coupling 

time step of 0.05s, and pressure and velocity fields were solved using the ANSYS 

CFX solver under the RMS residual convergence criteria of 1.0×10-4. 
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 With a similar FSI model, a study of the combined loading (perfusion and 

compression) was carried out. As shown in Figure 4.2c, three types of loading were 

applied to the scaffold, which were combinations of the pulsatile compression of 

magnitude 5% (1Hz) with: (i) the constant inlet fluid velocity of 100µm/s, (ii) the 

pulsatile inlet fluid velocity with a magnitude of 100µm/s (1Hz) and (iii) the cyclic 

inlet fluid velocity with a magnitude of 100µm/s (0.5Hz). 

 

4.3  Results 

4.3.1 Fluid Perfusion 

The geometric variation study characterised the effect of pore size, porosity and 

scaffold architecture on WSS under both fluid perfusion and load-induced fluid flow 

due to mechanical compression. The resulting average WSS imparted on scaffold 

surfaces in the case of fluid perfusion was shown in Figure 4.3. The average WSS was 

found to be proportional to the inlet fluid velocity, and the results shown in Figure 4.3 

were presented as a variable (λ), which defined the ratio between average WSS (τa) 

and inlet fluid velocity (v). It was found that all the investigated parameters, i.e. 

scaffold architecture, pore size and porosity, had an effect on the average WSS 

imparted on scaffold surfaces. The most influential parameter governing mechanical 

stimulation within a scaffold was its pore size (d), whereby the average WSS in 

smaller-pore scaffolds (i.e. d=100µm) was approximately 3.3-fold higher than that of 

the larger ones (i.e. d=400µm). For both spherical and cubical architectures, the 

average WSS decreased with increasing pore-size. In Figure 4.3b and d, the results of 

the variable λ(τa/v) with respect to pore size (d) were fitted by the following power 

function as shown in Figure 4.3: 
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  bdad                          (4.8) 

wherein the detailed mathematical expressions and values of coefficients a, b and c 

were listed in Table 4.1. 

 

Table 4.1: Coefficients of power functions of λ (ratio between average wall shear 

and inlet fluid velocity) with respect to pore size (d) under fluid perfusion 

λ(d)=a·db 

 

Architecture 

 Porosity 

 

Coeff. 

 

60% 

 

65% 

 

70% 

 

75% 

 

80% 

 

85% 

 

90% 

Spherical 

Pore 

a 9302 9335 8437 9669 14160 5754 7086 

b -0.8629 -0.8835 -0.8744 -0.9117 -0.9829 -0.820 -0.8607 

Cubical 

Pore 

a 9857 9308 8397 5963 6177 4839 3372 

b -0.9325 -0.9409 -0.9291 -0.8826 -0.8969 -0.862 -0.8077 

 

Figure 4.3: (a) Ratio (λ) between average wall shear stress and inlet fluid velocity 

(τa/v) with respect to pore size (d) and porosity (φ) of spherical-architecture scaffold 

under fluid perfusion; (b) computational results of λ that is fitted by power functions; 

(c) λ with respect to pore size (d) and porosity (φ) of cubical-architecture scaffold 

under fluid perfusion; (d) computational results of λ that is fitted by power functions 
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Figure 4.4: In fluid perfusion system (inlet fluid velocity=0.1 mm/s), wall shear 

stress (WSS) distribution within the scaffold units with spherical architecture, 

porosity of 90% and pore size of (a) 250μm, (b) 300μm and (c) 350μm; (d–f) fluid 

velocity distribution within the respective unit scaffolds 
 

 

Shown in Figure 4.4 are the WSS and fluid velocity distributions within the unit 

scaffolds for pore-sizes 250µm-350µm (each has a porosity of 90%), which are from 

the centre of the global scaffolds. The scaffold with a pore size of 250µm experienced 

greater WSS magnitudes compared to either the 300µm or 350µm pore sized scaffold, 

and this high WSS was concentrated in the intermediate region between two adjacent 

pores. Furthermore, as shown in Figure 4.4d-f, the fluid velocity was higher in the 

scaffold with pore size d=250µm (v=266µm/s) than the scaffolds with pore sizes of 

d=250µm and 300µm (v≈258µm/s). Within these three scaffolds, high fluid velocity 

was concentrated at the pore connections along the longitudinal direction, whereas in 

the transverse direction the rate of fluid perfusion was not substantial. 
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Figure 4.5: In fluid perfusion system (inlet fluid velocity=0.1 mm/s), wall shear 

stress (WSS) distribution within the scaffold units with cubical architecture, porosity 

of 90% and pore size of (a) 200μm, (b) 250μm and (c) 300μm; (d–f) fluid velocity 

distribution within the respective unit scaffolds 
 

 

For the cubical-architecture scaffold, the threshold pore size occurred at around 

250µm as shown in Figure 4.3c-d. It was observed that the WSS also concentrated at 

the connections between each two pores, however, the magnitude was higher in the 

scaffold with pore size of 200µm than that in the 250µm and 300µm ones (see Figure 

4.5a-c). Similar to the spherical architecture, the fluid velocity in cubical-architecture 

scaffolds also concentrated at the pore connections in the longitudinal direction, and 

was of a similar magnitude (i.e. about 260µm/s), whereas lower perfusion was 

observed in the transverse direction (Figure 4.5d-f). The magnitude of WSS was not 

different between cubical and spherical-architecture scaffolds.  
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Figure 4.6: Wall shear stress distribution in spherical and cubical-architecture 

scaffolds with the porosity of 90% and pore sizes of 200-350µm 
 

 

The WSS distribution within cubical and spherical scaffolds of pore-sizes 200µm-

350µm (each has a porosity of 90%) is shown in Figure 4.6. The WSS was more 

equally distributed within spherical architecture scaffolds than within cubical 

architectures. For example, for a scaffold with a pore size d=300µm, approximately 

84.7% of the cubical surface area was exposed to a WSS range of 0-8mPa, whereas 

94.5% of the spherical scaffold surface area was within a narrower range of WSS (i.e. 

2-8mPa). More interestingly, it was found that larger pore size could result in the more 

equally distributed WSS for both spherical and cubical architectures. For instance, for 

scaffolds with a pore size of 300µm, 99.3% (spherical architecture) and 99.1% (cubical 

architecture) of the surface area had the WSS range of 2-10mPa and 0-10mPa, 

respectively. For the scaffolds with a pore size of 250µm, a smaller surface area (i.e. 

88.4% of spherical architecture and 92.2% of cubical architecture) was exposed to 

similar WSS ranges.  
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4.3.2 Load-induced fluid flow under mechanical compression 

In this parameter variation study, the influence of load-induced fluid flow, which 

resulted from externally applied mechanical compression, on WSS imparted on 

scaffold surfaces was investigated using a two-way FSI model. Here, the resulting 

average WSS was found to be proportional to the magnitude of compressive strain 

under the loading frequency of 1Hz. The author therefore implemented another 

variable (β) to represent the ratio between average scaffold WSS (τa) and applied 

compressive strain (εapp). Under mechanical compression, the average WSS in the 

spherical scaffold was approximately 1.5-fold that of the cubical scaffold (Figure 4.7a 

and c). A variable β(τa/εapp) with respect to pore size (d) was derived for each porosity, 

as described by mathematical expressions in Table 4.2. In this case, it was found that 

the pore size was the most critical parameter for determining the average WSS 

imparted on the scaffold surfaces, with smaller pore sizes leading to higher average 

WSS values, as shown in Figure 4.7. The effect of porosity on resulting WSS in both 

scaffold architectures was found to be relatively small, as shown in Figure 4.7.  

Shown in Figure 4.8 are the WSS and fluid velocity distributions (at time=1.25s) 

within the spherical architecture scaffolds that had pore-sizes of 200µm-300µm, each 

having a porosity of 90%. The scaffold with a pore size (d) of 200µm showed higher 

WSS magnitude than those with d=250 and 300µm. Furthermore, due to the fluid mass 

conservation and non-slip wall boundary on the interface, the induced fluid velocity 

concentrated in the area close to the scaffold end with frictionless support boundary, 

while the loading end showed the minimal level of fluid velocity (see Figure 4.8a-c). 

Moreover, the magnitude of fluid velocity was higher in the scaffold with a pore size 

of 200µm compared to those with larger pore sizes (i.e. d=250µm and 300µm). 

Importantly, the higher fluid velocity gradients closed to two ends resulted in a higher 
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level of WSS, while it decreased to zero in the centre area as shown in Figure 4.8(d-

f). Similar to the fluid perfusion case, the local WSS elevations were concentrated in 

the intermediate regions between two adjacent pores, as shown in Figure 4.8(a-c). 

 

Table 4.2: Coefficients of power functions of β (ratio between average wall shear 

and compressive strain) with respect to pore size (d) under mechanical compression 

β(d)=a·db 

 

Architecture 

 Porosity 

 

Coeff. 

 

60% 

 

65% 

 

70% 

 

75% 

 

80% 

 

85% 

 

90% 

Spherical 

Pore 

a 37370 55430 45610 27630 25200 20820 14370 

b -0.921 -1.020 -0.9884 -0.8953 -0.8831 -0.849 -0.7797 

Cubical 

Pore 

a 20700 22550 22920 19800 11060 12980 12340 

b -0.881 -0.908 -0.9233 -0.9142 -0.8023 -0.850 -0.8499 

   

 

Figure 4.7: (a) Ratio (β) between average wall shear stress and compressive strain 

(τa/εapp) (frequency = 1Hz) with respect to pore size (d) and porosity (φ) of spherical-

architecture scaffold under mechanical compression; (b) computational results of β 

= τa/εapp that is fitted by power functions; (c) ratio (β) between average wall shear 

stress and compressive strain (τa/εapp) (frequency=1Hz) with respect to pore size (d) 

and porosity (φ) of cubical-architecture scaffold under mechanical compression; (d) 

computational results of β = τa/εapp that is fitted by power functions 
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      Shown in Figure 4.9(a-c) are the WSS distributions within the cubical-

architecture scaffolds that had pore-sizes of 200µm-300µm, each having a porosity of 

90%. Similar to the spherical architecture, the WSS also concentrated in the 

intermediate regions between two adjacent pores (see Figure 9a-c), moreover, the 

higher WSS magnitude was also observed in the scaffold with a pore size of 200µm. 

In addition, similar fluid velocity distributions, as those in the spherical architecture, 

were found in the cubical-architecture scaffolds (Figure 4.9d-f), wherein the fluid 

velocity concentrated in the area close to the end (frictionless support boundary), and 

it was minimised within the scaffold with a large pore size (i.e. d=300µm). However, 

the magnitude of fluid velocity in cubical-architecture scaffold was lower than that in 

the spherical architecture.   

 

Figure 4.8: At the time point (t = 1.25 s) with peaked wall shear stress (WSS) in 

mechanical compression system (compressive strain=5%, frequency=1Hz), WSS 

distribution within the spherical-architecture scaffolds with porosity of 90%and pore 

size of (a) 200μm, (b) 250μm and (c) 300μm; (d–f) fluid velocity distribution within 

the respective scaffolds 
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Figure 4.9: At the time point (t = 1.25 s) with peaked wall shear stress (WSS) in 

mechanical compression system (compressive strain=5%, frequency =1Hz), WSS 

distribution within the cubical-architecture scaffold with porosity of 90% and pore 

size of (a) 200μm, (b) 250μm and (c) 300μm; (d–f) fluid velocity distribution within 

the respective scaffolds 
 

 

4.3.3 External Loading Variation 

For the fluid perfusion system, the average WSS within the spherical-architecture 

scaffold (pore size: d=300µm, porosity: φ=90%) was 4.96mPa under a constant inlet 

fluid velocity of 100µm/s. When pulsatile fluid velocity profiles were considered, the 

resulting average WSS showed the same patterns with the inlet flow, and had a 

magnitude of 4.96mPa (at peak flow). The magnitude of average WSS within the 

scaffolds was found to be proportional to the applied inlet fluid velocity 

(λ=49.6mPa/mm·s-1). Under mechanical compression, the resulting average WSS (τa) 

as shown in Figure 4.10(a) had two peaks within one period (1sec – 2sec), which could 

be described by a Fourier series as shown in Equation 4.9. Furthermore, the average 

WSS (τa) is proportional to the loading rate of compressive strain (εapp). 
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where the value of N and coefficients ω, ai and bi were listed in Table 4.3. 

 

Figure 4.10: Average wall shear stress within the spherical-architecture scaffold 

with the pore size of 300μm and porosity of 90% under (a) pulsatile compression 

only, (b) constant flow and pulsatile compression, (c) pulsatile flow and pulsatile 

compression, (d) cyclic flow and pulsatile compression 
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Table 4.3: Coefficients of Fourier series expressions of average wall shear stress (τa) 

under four types of loads 

 

 

Coeff. 

   



N

0i

tωisin
i

btωicos
i

a
a
τ  

Pulsatile 

compression 

only 

Pulsatile 

compression and 

 Constant fluid 

flow 

Pulsatile 

compression and 

Pulsatile fluid flow 

Pulsatile 

compression and 

cyclic fluid flow 

N 2 6 6 8 

ω 12.5 5.733 6.286 3.129 

a0 5.089 10.07 10.04 10.290 

a1 -3.268 -4.589 -0.3393 -2.712 

a2 -0.5637 -0.868 -6.101 -0.771 

a3 0 -1.134 -0.0494 2.814 

a4 0 0.6294 -1.028 -5.920 

a5 0 -0.1197 0.02893 -0.712 

a6 0 -0.2175 -0.3458 -0.3515 

a7 0 0 0 0.6797 

a8 0 0 0 -0.8477 

b1 -0.7018 -3.027 -2.823 -0.3428 

b2 -0.250 5.971 0.06703 -0.0446 

b3 0 0.0176 -0.7583 0.1997 

b4 0 -0.1871 -0.04379 -1.228 

b5 0 0.3102 -0.3647 -0.2638 

b6 0 -0.2625 -0.04111 -0.09039 

b7 0 0 0 0.1661 

b8 0 0 0 -0.3657 

 

    In addition, a combined loading of fluid perfusion and mechanical compression 

was applied to the scaffold as shown in Figure 4.10(b-d). The resulting average WSS 

also could be fitted by a Fourier series described by Equation 9 with the coefficient ai, 

bi and ω listed in Table 4.3. When the resulting average WSS in combined loading 

system was compared to the average WSS for either fluid perfusion or compression, 

it was found that the applied fluid flow played a more significant role in dictating the 

magnitude of resulting WSS, while compression determined the patterns of resulted 

WSS in a combined loading system. More interestingly, the WSS was amplified under 

the combined loading, instead of a simple superposition of the WSS results from the 

isolated fluid perfusion and mechanical compression systems.  
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4.4  Discussion 

In this chapter, the influence of scaffold geometry and the applied loading regime 

on mechanical stimulation within two commonly used TE scaffold architectures was 

investigated using CFD and two-way coupled FSI approaches. The results showed that 

(i) the geometry of scaffold dominated the levels of mechanical stimulation within the 

scaffold; (ii) a combined loading regime (fluid perfusion and mechanical compression) 

would cause an amplified WSS, rather than a simple superposition from the isolated 

fluid perfusion and mechanical compression systems. 

One limitation of this chapter was that due to computational limitations, the 

combined loading variation was based on one scaffold geometry, rather than a global 

parametric variation study including all of the geometries. However, the information 

predicted through these studies enable an enhanced understanding of the change of 

WSS under different types of combined loadings. Secondly, as the measurement of 

fluid-induced shear stress within scaffolds was still impossible using experiment 

techniques, this chapter focused on predicting the change in WSS as a function of 

scaffold geometry and the applied loading regime, to allow researchers to easily 

estimate the WSS generated within scaffolds. Therefore, the strain imparting a direct 

stimulus to cells adhered on the scaffold surface from the mechanical loading was not 

considered in this chapter. And thirdly, the parametric variation was implemented with 

the cell-free scaffolds, so the WSS presented in this chapter were at the scaffold level. 

However, it was found that the WSS was amplified on cell surfaces, compared to the 

scaffold surfaces (i.e. the maximum: five-fold) in Chapter 5. Moreover, cells with 

different attachment types (attached on the struts and bridged across the pores) were 

found to receive different levels of strain under mechanical compression. Furthermore, 

the modelling approach did not incorporate the effect of cell contraction, which was 



Chapter 4 

78 

 

dictated by the mechanical properties of the biomaterial scaffold and influenced 

osteogenic differentiation (Harley et al., 2008; Murphy et al., 2012; Murphy et al., 

2013). Cell contraction of biomaterial substrates has been modelled using 

computational approaches for individual cells (Dowling and McGarry, 2014; Mullen 

et al., 2015; Mullen et al., 2014a), but it has not yet been achieved at the level of a 

three dimensional scaffold due to the computational complexity of this problem. 

Finally, although this chapter considers regular architectures, Marin and Lacroix (2015) 

have recently shown that when these regular scaffolds are fabricated using rapid 

prototyping techniques, small variations in geometry post-fabrication can have a 

significant effect on generated mechanical stimulation due to flow perfusion. Based 

on the findings in (Marin and Lacroix, 2015), it may be the case that local variations 

in WSS may actually be much higher due to manufacturing inconsistencies. Therefore, 

in future work, an investigation of the cellular-level mechanical stimulation within a 

realistic scaffold with attached cells could be carried out using an FSI approach to 

compare to the stimulation predicted here. 

The key contribution of this chapter is the provision of a convenient mathematical 

expression that can be applied by experimental researchers to estimate shear stress 

generated within their own scaffolds, based on experimental variables such as porosity, 

pore-size and architecture, and thereby allow them to tailor their mechanical 

stimulation approach to optimise the likelihood of achieving the desired tissue 

differentiation. While other studies have characterised WSS as a function of 

architecture, pore-size or porosity, the range of parameters considered in many of these 

studies is limited, with studies only considering a single pore size (McCoy et al., 2012) 

or porosity (Melchels et al., 2011) for example. This chapter is the first to consider the 

combined effects of each of these parameters by independently varying each one over 
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quite a wide range (similar to what has been used experimentally). This has important 

implications as there is an ever-increasing focus within the tissue engineering 

community to understand the role of mechanical loading for directing differentiation 

of mesenchymal stem cells and promoting cellular activity, in the form of proliferation, 

migration and ECM deposition (Altman et al., 2002; Subramony et al., 2013). For 

example, mechanical stimulation in the form of WSS that was in the range of 0.1mPa 

– 10mPa was suggested for promoting osteogenic differentiation of mesenchymal 

stem cells, while WSS between 10mPa – 30mPa enhanced chondrogenesis (Olivares 

et al., 2009). Considering these stimulation thresholds and this model predictions, the 

author propose that the inlet fluid velocity applied to spherical and cubical-architecture 

scaffolds (d=300μm, φ=90%) should not exceed 0.20mm/s and 0.28mm/s, respectively, 

in order to achieve a WSS that would give rise to osteogenic differentiation (0.1 – 

10mPa). Similarly, an inlet fluid velocity within the range of 0.20-0.60mm/s (spherical 

architecture) and 0.28-0.84mm/s (cubical architecture) might be preferable for 

cartilage differentiation, and in excess of these, would likely lead to fibrous-tissue 

differentiation within either scaffold. This would have important practical implications 

for design of bioreactor experiments as such high velocities could result in the 

detachment of the cells (McCoy et al., 2012). For instance, it was observed that 

approximately 11.26% and 29.19% of cells in a Collagen-GAG scaffold (pore size 

d=120μm) would be detached under the flow rate of 0.05mL/min and 1mL/min, 

respectively (McCoy et al., 2012). To achieve an average WSS of 5mPa in scaffolds 

(d=120µm), the applied inlet fluid velocity should be higher than 0.033mm/s (flow 

rate=0.127mL/min) and 0.05mm/s (flow rate=0.192mL/min) for spherical and cubical 

architectures, respectively. However, approximately 11.26% of cells would be 

detached under such fluid velocities.  
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In the case of load-induced fluid flow resulting from mechanical compression, it 

was found that the scaffold WSS above certain loading cases would be higher than the 

threshold for bone cell differentiation. Typically, WSS resulting from load-induced 

fluid flow is not considered to be the main driver of scaffold stimulation under 

compressive loading regimes (Sandino et al., 2008). However, this model predicts that 

under a compressive strain of 5% (1Hz) in 400μm pore-size scaffolds, which has been 

experimentally shown to achieve enhanced osteogenic differentiation (i.e. higher ALP, 

osteopontin expression and calcium content) of human bone marrow-derived MSCs 

(Sittichokechaiwut et al., 2010), the resulting WSS would be between 4.12-7.18mPa 

and thus well within the range to stimulate an osteogenic response. In addition, an in 

vivo study by (Duty et al., 2007), it was found that bone tissue formation and 

mineralisation were enhanced within a porous PLA scaffold (φ=71%, d=397µm) under 

dynamic compression with a compressive strain of 1.8% and frequency of 1Hz. 

According to the prediction, an average WSS around 2.0mPa would result within the 

scaffold, which was within the range for stimulating the osteogenic response. These 

results suggest an important contribution of load-induced fluid shear stress within 

tissue engineering scaffolds under mechanical compression regimes.  

Large pore sizes and scaffold porosities have been found to significantly enhance 

cell attachment, differentiation, proliferation and migration (Haugh et al., 2009; Kim 

et al., 2010; Murphy et al., 2010; Murphy et al., 2013). According to this chapter, a 

larger pore size (i.e. d≥300µm) would result in a lower WSS, in particular for the 

highly porous scaffold (i.e. φ=90%). For example, a dynamic cell culture study, in 

which bone cells seeded in a collagen-GAG scaffold were exposed to fluid perfusion 

(1mL/min), suggested that larger pore sizes (d=325µm) were preferable for 

mechanical stimulation for a better cell attachment, and an average WSS of 17.6mPa 
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resulted in the scaffold (McCoy et al., 2012). If the scaffolds were fabricated by rapid 

prototyping with spherical or cubical pores of 325µm, an average WSS of 12.7mPa 

and 8.2mPa would result for spherical and cubical architectures (φ=90%) under a 

similar flow rate (1mL/min). So, the WSS of the spherical scaffold (φ=90%, d=325µm) 

was within 28% of the WSS of the irregular-pore scaffold, which was preferable for 

cell attachment under mechanical stimulation (McCoy et al., 2012), and might be used 

under similar conditions to achieve a similar cell attachment with the irregular 

collagen-GAG scaffold. However, some other studies found that cells also could be 

stimulated to an osteogenic response in scaffolds with a smaller pore size. For instance, 

Gomes et al. (2003) used a scaffold with a small pore size (d=181µm, φ=75%) to 

stimulate bone marrow cells to an osteogenic response and observed increased ALP 

activity and calcium deposition under a flow rate of 0.3mL/min. According to the 

predictions of this models, the resulting average WSS would be 8.5mPa (spherical 

architecture) and 6.0mPa (cubical architecture), which are within the WSS range (0.1-

10mPa) for promoting osteogenesis. However, the findings in this chapter indicated 

that the larger pore size would result in more equally distributed WSS, especially in 

spherical architecture. Therefore, considering all the factors mentioned above, a 

spherical-architecture scaffold with large pore size (i.e. d≥300µm) is suggested to be 

more preferable for bone tissue engineering experiments. 

Finally, the parametric variation study in this paper showed that under the 

compressive strain of 5% (1Hz), the resulting WSS was comparable to that in the fluid 

perfusion system (inlet fluid velocity=0.1mm/s) (see Figure 4.4 vs. 4.8, Figure 4.5 vs. 

4.9). However, from the perspective of cellular strain caused by mechanical 

compression of scaffold, Chapter 5 discussed the limitation of mechanical 

compression that the bridged cells within scaffolds were less stimulated than the 
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attached cells. But under fluid perfusion, the bridged cells received higher stimulation 

than attached cells. The predictions for the combined loading condition revealed that 

the WSS varied from that in either fluid perfusion or mechanical compression system, 

moreover, it was amplified. Thus, combined loading could enhance stimulation on 

both bridged and attached cells. To some extent, this was supported by tissue 

engineering experimental phenomena. For example, an experimental study showed 

that a combination of fluid perfusion (inlet flow rate: 10mL/min) and mechanical 

compression (compressive strain: 10%) could stimulate the bone cells resulting in 

larger amount of osteocalcin and higher Runx2 expression than those under fluid 

perfusion after 2-3 weeks culture (Jagodzinski et al., 2008). 

 

4.5  Conclusion 

In this chapter, the author investigated the influence of scaffold geometry (i.e. 

architecture, pore size and porosity) and external loading on the mechanical 

stimulation within scaffolds using a computational approach. The study of geometric 

variation was conducted for both fluid perfusion and mechanical compression loading, 

which were modelled by CFD and FSI methods, respectively. It was found that the 

pore size had a greater influence on mechanical stimulation within the scaffold than 

the architecture and porosity. A combination of fluid perfusion and mechanical 

compression with different profiles was also investigated using an FSI approach. 

Interestingly, the mechanical stimulation was amplified within the scaffold under 

combined loading, which indicated a better suitability for cell stimulation within a 

bone TE scaffold. Importantly, the results of this parametric study not only shed light 

on the mechanism of mechanical stimulation (in terms of WSS) within tissue 

engineered (TE) scaffolds, but also derived an expression that can be applied by 
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researchers in the design and optimisation of 3D TE scaffolds and experimental 

loading regimes so that a desired level of mechanical stimulation (WSS) is generated 

within the scaffold.  
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Chapter 5: Multiscale Fluid Structure Interaction 

Modelling to Determine the Mechanical Stimulation of 

Bone Cells in a Tissue Engineered Scaffold  

 

5.1  Introduction 

Computational modelling has been applied to predict the mechanical stimulation 

experienced within tissue engineered scaffolds under flow perfusion or mechanical 

compression/stretching in vitro (Jungreuthmayer et al., 2009b; McCoy et al., 2012; 

Milan et al., 2009; Olivares et al., 2009; Stops et al., 2010a; Stops et al., 2010b). In 

general, these models have simulated the mechanical environment within biomaterial 

scaffolds using either finite element (FE) approaches or computational fluid dynamics 

(CFD). FE models have been applied to predict the biophysical stimuli created within 

idealised and µ-CT derived models of collagen-GAG scaffolds. For instance, Byrne et 

al. (2007) employed FE modelling, in combination with an adaptive 

mechanoregulation algorithm, to investigate bone tissue differentiation within an 

idealised scaffold under compression. (Stops et al., 2010a; Stops et al., 2008) used an 

FE approach to study the mechanical stimuli experienced by cells in different regions 

of a realistic collagen-GAG scaffold under tensile stretch and compressive loading. 

The results showed a wide range of mechanical stimuli experienced by cells in 

different regions in the scaffolds due to a regional dependence of architectural and 

mechanical properties of the scaffold caused by the manufacturing process. In addition, 

CFD models have been used to predict the wall shear stress (WSS) along the scaffold 

surface arising under fluid flow through the scaffold (Milan et al., 2009; Olivares et 

al., 2009; Sandino and Lacroix, 2011). Both realistic and idealised scaffolds in these 

studies were assumed as rigid and cell-free, exposed to the fluid flow. The results 
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showed that not only the input flow rate, but also the scaffold architecture and porosity 

had an influence on the mechanical stimuli (WSS) on the scaffold surfaces. However, 

these studies excluded the cells, which are composed of an elastic cell membrane that 

deforms in response to the fluid flow imposed by perfusion through the scaffold. A 

recent CFD-elastostatics approach has been applied to model the geometry of the 

scaffolds from µ-CT scanned data and to include cells attached to the biomaterial 

scaffold (Jungreuthmayer et al., 2009b; McCoy et al., 2012). These models 

represented the geometrical features of the in vitro environment and were applied to 

predict the WSS on cells and the resulting deformation of cells seeded within a flow 

perfusion bioreactor. These studies identified that cells that were bridged between two 

struts experienced much higher deformation than cells that were just attached to a 

single strut and therefore highlighted the importance of the scaffold pore size in 

determining the nature of cell attachment. However, these studies were carried out 

using a one-way Fluid-Structure Interaction (FSI) approach and did not consider the 

influence of cellular deformation on the surrounding fluid flow.  

The objective of this chapter is to apply two-way FSI and FE approaches to 

investigate the nature of the mechanical stimulation experienced by individual 

osteoblasts seeded on a biomaterial scaffold and exposed to flow perfusion and 

mechanical compression. A multilevel methodology is developed whereby a global 

CFD model is used to characterise the mechanical stresses within the scaffold under 

flow perfusion, while a local FSI model, informed by the results of the global model, 

is used to characterise the nature of the deformation experienced by osteoblasts 

attached within the scaffold. The cell-level models include the internal nucleus and 

cytoplasm, and the nature of mechanical stimulation on osteoblasts at different 

locations within the scaffold are analysed. Furthermore, the stimulation on osteoblasts 
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due to mechanical compression is investigated using a FE model. Such results are 

significant in order to precisely describe the mechanical stimulation of osteoblasts at 

different locations in the scaffold. 

 

5.2  Methods 

For the perfusion system, the model was formulated at two separate length scales as 

illustrated in Figure 5.1. At the global level, the author developed a CFD model of an 

idealised scaffold with the hexagonal architecture (Figure 5.2 a) to predict local shear 

stress stimulation within the scaffold under typical flow perfusion regimes used in 

vitro. These results were used to define the boundary conditions for the sub-scaffold 

(cellular level) FSI model, providing a framework to relate scaffold level stimulation 

to local cellular deformation. This approach is described in further detail below. For 

the mechanical compression, the strains in osteoblasts were determined by a FE 

method as described in Section 5.2.3. 

 

5.2.1 Global Computational Fluid Dynamics Model 

To define the boundary conditions for the sub-scaffold (cellular level) model, a 

computational fluid dynamics global model (CFD) model of the scaffold was 

developed using ANSYS CFX (ANSYS, Inc., US). Based on the studies by (Olivares 

et al., 2009), the scaffold had a diameter of 8 mm and a regular hexagonal architecture, 

a porosity of 55% and a pore size l1=85 µm (width), l2=179.5 µm (length) (see Figure 

5.2a, b). The central region of the scaffold (0.8 mm diameter and 4 mm length) was 

modelled as a series of repeating units in both the radial and longitudinal directions (8 

mm diameter and 4 mm length). The model was meshed with 1,823,000 tetrahedral 

elements to resolve pressure and velocity fields inside the scaffold under steady-state 
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conditions. 

 

Figure 5.1: Flowchart of the multiscale modelling approach 

 

    The scaffold was fabricated from poly(D,L-lactide) (PDLLA) material, which 

had a Young’s modulus and Poisson’s ratio of 3.3GPa and 0.3, respectively (Olivares 

et al., 2009). As the Young’s modulus of the scaffold material was high, the influence 

of the fluid on the solid scaffold was neglected in the global CFD model. The perfusion 

media, Dulbecco's Modified Eagle Medium (DMEM) was modelled as a Newtonian 

fluid with a dynamic viscosity of µ = 1.45 mPa and a density of ρ = 1000 kg/m3 (37oC) 

(Olivares et al., 2009). A constant uniform inlet fluid velocity profile was applied (v = 

100 µm/s or 0.3 mL/min) (Gomes et al., 2003), while no-slip boundary conditions 

were applied on all scaffold walls and a zero pressure boundary condition was assumed 

at the outlet. To distinguish the type of flow (laminar or turbulent), the Reynolds 
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numbers (Re) was calculated according to the following equations.  

For the rectangular pore flow:                                                         
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                      (5.1) 

For the hexagonal pore flow: 
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Re 1l                       (5.2) 

where, l1 and l2 were the width and length of rectangular pore as shown in Figure 

5.2(b). 

 

Figure 5.2: (a) Computational fluid dynamics model showing the fluid domain 

(pink) and the scaffold solid domain (green), (b) sub-scaffold (cellular level model) 

depicting osteoblast cells attached to the scaffold surface in different locations (A1, 

A2, A3, A4, B1, B2, B3, B4, B5), (c) geometries of bridged and attached osteoblasts. 

 

The Reynolds numbers were obtained as 0.0020 and 0.0025 respectively for 

rectangular pore flow and hexagonal pore flow. Since these values were much smaller 
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than the critical value of 2000, the model assumed laminar flow. Finally, the ANSYS 

CFX solver resolved the model using the finite volume method under the root-mean-

square (RMS) residual convergence criteria of 1×10-4.  

 

5.2.2 Sub-scaffold (cellular level) Fluid-Structure Interaction Model 

To investigate the mechanical stimulation of osteoblasts under the fluid flow, local 

two-way fluid-structure interaction models were defined using the ANSYS 

Multiphysics platform, which coupled the ANSYS CFX solver and ANSYS Structure 

finite element solver. Specifically, the author investigated the effect of cell attachment 

at different locations along the scaffold, by developing three sub-scaffold FSI models 

representing three different regions (C, M, F in Figure 5.2a) where the boundary 

conditions were derived from the global model (described above), since the local 

pressure and fluid velocity fields were found to vary along the longitudinal direction 

of global scaffold.  

The difference in cell geometry was investigated to account for osteoblasts that 

attached to the scaffold or bridged scaffold pores. In each sub-scaffold FSI model, the 

author modelled four osteoblasts bridging across the pores and five osteoblasts 

attaching on the scaffold surfaces (see Figure 5.2b). The cell geometry reported by 

Jungreuthmayer et al. (2009b) was idealised and altered to incorporate a nucleus and 

cytoplasm section in the cell model (see Figure 5.2c). The cell body of attached and 

bridged cells were idealised as a hemisphere/sphere, respectively, with diameters of 

19µm and 15µm. The heights of cell extensions were 0.75µm and 1.0µm for attached 

and bridged cells, respectively. Moreover, both the attached and bridged cells had a 

uniform length of 60µm. In this chapter, the author referred to each individual cell in 

the sub-scaffold FSI model through a naming convention, e.g. AC1, AC2, BM3, BF4. 
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Here, A and B represented attached and bridged osteoblasts and the number 1, 2, 3 and 

4 represented different locations within a sub-scaffold (Figure 5.2b). The letters C, M 

and F denoted the three different regions of global scaffold in which the osteoblasts 

were located, where Region C corresponds to a region near the scaffold inlet, Region 

M corresponds to a region in the middle of the scaffold while Region F corresponds 

to a location near the scaffold outlet (Figure 5.2a). All the osteoblasts were meshed 

using the Hex Dominant method, which generated 86,000 elements and 70,500 

elements for attached and bridged osteoblasts, respectively. 

 

Figure 5.3: (a) Pressure; (b) fluid velocity distribution in global computational fluid 

dynamics model; (c) boundary loading of local fluid structure interaction model 

 

    This chapter assumed that the cell cytoplasm and nucleus were isotropic and 

compressible materials (McCoy et al., 2012; Verbruggen et al., 2012). For the 

cytoplasm, a Young’s modulus (Ecyto) and a Poisson’s ratio (ν) of 4.47kPa and 0.4 were 

assumed, while the Young’s modulus (Enucl) of nucleus was 17.88kPa and Poisson’s 

ratio was 0.4 (Vaughan et al., 2013a). It was assumed that the cell body and scaffold 

were perfectly adhered, which prevented fluid penetrating the cell-scaffold interface. 

The cell body surface was set as the fluid-solid interface, where the media generated 
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the WSS and fluid pressure as the load to cells. The solid model of osteoblasts was 

resolved by an iterative solver using FE method. 

 

The fluid properties in local FSI model were the same as those in the global CFD 

model described above. The inlet fluid velocity profile (matrix v) of the sub-scaffold 

was the local fluid velocity profile predicted by the global CFD model. As shown in 

Figure 5.3(c), six side faces of the fluid domain assumed a symmetry condition, which 

inhibited out-of-plane flow. The outlet boundary condition assumed as a static pressure 

(p1), which was derived from the results of the global CFD model (see Figure 5.3c). 

The cell membrane formed the fluid-solid interface between the CFD and FE domains 

and this two-way FSI analysis followed a staggered iteration approach, whereby the 

fluid equations were solved and the resulting fluid stress tensor acting at any fluid-

solid interfaces (in this case the cell membranes) is applied as the boundary condition 

on the solid domain, where resulting deformations are relayed back to the fluid domain 

and the solution continues through further iterations until a convergence criteria is 

reached. The fluid domain was meshed by a Tetrahedron method with a patch 

confirming algorithm. Additionally, the mesh on the fluid-solid interface was refined 

with an element size of 0.2µm. A total of 748,391 elements and 1,106,574 elements 

discretised the attached and bridged osteoblasts. Finally, the model was resolved in 

steady state by ANSYS CFX solver under the RMS residual convergence criteria of 

1.0×10-4.  

 

5.2.3 Mechanical Compression Model 

As compression of the scaffold would elicit fluid flow within the fluid filled material, 

a two-way FSI model was developed based on the global scaffold to determine the 

WSS and fluid velocity within the scaffold. Olivares et al. (2009) suggest a uniaxial 
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compression with the strain of 0.5% favourable for bone cell differentiation. So, in the 

solid domain, a time-dependent uniaxial compressive strain (0-0.5%, 1Hz) was 

applied to the scaffold as shown in Figure 5.4(a). The scaffold surfaces were defined 

as the solid-fluid interfaces, and the scaffold was constrained by frictionless support 

on the bottom and side surfaces. The entire solid domain was meshed by Hex 

Dominant method with 14,553 elements, and solved in transient state by FE approach. 

In the fluid domain, the top and bottom surfaces were assumed as non-slip walls. 

Similar with the FSI model in Section 5.2.2, this FSI model also followed a staggered 

iteration approach, whereby the fluid equations were solved and the fluid shear was 

computed on the interface between fluid and scaffold. The fluid domain was meshed 

by a Tetrahedron method with a patch confirming algorithm, resulting in 2,288,900 

elements, and resolved in transient state by ANSYS CFX solver under the RMS 

residual convergence criteria of 1.0×10-4. As shown in Figure 5.5, the maximum WSS 

and fluid velocity caused by compression (0.5% strain) were 0.56mPa and 20µ/s, 

respectively. Compared to the WSS and fluid velocity by fluid perfusion, the influence 

of the fluid flow in compression (0.5% strain) could be ignored. Consequently, a finite 

element (FE) method was employed to determine the stimulation received by attached 

and bridged cells in scaffold under mechanical compression. The bottom face and six 

side faces of the sub-scaffold were defined as the frictionless support boundaries as 

shown in Figure 5.4(b). A Hex Dominant method was employed for meshing the sub-

scaffold with osteoblasts bridged and attached in it, and 233,978 elements were 

generated for the sub-scaffold and cells. Finally, the strains in osteoblasts were 

computed by ANSYS Structural solver.  
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Figure 5.4: The boundary conditions of: (a) fluid structure interaction model for the 

global scaffold and (b) finite element model for the sub-scaffold under mechanical 

compression 

 

Figure 5.5: (a) Wall shear stress and (b) fluid velocity distribution within the 

scaffold under compression (0-0.5%, 1Hz) 
 

 

5.3  Results 

5.3.1 Global Computational Dynamics Model 

The global CFD model was used to calculate the WSS, pressure and fluid velocity 
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within the scaffold under perfusion fluid flow (v=100m/s), which informed the 

boundary conditions for the sub-scaffold (cell level) model. Figure 5.3 (a, b) showed 

the pressure and fluid velocity distribution within the global scaffold. The pressure 

decreased from 0.95Pa to 0Pa along the longitudinal direction from the inlet to the 

outlet. Sub-scaffold models were located at three different longitudinal regions, C, M, 

and F, and at these locations the maximum fluid velocity occurred in the centre of the 

scaffold channel, as shown in Figure 5.6 (a). Here, the maximum fluid velocities at 

Region C, M and F were 411µm/s, 393µm/s and 391µm/s, respectively. Figure 5.7 (a) 

shows the percentage of the scaffold surface areas experiencing different levels of 

WSS indicative for bone cell differentiation (0.1mPa - 10mPa), and cartilage 

differentiation (10 - 30mPa) (Olivares et al., 2009; Prendergast et al., 1997b). The 

results of the global model predicted that 75.4% and 24.4% of total scaffold surface 

area were exposed to levels of WSS sufficient to stimulate bone and cartilage 

differentiation, respectively.  

 

5.3.2 Sub-scaffold (Cellular Level) Fluid-Structure Interaction Model 

Figure 5.6 (a-c) shows the fluid velocity distribution at three different cross-sectional 

layers inside the sub-scaffold unit. As shown in Figure 5.6 (e), the fluid velocity 

peaked in the central region of the sub-scaffold, and from Layer-1 to Layer-3 the 

maximum velocity decreased from 393µm/s to 245µm/s for the sub-scaffold model at 

Region M for example, where the effective area of the flow region increases due to the 

scaffold design. On the symmetric boundary locations (e.g. Position A and D in Figure 

5.6c), fluid velocities were much lower than the central region. 
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Figure 5.6: (a-c) Fluid velocity distribution in a sub-scaffold (from Region M) at 

three different layers; (d) the region with fluid flow recirculation; (e) fluid velocity 

profiles at three different layers in a sub-scaffold 

 

(1) Influence of the longitudinal regions (C, M, and F) on the wall shear stress of 

osteoblasts 

Figure 5.7 (b) showed the maximum WSS on the osteoblasts that were analysed under 

the applied boundary conditions from the global CFD model, which was shown to 

vary within the range from 25mPa to 254mPa, depending on their location within the 

sub-scaffold. However, it was notable that osteoblasts in each of the different regions 

of the global scaffold (i.e. Regions C, M and F) received almost identical levels of 

stimulation, indicating that variation of cells in the longitudinal direction did not alter 

the maximum WSS imparted on the cells.  
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Figure 5.7: (a) Percentage of global scaffold surface area that undergoes different 

wall shear stress ranges; (b) maximum wall shear stress on every cell; (c) wall shear 

stress distribution on the cell of AM2 and its surrounding scaffold surface; (d) wall 

shear stress distribution on the cell of BM2 and its surrounding scaffold surface 
 

 

(2) Influence of the locations within the sub-scaffold on the wall shear stress of 

osteoblasts 

Variation of the cell locations within the sub-scaffold (A1-A5 and B1-B4) altered the 

maximum WSS experienced by the osteoblasts as shown in Figure 5.7(b). The average 

value of the maximum WSS on all of the attached osteoblasts and bridged osteoblasts 

was 50.8mPa and 119.9mPa, respectively. Figure 5.7 (c, d) showed that the maximum 

WSS on osteoblasts (τmax) was amplified in the interior of the scaffold compared to the 

maximum shear stress at the scaffold surface (τ0). Specifically, osteoblasts at location 

A3 showed approximately a five-fold increase of maximum WSS, compared to the 

maximum scaffold WSS at this location (i.e. τmax=5×τ0). Osteoblasts at locations A1 

and A2 showed approximately a two-fold increase of WSS, compared to the maximum 

scaffold WSS at those locations (i.e. τmax=2×τ0), while osteoblasts at locations A4, A5, 
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B1, B2, B3 and B4 showed approximately a four-fold increase on the maximum 

scaffold WSS (i.e. τmax=4×τ0). 

 

Figure 5.8: Influence of different longitudinal regions (C, M and F) within global 

scaffold on strain of: (a) entire attached osteoblasts; (b) cytoplasm and nucleus of 

attached osteoblasts (cross-sectional view); (c) entire bridged osteoblasts; (d) 

cytoplasm and nucleus of bridged osteoblasts (cross-sectional view) 

 

(3) Influence of longitudinal regions (C, M and F) on the strain of osteoblasts 

The influence of longitudinal locations on strain distribution in the osteoblasts was 

shown in Figure 5.8. As depicted in Figure 5.8(a, b), the attached osteoblasts in 

different longitudinal regions (C, M and F) exhibited variation with regard to the strain 

experienced within the cytoplasm, but no significant variation on the strain in nucleus 

of attached osteoblasts was observed. No significant difference in strain for bridged 

osteoblasts in different longitudinal regions was observed. Furthermore, the bridged 

osteoblasts exhibited much larger strain magnitudes compared to the attached 
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osteoblasts. For attached and bridged osteoblasts, the maximum strains were 240µε 

and 107,100µε, respectively, and in both cases were concentrated at the edges of cells 

that connected to the scaffold surface. Meanwhile, very small strains were observed 

in the nucleus, 3.6µε and 8µε for both attached and bridged osteoblasts.  

 

Figure 5.9: Influence of different locations within sub-scaffold on the strain of: (a) 

entire attached osteoblasts; (b) cytoplasm and nucleus of attached osteoblasts 

(cross-sectional view); (c) entire bridged osteoblasts; (d) cytoplasm and nucleus of 

bridged osteoblasts (cross-sectional view) 
 

 

(4) Influence of the locations within the sub-scaffold on the strain of osteoblasts 

Figure 5.9 showed the elastic equivalent strain in the osteoblasts at different locations 

within the sub-scaffold. For the attached osteoblasts, the maximum strain in the cell 

extension was higher in AC5 (397µε) than those in AC1 (100µε) and AC3 (200µε). 

For bridged osteoblasts, the BC2 cell showed the highest strain in the cell extension 
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(177,200µε) compared to the cells in other locations. For the attached osteoblasts, the 

strain was amplified at the edges of cells that attached to the scaffold surfaces and the 

end of the cell extensions. For the bridged osteoblasts, the strain was not only 

concentrated at the connection between cell extensions and the scaffold surface, but 

also at the connection between the cell bodies and cell extensions. The maximum 

strains on attached and bridged osteoblasts were 397µε and 177,200µε, respectively. 

For the nucleus in both attached and bridged osteoblasts, the strain did not change with 

the variation of location, and were almost equally distributed with the values of 2µε 

and 65µε, respectively. 

 

5.3.3 Mechanical Compression Model 

The compressive strain distribution in scaffold and osteoblasts was depicted in Figure 

5.10. As the scaffold showed symmetric strain distribution in the longitudinal direction, 

the author investigated the represented cells of B3, B4, A1, A3 and A5. The cells of B3, 

A1 and A5 received very small strain (<1µε), which is the same with the strain on the 

surrounding scaffold surfaces. The Cell B4 showed the maximum strain of 10,000µε, 

which occurred at the connections between extensions and scaffold surfaces, while the 

Cell A3 exhibited the maximum strain of 22,600µε that happened not only at the 

connections between cell and scaffold surfaces but also the junctions between 

extensions and cell body. In cells extensions of both Cells B4 and A3, the strain was 

equally distributed with a value of 6,000µε.  
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Figure 5.10: (a) Compressive strain distribution in a sub-scaffold and osteoblasts; 

compressive strain distribution in: (b) the attached cells of A3 and (c) bridged cell of 

B4 
 

5.4  Discussion 

In this chapter, the mechanical stimulation on osteoblasts seeded in a TE scaffold was 

determined by means of a two-way multiscale FSI and FE computational approach. 

Importantly, the local sub-scaffold FSI models presented here allowed for an accurate 

transition between the global scaffold flow conditions and their resulting effect on 

local cellular deformation in the sub-scaffold FSI model. This allowed for accurate 

resolution of local flow fields and WSS profiles in the vicinity of osteoblast cells and 

this predictions highlighted that WSS imparted on cell membranes could undergo 

significant amplification (in some cases five-fold), when compared to WSS acting on 

the scaffold in the same location. The results also showed that (i) for stimulation by 

flow perfusion: bridged cells were more highly stimulated than attached cells, similar 

to (Jungreuthmayer et al., 2009b; McCoy et al., 2012); (ii) for stimulation by 
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compression: the attached cells received more stimulation than the bridged cells. It 

was predicted that the magnitude of stimulation to these bridged cells in fluid flow 

was similar throughout the longitudinal direction of the scaffold, however, showed 

some degree of variation depending on their location within the sub-scaffold unit cell, 

with higher magnitudes of stimulation evident in the central region of the sub-scaffold 

unit cell. Within the local FSI model, it was also predicted low flow areas and a certain 

amount of recirculation in the periphery of the unit cell that resulted in reduced cell 

stimulation in these areas and could have certain implications for nutrient transport 

through the scaffold. 

    One of the main potential limitations in this chapter was the use of an idealised 

model to represent the osteoblast geometry, which might not fully represent the cell 

geometries that would be seen in TE scaffolds in vitro. However studies incorporating 

osteoblast geometries, for e.g. derived from confocal microscopy imaging, would 

require significant local mesh refinement to accurately resolve all geometric features, 

especially at the interfaces between cells and fluid where a particular refined mesh was 

required to solve the pressure and velocity fields, and as such would be 

computationally challenging. Secondly, this model only considers a single scaffold 

that had a repeating hexagonal unit cell architecture. It has been shown previously that 

the chosen scaffold architecture affects fluid flow fields within the scaffold (Olivares 

et al., 2009), which would certainly affect subsequent cellular deformation. However, 

the focus of this chapter was to outline a multiscale framework that allowed a suitable 

prediction of scaffold level forces to cell level deformations. Future studies will 

include different geometries and focus on the combined effects of porosity and pore 

size on cell level stimulation using the multiscale framework developed herein. These 

parameters could have important implications as it has been previously suggested that 
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pore size is a controlling parameter in determining the relative density of bridged and 

attached cells within the scaffold (Jungreuthmayer et al., 2009b). Thirdly, to simplify 

the model, this chapter only considered a steady-state solution of fluid flow fields and 

passive behaviour of osteoblast cell, where the constitutive model was assumed to 

isotropic and linearly elastic. The assumption of linear isotropy by (Vaughan et al., 

2013a; Vaughan et al., 2013b; Verbruggen et al., 2012, 2014) have shown sufficient 

accuracy to describe cell behaviour for steady-state analysis, due to the small strains 

involved in the analysis.  

The key findings of this chapter have highlighted significant amplification of 

WSS at cell membranes compared to the scaffold surfaces. Computational fluid 

dynamics (CFD) models have characterised fluid flow within scaffolds and have 

estimated that a wall shear stress (WSS) of 0.1mPa - 10mPa on the scaffold surfaces 

was favourable for bone cell differentiation (Olivares et al., 2009; Prendergast et al., 

1997b), while WSS of 100mPa was estimated to correlate to the enhancement of 

osteoblast differentiation and proliferation capacity within a cell-seeded scaffold (Ban 

et al., 2011; Bancroft et al., 2002b). The results in Figure 5.7 (a) showed that 75.4% 

of scaffold surface had a WSS of 0.1mPa - 10mPa, which would indicate bone cell 

differentiation at these locations. In addition, a study by (Li et al., 2009) suggested that 

a scaffold-level WSS in the range of 5mPa – 15mPa could increase the mineralisation 

and accelerate osteogenic differentiation of MSCs. Correlated to the results in this 

chapter, it was found that 66.2% of scaffold surface area experienced the WSS between 

5mPa and 15mPa, which indicated that osteogenic differentiation of MSCs would be 

enhanced in these areas. More importantly, due to the high resolution of the local sub-

scaffold FSI model, it was shown that the WSS was amplified significantly at the cell 

level when compared to the predicted WSS from the global model, with certain cases 
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exhibiting a five-fold increase. Interestingly, similar cell level amplification effects of 

WSS have been observed for 2D cell perfusion systems (Anderson et al., 2006; 

Vaughan et al., 2013a). However, in 2D cell perfusion systems, the WSS magnitudes 

to stimulate a biochemical response of cells in osteogenic and chondrogenic 

differentiation were much higher than the levels of WSS in this chapter. For example, 

Yourek et al. (2010) and Juhasz et al. (2014) found that the WSSs of 900mPa and 

5,000mPa could enhance osteogenic and chondrogenic differentiation, respectively, 

which were significantly higher than the WSS in this chapter. However, a recent study 

also found that fluid pressure dominated the mechanical stimulation of bone cells in 

parallel plate flow chambers more so than shear stress (Vaughan et al., 2013a) and as 

such the higher levels of WSS reported for osteogenic differentiation in 2D cell 

perfusion systems may be confounded by the pressure in each system, which has not 

been widely characterised or reported.  

In Figure 5.7 (b), osteoblast cells at the location of A1 (Region C), A2 – A5, B1, 

B3 (Region M, F) and B4 experienced WSS levels lower than 100mPa, which might 

indicate that ALP production and osteoblastic differentiation of these cells would be 

enhanced, based on previous experimental studies of osteoblasts in 3D scaffold under 

a flow rate of 3mL/min (Bancroft et al., 2002b). However, this chapter noted that the 

shear stress might exceed of 200mPa after cells produce an extracellular matrix, which 

would decrease the scaffold porosity. It has also been shown that WSS of 10 – 30mPa 

can induce osteogenic differentiation of MSCs, whose ALP activity and calcium 

deposition might significantly increase (Sikavitsas et al., 2005) and cells at locations 

of A3, A4 and A5 experience stresses within this range. In addition, Seliktar et al. (2002) 

found that shear stresses in the range of 100mPa – 5,000mPa could induce and promote 

chondrogenic differentiation of stem cells in a 3D scaffold. In this chapter it was 
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predicted that cells at locations A1, B2 and B3 (Region C) experienced shear stresses 

within this range and as such might be stimulated to undergo chondrogenic 

differentiation.  

Furthermore, this chapter found that bridged cells experienced much higher 

stimulation levels than attached cells in the fluid flow, similar to (Jungreuthmayer et 

al., 2009b; McCoy et al., 2012). Interestingly, bridged cells underwent similar 

magnitudes of stimulation irrespective of their longitudinal positions in the global 

scaffold (see Figure 5.8). However, the magnitude of stimulation did depend upon on 

their local position in the sub-scaffold model. In particular, cells located in the central 

region of the sub-scaffold model experienced highest levels of stimulation due to their 

exposure to higher fluid velocities, and subsequent shear stresses in these regions. For 

these bridged cells, the models predicted that it was at the cellular extensions (which 

form the attachment with the scaffold) that cells experience much higher levels of 

stimulation (177,200µε) compared to the cell body or nucleus regions. Interestingly, 

an in vitro study on osteocyte cells in 2D culture (Adachi et al., 2009) has shown that 

osteocyte cell processes are much more mechanosensitive than the cell body. 

Importantly, the models predicted that bridged cells within the scaffold experienced 

strain levels exceeding 10,000µε, which was believed to be the threshold of 

mechanical strain required to elicit an osteogenic response from bone cells under 2D 

substrate stretching in vitro (You et al., 2000). Also, these bridged cells showed higher 

strain levels than recent computational predictions of the mechanical stimuli to bone 

cells in vivo, which were found to be in the range of 23με-26,000με (Verbruggen et al., 

2014). In contrast it was found that the attached cells received minimal amounts of 

strain stimulation, much less than the 10,000µε threshold thought to be responsible for 

osteogenic responses (You et al., 2000), indicating that attached cells might not play 
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any role in bone forming activity under the applied fluid flow stimulus.  

It should be noted that predictions of WSS acting on attached cells were only 

slightly smaller than those predicted on bridged cells implying that both cell types 

were subject to similar shear stress stimulation from the surrounding fluid field. The 

vast differences in strain magnitudes were down to the much smaller relative area of 

cell-scaffold attachment present on bridged cells. A previous statistical study showed 

that within a scaffold, which had an average pore size of 140µm, 75% of the cells were 

bridged across the pore of scaffold and 25% of the cells were attached on the scaffold 

surface (Freyman et al., 2001). Together with the results of the current study, the author 

propose that bone formation in tissue engineered scaffolds might be dictated by 

bridged cells as these cells appeared to receive much higher levels of stimulation than 

attached cells in a perfusion system. Similar to the findings of Jungreuthmayer et al. 

(2009b), this would have important implications for scaffold design as different pore 

sizes could affect the likelihood of cells either bridging or attaching directly to the 

scaffold during the cell seeding process. 

This chapter also showed that the sub-scaffold FSI model had certain regions 

with very low flow velocities and even some areas of recirculation. These occurred in 

peripheral regions of the unit cell and were likely a result of the regular cross section 

of the scaffold strut, which caused separation of the flow and resulting recirculation 

(Figure 5.6d). In these local regions, reduced cell stimulation was evident and such 

areas could potentially result in reduced nutrient transport through the scaffold, which 

could impede osteogenic differentiation in an in vitro environment. The methods 

developed here could be implemented for numerical scaffold design optimisation to 

avoid the occurrence of such regions in TE scaffolds. The results shown here 

highlighted that cells located in more central regions of the unit cell sub-scaffold 
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geometry received higher levels of stimulation.  

In addition, the study of stimulation by mechanical compression (0-0.5% strain; 

1Hz) revealed that the attached cells were more highly stimulated than the bridged 

cells. Moreover, some cells (i.e. B1, B4 and A3) could experience the strain in excess 

of the threshold for osteogenic response (10,000µε) (You et al., 2000). Therefore a 

change in pore size might affect the amount of bridged cells and attached cells, and 

thereby alter the stimulation received by the cells within the scaffold. Furthermore, the 

results of this chapter show that, for mechanical stimulation by compression at large 

strain magnitudes or high frequency, the influence of fluid flow caused by compression 

is significant and should be considered as an additional stimulus to the cells within a 

fluid filled porous TE scaffold.   

Finally, after comparing the flow perfusion system (inlet fluid velocity of 

100µm/s) to the mechanical compression system (applied strain of 0.5%), the author 

suggest that a combination of flow perfusion and mechanical compression is 

preferable for enhancing bone cell differentiation. Specifically, it was predicted that 

more bridged osteoblasts received strains in excess of the threshold of osteogenic 

differentiation (10,000µε) in the perfusion system, whereas more attached cells 

experienced strain over this threshold in the compression system. On the other hand, 

the mechanical stimulation by compression had some limitations, compared to flow 

perfusion system. Firstly, the WSS on cells stimulated in mechanical compression 

system was so low that it could be ignored, particularly when compared to the WSS 

level in perfusion systems. From the perspective of nutrient transport, as the fluid 

velocity was much larger in the perfusion system than that in the compression system, 

the culture medium would be more greatly forced to distribute through the pores of 

scaffold, thereby enhancing the nutrient transport and improving the mass transfer rate 
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not only at the strut periphery but also within the internal pores. Therefore, a 

combination of flow perfusion and mechanical compression may compensate for the 

limitations of each other.  

 

5.5  Conclusions 

In this chapter, the author developed a novel multiscale CFD and FSI model to 

determine the mechanical stimulation of osteoblast cells in TE scaffold under fluid 

flow, and a FE model to show the stimulation of osteoblast cells in TE scaffold under 

mechanical compression. The WSS, fluid velocity and pressure in the global scaffold 

were characterised by the global CFD model, and the mechanical stimulation of 

osteoblasts was determined by implementing a sub-scaffold (cellular level) FSI model, 

with boundary conditions derived from CFD model. It was predicted that there was 

significant amplification of WSS on cell membranes in the sub-scaffold model, when 

compared to the WSS acting on the scaffold surface in similar locations (in some cases 

a five-fold increase). It was shown that bridged cells within the TE scaffold were 

highly stimulated, whereas attached cells received minimal levels of stimulation. 

Interestingly, for stimulation by mechanical compression, the FE model revealed that 

attached cells experienced higher stimulation than bridged cells. For stimulation by 

perfusion, cellular stimulation tended to be at a maximum within the central channel 

of the sub-scaffold model. The study also highlighted that in peripheral regions of the 

sub-scaffold unit cell experience low fluid velocities and relatively low levels of 

stimulation. Finally, the author propose that a combination of flow perfusion and 

mechanical compression is preferable for osteogenic differentiation, by means of 

stimulating both attached and bridged cells in excess of the strain threshold for 

osteogenic differentiation (10,000µε). 
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Chapter 6: A Multiphysics Model to Investigate the 

Migration of Cells in a Tissue Engineering Scaffold 

 

6.1  Introduction 

A recent 2D cell culture study has shown that cell migration is influenced by 

mechanical stimulation (Brady et al., 2015), with the migration speed of osteoblasts 

significantly higher in parallel flow plate chambers under fluid flow compared to static 

conditions. However, the precise role of mechanical stimulation in directing cell 

migration within 3D biomaterial scaffolds is not yet fully understood.  

    To understand the role of mechanical stimulation on tissue formation within 3D 

scaffold systems, several computational models have been developed that incorporate 

mathematical representations of cellular activity (Byrne et al., 2007; Checa and 

Prendergast, 2010; Sanz-Herrera et al., 2008). In particular, poroelastic finite element 

models have been applied to predict strain/fluid pressure gradients within the scaffold 

system, and mechano-regulatory laws have been derived and implemented as 

algorithms that govern cell phenotype based on strain/velocity thresholds. To account 

for cell migration, mass-diffusion models and lattice-based models using random-walk 

theory have been proposed (Byrne et al., 2007; Checa and Prendergast, 2010; Isaksson 

et al., 2008; Sanz-Herrera et al., 2008). However, these approaches do not couple cell 

migration to mechanical stimulation, meaning that the effect of mechanical stimulation 

on the diffusion/migration process is not considered (Byrne et al., 2007; Checa and 

Prendergast, 2010; Isaksson et al., 2007; Isaksson et al., 2008; Sanz-Herrera et al., 

2008). Given that mechanical stimulation has a distinct effect on cell migration in 2D 

cell culture (Brady et al., 2015; Burke and Kelly, 2016), it is also likely that the 

mechanical environment influences cell migration within 3D scaffolds. Furthermore, 
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cell seeding is also one of the most significant strategies, which will affect the 

characteristics and functionality of engineered tissues (Grayson et al., 2008a). Two 

types of seeding approaches are commonly employed in tissue engineering 

experiments: (i) cells are seeded on periphery of the scaffolds; (ii) cells are 

encapsulated during scaffold formation (Nicodemus and Bryant, 2008). However, the 

implication of these choices has not been fully understood yet. Previous experimental 

studies have shown that cell density distribution can have important implication for 

nutrient delivery and mechanical environment (Grayson et al., 2008a; Mauck et al., 

2003; Stephan et al., 2011). Indeed a recent computational study, which investigated 

cell seeding under fluid perfusion conditions, has shown the distinct influence of fluid 

perfusion on the cell density within a poly(D,L-lactide) acid scaffold with gyroid pores 

(Olivares and Lacroix, 2012). However, to date no computational approach has 

incorporated the effects of mechanical stimulation on cell migration within scaffold.  

      In this study the author develops a novel cell migration model using a coupled 

multiphysics approach, which is implemented in the Abaqus finite element solver. Cell 

migration through a porous cell laden hydrogel scaffold is modelled by a mathematical 

analogy (thermal conduction), while the influence of pore fluid pressure under 

mechanical stimulation is included by a coupled thermal conduction-pore pressure 

analysis. The model is applied to predict migration patterns of bone cells under a range 

of different loading regimes (i.e. mechanical compression and fluid perfusion) and 

provides a novel approach for the development of an adaptive algorithm to predict 

tissue differentiation and bone fracture healing. 
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6.2  Methods 

6.2.1 Model Formulation 

Previous experimental and computational studies have suggested that tissue 

engineering (TE) scaffolds with a large pore size (≥300µm) are suitable for bone tissue 

engineering (McCoy et al., 2012; Murphy et al., 2010). Therefore, this study 

considered a single unit-cell of a spherical-pore architecture scaffold (0.5×0.5×0.5mm) 

that had a pore size and porosity of 300µm and 70%, respectively (see Figure 6.1b). 

The scaffold was fabricated from a porous gelatin hydrogel crosslinked with microbial 

transglutaminase, which had a Young’s modulus and Poisson’s ratio of 3kPa and 0.45, 

respectively (Chippada et al., 2009). In this study, it was assumed that mechanical 

loading began once the granulation tissue infiltrated the scaffold, which was similar to 

the conditions in (Byrne et al., 2007; Checa and Prendergast, 2010; Sandino et al., 

2010). The tissue was modelled using biphasic poroelasticity theory, whose  

constitutive behaviour was described in Equation (6.1) (Rice, 1998),  
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where µf is the viscosity of pore fluid, p is pore pressure, ui are displacement 

components, k is permeability, φ is porosity, Ks is the bulk modulus of the solid phase, 

and Kf is the bulk modulus of the fluid phase. The coefficient α can be calculated as 

Equation (6.2): 

                            
sK

K
1

                        (6.2) 

where K is the bulk modulus under drained conditions. The Young’s modulus, 

Poisson’s ratio, permeability and void ratio of the granulation tissue are 0.2MPa, 0.167, 

1x10-14m4/Ns and 4, respectively (Lacroix et al., 2002).  
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Figure 6.1: (a) Confocal microscopy image of bone cell concentration in a porous 

cell laden hydrogel scaffold on Day 25, (b) section of the regular scaffold used in 

computational model, which has a pore size and porosity of 300µm and 70%, 

respectively, initial cell density (green) defined in the computational model, which 

concentrates at (c) the top and bottom area of the pores (blue) and (d) the interface 

between scaffold and medium, Scale bar = 500 µm. 

 

 

    In this study, thermal conduction was implemented to represent the diffusive 

process of cell migration due to the mathematical analogy. In thermal conduction, the 

heat transfer with respect to temperature gradient follows Fourier’s law:  

                               TkQ T                         (6.3) 

where Q is heat flux, kT is material conductivity, and T is temperature. 

    According to energy conservation, heat flux Q and temperature T have the 

following relationship: 

                             Q
Ct

T

p








1
                     (6.4) 

where ρ and Cp are the material density and heat capacity of the tissue, respectively. 
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    Substituting Equation (6.3) into Equation (6.4), the following equation was 

obtained: 

                       
TDT

C

k

t

T
h

p

22 




 .              (6.5) 

    The governing equation of thermal conduction (Equation 6.6) was comparable to 

the mass diffusion (Fick’s 2nd law) equation applied by previous researchers to model 

cell migration behaviour (Boccaccio et al., 2008; Isaksson et al., 2007; Isaksson et al., 

2008; Sanz-Herrera et al., 2008): 

                       
C o nD

t

C o n
m

2



                 (6.6) 

where Con was the cell concentration, which changes with time t and spatial variables, 

and Dm is the mass diffusion coefficient. The similarity between the two governing 

equations (Equation 6.5 Vs. Equation 6.6) allowed us to apply a temperature to 

represent cell density and replace the mass diffusion process by a thermal conduction 

model in Abaqus 6.13 (SIMULIA Inc., USA) to couple the simulation to mechanical 

loading and therein solve the cell migration problem. Thus, the governing equation for 

coupled thermal conduction-pore pressure is as shown in Equation (6.7), which is 

based on energy balance (Lotfi et al., 2014): 

              02 
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           (6.7) 

where, CP
f is fluid thermal capacity; (ρCP)eff and kT

eff are the effective thermal capacity 

and conductivity of porous media, as calculated in Equation (6.8) and (6.9), 

respectively (Lotfi et al., 2014):  

                        f

Pf

s

Pse f fP CCC   1                 (6.8)  

                        f

T

s

T

e f f

T kkk   1                        (6.9) 

wherein, CP
f is solid thermal capacity; kT

f and kT
s are thermal conductivity of fluid and 
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solid, respectively. 

  In bone tissue engineering experiments, cells are usually seeded on the periphery 

of the scaffold (Dunn et al., 2006). Therefore, in this study the author investigated (1) 

a condition of peripheral seeding of cells on the peripheral surfaces (top and bottom) 

of the scaffold with a normalised density of 3.23, see Figure 6.1(c). The author also 

investigated (2) a cell-encapsulation based seeding condition, based on the 

experiments by MMDRG and others (Khetan and Burdick, 2009; Lee et al., 2007), 

whereby cells encapsulated within hydrogel struts were found to move towards the 

interface and gradually formed a confluent layer of cells that concentrated at the 

interface between the medium and the scaffold surface (see Figure 6.1a). So for this 

simulation, it was assumed the cells were initially concentrated at the interface 

between the scaffold and medium with a normalised density of 3.23 (see Figure 6.1d).  

As few studies have quantified the cell population dynamics in hydrogel scaffolds, 

the biological time for the cells to form granulation tissue was not considered in this 

study. Once granulation tissue infiltrated the scaffold and cells were encapsulated, as 

shown in Figure 6.4 (Iteration 0), mechanical loading was initiated. By applying the 

cell migration model (thermal conduction), the cell density (temperature in thermal 

conduction) could be changed due to the gradient of cell density (temperature) and 

pore pressure.  

 

6.2.2 Boundary and Loading conditions 

Once granulation tissue was formed, the author applied loading on both the hydrogel 

struts and encompassed tissue, as Figure 6.2 (a). While under mechanical loading, the 

bottom and side surfaces of both the scaffold and matrix were defined as frictionless 

supports, see Figure 6.2 (a): 
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                  0 yx uu  for side surfaces                    (6.10a) 

                   0zu  for bottom surface,                    (6.10b) 

where, ux, uy and uz are displacements components in Cartesian coordinates. A tie-

constraint was defined on the interface between the scaffold and matrix, under which 

the deformation of the matrix followed the scaffold.  

 

Figure 6.2: (a) Boundary and loading conditions to the hydrogel scaffold (grey) and 

granulation tissue (green); applied loading types include: (b) pulsatile mechanical 

compression with the strain magnitude of 0.5% and (c) constant pore pressure of 

100kPa 

 

  In this study, three different loading cases were simulated (see Figure 6.2b and c); 

(i) Case 1: no mechanical stimulation (baseline condition); (ii) Case 2: pulsatile 

mechanical compression with a strain magnitude of 0.5%, and a zero pore pressure at 

all the outer surfaces allowing free fluid flow through interconnected pores; (iii) Case 

3: fluid perfusion with a constant pore pressure of 100kPa.  

    The scaffold was meshed using C3M10P (biphasic poroelastic) elements with a 

size of 25µm (approximately 24,460 elements). The matrix was meshed using coupled 

thermal-pore pressure elements (C3M10PT) with a size of 25µm (approximately 

39,660 elements) to account for the influence of pore pressure on the diffusive process 
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described in Equation 6.5. Importantly, this element type enabled the computation of 

temperature (e.g. cell density) change due to the thermal conduction process, but also 

allowed the pore pressure gradient driving the temperature (e.g. cell density) change. 

The model was solved using a transient analysis with each iteration equal to 1 day. 

 

6.3  Results  

6.3.1 Cell Density Distribution 

Figure 6.3 presents the results of the normalised cell concentration in different 

transverse sections of the scaffold at Iteration 10. At Iteration 10 the cell density in the 

encapsulated condition was higher, compared to peripheral seeding. For the static 

condition (Case 1) and mechanical compression loading (Case 2), the cell distribution 

was highly similar, meaning that mechanical compression with a strain magnitude of 

0.5% did not result in sufficient pore pressure to drive cell migration. In both cases, 

the cell density in the middle plane (Z2) was lower than that in the top and bottom 

planes (Z1 and Z3). It was found that the cells were equally distributed in Plane Z1 

and Z3 under peripheral seeding conditions, whilst under encapsulated conditions the 

cells in Plane Z1 and Z3 were more concentrated on periphery area than the centre of 

the volume. However, under fluid perfusion loading (Case 3), the cell density 

distribution was different from Case 1 and 2, meaning that a pore pressure of 100kPa 

had a distinct influence on cell migration. In Case 3, the cells were driven towards the 

bottom of the scaffold, thus the bottom plane (Z3) showed the highest density, while 

the middle plane (Z2) had the lowest cell density. Under peripheral seeding conditions, 

a more equally distributed cell density in the bottom plane (Z2) was found, compared 

to the top plane (Z1). Under encapsulated conditions, the cells in both top and bottom 

planes (Z1 and Z3) were concentrated on the peripheral area.  
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Figure 6.3: Distribution of cell density in different transverse section planes within 

scaffold with cells peripherally and interface-seeded, which are under (a) unloaded, 

(b) pulsatile compression (ε=0.5%) and (c) constant pore pressure (P=100kPa) 

 

Shown in Figure 6.4 is the cell density along the longitudinal direction of the 

scaffold at different iterations. Due to the cell density gradient, the cells migrated 

towards the centre of the tissue from Iteration 0 to 10. However, at each iteration the 

cell density in the encapsulated condition was higher than that under peripheral 

seeding. Under static conditions, it was found that the middle area of the pores had the 

lowest cell density, whereas higher cell density was observed on the top and bottom 

sections under peripheral seeding conditions. From Figure 6.4, no distinct difference 

in cell density was found between Case 2 (compression ε=0.5%) and Case 1 (static) 

for both conditions of peripheral seeding and encapsulation. However, under a 

constant pore pressure of 100kPa (Case 3), the cells not only migrated as in Case 1 

and 2, but were also greatly driven by the pore pressure, which could be seen from 

Iteration 0-10 in Case 3 (Figure 6.4). At Iteration 10, the bottom area had the highest 

cell density compared to other areas in the tissue under both peripheral seeding and 
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encapsulated conditions. 

 

 

Figure 6.4: Normalised cell density within the scaffold under different loading types 

and in two cell seeding conditions (peripherally and interface seeding) from 

Iteration 0 to 10 
 

 

  A normalised cell density at different longitudinal positions (i.e. P1, P2 and P3) 

at Iteration 10 is shown in Figure 6.5. It was found that the encapsulated condition had 

a more uniformly distributed cell density within the scaffold, compared to the 

peripheral seeding. In Case 1 (static) and Case 2 (compression ε=0.5%), the positions 

P1 and P3 had the similar level of cell density, while under pore pressure of 100kPa 

(Case 3), the cell density at P3 was distinctly higher than that at P1. Moreover, the 

influence of pore pressure was even more distinct under peripheral seeding. For 

instance, under the peripheral seeding conditions, the difference of cell density 

between P1 and P3 was 0.1, whilst under encapsulation the difference between P1 and 

P3 decreased to approximately 0.04. So encapsulation could result in a more equally 

distributed cell density even under mechanical stimulation, compared to peripheral 

seeding. 
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Figure 6.5: Normalised cell density at different longitudinal positions (P1, P2 and 

P3) in scaffold with cells (a) peripherally and (b) interface seeded 
 

 

6.3.2 Fluid Velocity   

Shown in Figure 6.6 are the fluid velocities during mechanical compression (Case 2) 

and pore pressure loading (Case 3). It was found that the fluid velocities caused by 

mechanical compression reached steady-state after Iteration 2. Moreover, the 

magnitude of fluid velocity was low (<2.5µm/s) under a compressive strain of 0.5%. 

As shown in Figure 6.6(b), higher fluid velocity was predicted along the peripheral 

area of the tissue volume, whilst in the middle area the fluid velocity was low (i.e. 

<0.005µm/s). In contrast the maximum fluid velocity under pore pressure loading 

(P=100kPa) decreased monotonically from Iteration 1 to 10 (approximately 29µm/s), 

moreover with a decreasing rate as shown in Figure 6.6(a). Furthermore, the fluid 

velocity in Case 3 was concentrated in the upper section of the matrix as shown in 

Figure 6.6(c).  



Chapter 6 

119 

 

 

Figure 6.6: (a) Maximum fluid velocity at different iterations, (b) fluid velocity 

distribution within matrix under pulsatile compression (ε=0.5%) and (c) constant 

pore pressure (P=100kPa) 

 

 

6.4  Discussion 

In this study, a multiphyscis model based on a coupled thermal-pore pressure approach 

was developed, which could predict the cell distribution within TE scaffolds under 

applied mechanical loading. This model was applied to investigate the cell distribution 

within a porous hydrogel scaffold, which was subjected to different mechanical 

loading regimes. The results showed that (i) mechanical compression of 0.5% had no 

distinct effect on cell density distribution within the scaffold; (ii) fluid perfusion with 

a pore pressure of 100kPa could induce a higher cell density at the bottom of the 

scaffold; and (iii) encapsulation resulted in a more uniformly distributed cell density 

within the scaffold compared to peripheral seeding. 

    Due to computational limitations, only one representative section from the entire 

scaffold was investigated in this study. However, the main focus of the study was to 
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provide a novel approach to predict cell migration, which was coupled to the initial 

mechanical loading applied to the biomaterial scaffold. To investigate the cell 

distribution in the entire scaffold would be one of the future applications of this model. 

Secondly, in this study, it was aimed to provide an efficient method to predict cell 

distribution in a porous hydrogel scaffold, which was influenced by the mechanical 

environment in scaffold. However, the insufficiency of quantitatively-measured cell 

density within scaffolds under mechanical loading would prevent from accurately 

determining the coefficients of the model. With more experimental characterisations 

carried out in the future, the accuracy of the prediction could be improved by 

optimising the coefficients in the model (i.e. thermal conductivity) to fit to 

experimental results. Furthermore, the mechanical stimulation was started once the 

granulation had infiltrated the scaffold, as cell migration during tissue/matrix 

formation has not been investigated yet. Moreover, Guyot et al. (Guyot et al., 2015) 

found that the overall permeability of a scaffold would change due to the matrix 

formation, which could result in a varied pore pressure gradient within the scaffold. 

Therefore, in future applications of this model to study cell migration during tissue 

formation within TE scaffolds, specific consideration for the permeability change 

caused by tissue growth is suggested. Finally, other cell activities (i.e. differentiation, 

proliferation and apoptosis) and the biological time course was not considered in this 

study, moreover, few iterations (10 iterations) were investigated. However, such 

activities could be computationally formulated into this coupled thermal-pore pressure 

model and integrated into mechano-regulated algorithms to predict different tissue 

formation (i.e. bone, cartilage).  

    The key contribution of this study is the provision of an efficient and accurate 

model, which can predict the cell distribution within 3D TE scaffolds subjected to 
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external loading. Previous cell migration models (Byrne et al., 2007; Sandino et al., 

2010; Sanz-Herrera et al., 2008), which were used in the mechano-regulation 

algorithm to predict the tissue formation, have not accounted the influence of 

mechanical environment within scaffolds on cell distribution. However, a recent 2D 

study by Burke et al. (Burke and Kelly, 2016), in which a lattice-based modelling 

approach was employed to predict the endothelial cells (EC) migration and 

proliferation under mechanical stretching loading, demonstrated that only by 

incorporating cell migration and proliferation in response to dynamic loading, it was 

possible to successfully predict experimental findings. Therefore, this model was the 

first to couple cell migration and mechanical environment within 3D TE scaffolds, 

which could provide an important approach for in silico tissue engineering 

applications. As a future application, this model can be used to study the seeding 

conditions under different loading regimes, so that the cell distribution is optimised 

for nutrient supply and mechanical loading.  

    In this study, it was predicted that the cell density distribution was higher at 

bottom and top areas compared to the middle under both peripheral seeding and static 

conditions (Iteration 10). This distribution agreed with experimental observations, in 

which the cells were seeded on top and bottom of the scaffold, and higher cell density 

was found at positions close to top and bottom sections after culturing in static 

conditions for 10 days (Dunn et al., 2006). Previous computational studies, in which 

cells were initially seeded along the peripheral areas showed a decreased cell density 

from peripheral to centre area on Day 10 (Checa and Prendergast, 2010). Similarly, in 

this study, the cell density was lower in the centre of the scaffold pore and higher along 

the peripheral area under encapsulated conditions. Moreover, it was predicted that 

different seeding conditions (i.e. peripheral and encapsulated) could result in a 



Chapter 6 

122 

 

different cell distribution at Iteration 10. However, the simulation of long-term tissue 

formation, in which cell migration, proliferation and differentiation were included 

showed that different seeding conditions would not affect the final differentiated tissue 

pattern  (Checa and Prendergast, 2010). This might be due to the cell proliferation 

and confluency stage in long-term simulation (i.e. 60 days). 

      This model predicted that compressive strain of low magnitude (i.e. ε=0.5%) 

would not affect the cell distribution due to the low fluid pressure and velocity arsing 

under this loading. According to the study in , by increasing the compressive strain, 

the resultant fluid velocity within a biomaterial scaffold could be enhanced. 

Meanwhile, under higher fluid velocity, nutrient delivery within the scaffold also could 

be improved. However, in this case, the thresholds of mechanical strain for different 

tissue differentiation should also be considered. Previous in silico studies have shown 

that mechanical compression with a lower strain (i.e. 0.5%) is more preferable for 

bone tissue differentiation within a Calcium Phosphate (CaP) scaffold (Sandino et al., 

2010; Sandino and Lacroix, 2011). So, the prediction of this study indicated that 

mechanical loading regime (i.e. compression ε=0.5%), commonly applied in 

mechanical stimulation for bone tissue regeneration (Milan et al., 2010; Sandino et al., 

2010; Sandino and Lacroix, 2011), would not have a significant effect on cell 

migration within scaffolds. 

 

6.5  Conclusion 

In this chapter, the author developed a novel multiphysics model to predict cell 

migration, which is based on a coupled thermal-pore pressure approach. This model 

was applied to investigate cell density distribution within an idealised hydrogel 

scaffold with different seeding conditions and under different loading regimes. It was 



Chapter 6 

123 

 

found that the encapsulation could result a more equally distributed cell density within 

the scaffold compared to peripheral seeding. Importantly, fluid pressure loading (i.e. 

100kPa) had a distinct influence on cell distribution, but this was more distinct in a 

peripherally-seeded scaffold compared to cells encapsulated within a scaffold. 

Furthermore, mechanical compression with a compressive strain of 0.5% did not show 

a significant influence on cell distribution, compared to that in static conditions. Such 

behaviour could not be predicted by uncoupled cell migration-mechanical stimulation 

models. Therefore, this model opens the possibility of being able to simulate migration 

of other cell phenotypes under mechanical stimulation (especially fluid perfusion 

loading). 
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Chapter 7: In Silico Study of Bone Tissue Regeneration in a 

Porous Hydrogel Scaffold under Mechanical Loading 

 

7.1  Introduction 

Previous in vivo studies have estimated the thresholds of mechanical stimulation that 

govern the differentiation of different cell phenotypes, i.e. bone, cartilage and fibrous 

cells, which for example were based on octahedral shear strain and fluid velocity 

(Lacroix et al., 2002; Prendergast et al., 1997b), principle tensile strain and hydrostatic 

stress (Carter et al., 1988), principle strain and hydrostatic pore pressure (Claes and 

Heigele, 1999), and even substrate stiffness and oxygen tension (Burke and Kelly, 

2012). Such quantitative relations provided the possibility for in silico simulation of 

bone tissue formation that was regulated by mechanical stimulation. A number of in 

silico studies of in vivo bone fracture healing have been carried out based on these 

mechano-regulatory theories (Burke and Kelly, 2012; Isaksson et al., 2006a, 2008; 

Isaksson et al., 2006b; Lacroix et al., 2002). For example, Isaksson et al. (Isaksson et 

al., 2008) developed a biomechanical model to investigate the bone healing, which 

was based on the mechano-regulatory theory of octahedral shear strain and fluid 

velocity (Lacroix et al., 2002; Prendergast et al., 1997b). Moreover, a comparison of 

different mechano-regulatory theories was carried out by investigating their potential 

to predict bone fracture healing (Isaksson et al., 2006a), and it was found that an 

algorithm regulated by octahedral shear strain and fluid velocity had the highest 

accuracy in terms of tissue distribution and healing time. Furthermore, more recent 

studies employed the regulatory rule of oxygen tension and substrate stiffness to 

simulate the bone fracture healing (Burke and Kelly, 2012; Carlier et al., 2015). In this 

theory, a number of assumptions were made on the thresholds of the mechano-
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regulatory parameters, which limited the accuracy of the prediction, however the trend 

of results was generally supported by the other studies (Carter et al., 1998; Claes and 

Heigele, 1999; Isaksson et al., 2006a).  

  Mechano-regulatory theories also have been used to simulate bone formation 

during tissue engineering in vitro (Burke and Kelly, 2012; Byrne et al., 2007; Checa 

and Prendergast, 2010; Sandino et al., 2010; Sandino and Lacroix, 2011; Sandino et 

al., 2008). Osteogenic, chondrogenic and fibrogenic differentiation of MSCs within 

the scaffolds were shown to be governed by the generated mechanical stimuli under 

external loading, (Burke and Kelly, 2012; Byrne et al., 2007; Checa and Prendergast, 

2010; Sandino et al., 2010; Sandino and Lacroix, 2011; Sandino et al., 2008). For 

instance, the mechano-regulatory rule of octahedral shear strain and fluid velocity was 

used to simulate bone regeneration within a regular tissue engineering scaffold under 

mechanical compression loading, where it was predicted that bone tissue 

differentiation was a function of scaffold porosity, Young’s modulus and dissolution 

rate (Byrne et al., 2007). Moreover, cell activities (i.e. migration, differentiation and 

proliferation) were included into the lattice model using a random walk theory (Byrne 

et al., 2007). A similar algorithm was applied to predict bone tissue formation under 

different types of mechanical compression loading, and it was proposed that 0.5% 

compressive strain would be appropriate to elicit bone tissue formation within a 

realistic Calcium Phosphate (CaP) scaffold (Sandino et al., 2010). However, the 

influence of the mechanical environment within the scaffold on cell migration has not 

been accounted for yet. 

  Since fluid shear stress enhances osteogenic activity of MSCs and bone cells in 

2D parallel-plate fluid flow chambers (Haugh et al., 2015; Vaughan et al., 2013a; 

Yourek et al., 2010), fluid perfusion loading has been commonly applied to stimulate 
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cells in 3D biomaterial scaffolds for bone tissue engineering experiments (Bancroft et 

al., 2002b; Gomes et al., 2003; Sikavitsas et al., 2005). For example an experimental 

study, in which fluid flow at a rate of 0.3mL/min was applied to simulate bone marrow 

stromal cells within biomaterial scaffolds, showed that the ALP and Calcium 

deposition were significantly upregulated after 15 days of fluid shear stimulation 

compared to static conditions (Gomes et al., 2003). In another study, a varied fluid 

velocity (48.9-103.1mm/s) was applied to stimulate osteoblasts seeded in a 

poly(lactide-co-glycolide) (PLGA) scaffold, and the levels of osteocalcin, osteopontin 

and calcium deposition were significantly increased after 7-days in culture, compared 

to osteoblasts cultured in static conditions (Yu et al., 2004). A recent in silico study, 

combining analysis by computational fluid dynamics (CFD) and finite element (FE) 

modelling, has simulated bone tissue formation within a realistic CaP scaffold under 

both fluid perfusion and mechanical compression loading (Sandino and Lacroix, 2011). 

However, cellular activities (i.e. proliferation and migration) were not considered in 

the model, and the fluid phase and solid deformation were uncoupled and as such the 

interaction between the mechanical loading and the fluid perfusion was not 

incorporated. The studies in Chapter 4 and 5 of this PhD thesis have developed two-

way fluid structure interaction (FSI) techniques to quantify the mechanical stimulation 

within scaffold under a series of applied loading (i.e. fluid perfusion and mechanical 

compression), and predicted the possible areas for osteogenesis within scaffolds. 

However, these studies have not investigated long-term bone tissue formation within 

the scaffolds. Therefore, in vitro bone tissue formation within TE scaffolds under 

different loading scenarios has not been fully investigated by long-term in silico 

simulation yet.  

  Hydrogels such as alginate, poly(ethylene glycol) (PEG), collagen and 
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Agarose/Chitosan have been shown to enhance bone formation, as a result of their 

excellent three dimensional (3D) environment for cell survival, proliferation, effective 

mass transport, biocompatibility and biodegradability (Alsberg et al., 2001; Bidarra et 

al., 2010; Pandit et al., 2013). Porous hydrogel scaffolds are used in bone tissue 

engineering experiments as they provide 3D homogenous cell distribution and rapid 

mass transfer of nutrients and oxygen (Chen et al., 2014; Hwang et al., 2010). However, 

bone tissue regeneration within porous hydrogel scaffolds under mechanical 

stimulation has not yet been fully investigated. Consequently, in silico study is needed 

to predict bone tissue regeneration within hydrogel scaffolds under mechanical 

stimulation to inform conditions for bone tissue engineering experiments. 

    Therefore, in this study, the author aimed to investigate bone tissue formation 

within a realistic hydrogel scaffold under a series of mechanical loading regimes, and 

provide an optimal loading regime for bone tissue engineering experiments. Firstly, a 

mechano-regulation algorithm based on a combined fluid velocity and octahedral 

shear strain mechanical stimulus was developed. Cell behaviours were included into 

the algorithm using mathematical formulations to predict cell differentiation, 

proliferation, apoptosis and migration. In particular, cell differentiation and cell 

migration were coupled to the mechanical loading regime using mechano-regulation 

and thermal-fluid pressure theories, respectively. Using this algorithm the author 

investigated the potential for different loading regimes (i.e. mechanical compression, 

fluid perfusion and a combination of both) to elicit in vitro bone tissue formation. 

Based on these predictions, an optimal mechanical loading regime is suggested for 

bone tissue engineering experiments involving mechanical stimulation of hydrogel 

scaffolds. 
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7.2  Materials and Methods 

7.2.1 Mechanoregulation theory formulation 

7.2.1.1 Cell Seeding 

This algorithm in this study is developed for simulating a particular hydrogel scaffold, 

which has been developed by Mechanobiology and Medical Device Research Group 

(MMDRG) of NUI Galway. In the experiment, MC3T3-E1 pre-osteoblastic cells 

(Sigma–Aldrich) at a density of 2x106 cells/ml were added to dissolved gelatin with 

microbial transglutaminase (mtgase) crosslinking carried out by mixing mtgase with 

the solution. Micro-bubbles were formed through pipette aspiration of the solution 

forming a close array of bubbles within the hydrogel. After gelling, standard culture 

media (αMEM) (Sigma–Aldrich) containing 10% foetal bovine serum (FBS) (Sigma–

Aldrich), 1% L-glutamine (Sigma–Aldrich) and 2% penicillin/streptomycin (Sigma–

Aldrich) were added to the cell laden hydrogels and the micro-bubbles were removed 

by applying a vacuum on the hydrogels, leaving behind an interconnected porous 

scaffold architecture. Once cells were encapsulated, MC3T3-E1 were initially 

concentrated on the hydrogel scaffold walls as shown in Figure 7.1(a). Thus, in this 

study, the author defined the cell concentration at the interface between the scaffold 

and matrix with a normalised density of 0.005 (Checa and Prendergast, 2010), as 

shown in Figure 7.1(c). These cells could then undergo migration, proliferation, 

differentiation and apoptosis within the scaffold, and such activities were dictated by 

the mechanical environment, time, and formulated into the Abaqus (v 6.13 Abaqus 

Inc., US) subroutine of user-defined field (USDFLD), as described below.  
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Figure 7.1: (a) Confocal microscopy image of bone cell concentration in a porous 

cell laden hydrogel scaffold, (b) section of the regular scaffold used in computational 

model, which has a pore size and porosity of 300µm and 70%, respectively, (c) initial 

normalised cell density (green) of 0.005 defined in the computational model, which 

concentrates at the interface between scaffold and medium (blue). Scale bar = 

500µm. 
 

 

7.2.1.2 Cell activities 

A number of previous studies modelled cell migration using a mass diffusion process 

(Isaksson et al., 2007; Isaksson et al., 2006a, 2008; Lacroix et al., 2002). However, the 

study in Chapter 6 has proved that a thermal diffusion can be an analogy of mass 

diffusion, due to the mathematical similarity in governing equations and also the 

ability to couple the mechanical environment to the cell migration in commercially 

available finite element packages. The temperature Ti scalar represented cell density 

was transferred due to the temperature (cell density) gradient. The differentiation of 

MSCs into fibroblasts, chondrocytes and osteoblasts was regulated by the mechanical 
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stimulus S in terms of fluid velocity and octahedral shear strain as shown in Equation 

7.1 (Lacroix et al., 2002; Prendergast et al., 1997b): 

                      
b

v

a
S o c t


                              (7.1) 

where, γoct was the octahedral shear strain, v was the fluid velocity, constants a and b 

had the values of 3.75% and 3µm/s, respectively (Huiskes et al., 1997; Prendergast et 

al., 1997b). S was the mechanical stimuli, which regulated the cell differentiation, 

specifically:  

(i) S > 6 or S ≤ 0.011(i.e. γ > 22.5% or γ < 0.04% or v > 18µm/s or v < 0.03µm/s): too 

high or too low stimuli, no tissue formation; 

(ii) 3< S ≤ 6 (i.e. 11.25% < γ ≤ 22.5% or 9µm/s < v ≤ 18µm/s): fibroblasts, fibrous 

tissue formation; 

(iii) 1< S ≤ 3 (i.e. 3.75% < γ ≤ 11.25% or 3µm/s < v ≤ 9µm/s): chondrocytes, 

cartilaginous tissue formation; 

(iv) 0.011 < S ≤ 1 (i.e. 0.04% < γ ≤ 3.75% or 0.03µm/s < v ≤ 3µm/s): osteoblasts, bone 

tissue formation. 

   Moreover, cell proliferation, differentiation and apoptosis were also included into 

the model and formulated in Equation 7.2 with the normalised rate listed in Table 7.1, 
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where, S was the mechanical stimuli; Ti (i=1, 2, 3, 4) were the cell densities of MSCs, 

fibroblasts, chondrocytes and osteoblasts, respectively; Dh was the conductivity (i.e. 

cell migration), which was determined by assuming the cells equally distributed within 

scaffold and reached confluency with a normalised density of 1.00 at Iteration 60 under 

static conditions; f P(S), f D(S) and f A(S) were the rate of differentiation, proliferation 

and apoptosis, respectively, which were based on the cell phenotype, which was in 
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turn dictated by the mechanical stimuli S as shown in Equation 7.3 and 7.4: 

                              JJ

i

J fSSf                         (7.3) 

wherein, superscript J represents proliferation (P), differentiation (D) and apoptosis 

(A), f J are the values of differentiation, proliferation and apoptosis rates (see Table 

7.1); J

i
 is the switching function of cell phenotype i (see Equation 7.2), which is 

governed by stimuli S, 
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where, i represents cell phenotypes as Equation 7.2. The cells would keep proliferation 

until reached the confluency (normalised cell density=1). 
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Figure 7.2: Iterative procedure for tissue differentiation in a regular tissue 

engineering hydrogel scaffold 

 

 

  The thermal conduction model was coupled with fluid pressure, meaning that cell 

migration could be driven by the fluid pressure gradients under mechanical stimulation, 

see Figure 7.2. According to previous studies by Isaksson et al. (2008) and known 

features of cell biology (Myster and Duronio, 2000), proliferation and differentiation 

of a specific cell type could not occur simultaneously. Thus, in the algorithm, cell 

proliferation was not allowed while cells were differentiating, which was determined 

by the mechanical stimuli S as described above for example.  
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Table 7.1: Normalised rates of differentiation, proliferation and apoptosis of 

different cell phenotypes under uncoupled migration-mechanical loading conditions 

(Isaksson et al., 2008) 

Cell Phenotype Differentiation Rate 

(fD/day)  

Proliferation Rate 

(fP/day) 

Apoptosis Rate 

(fA/day) 

MSCs 0.30 0.60 0.05 

Fibroblasts 0.20 0.55 0.05 

Chondrocytes 0.10 0.20 0.10 

Osteoblasts 0.15 0.30 0.15 

 

There were a number of additional rules restricting cell differentiation. 

Differentiation of MSCs was set to start after MSCs reached maturation on Day 10 

(Byrne et al., 2007; Checa and Prendergast, 2010). Moreover, according to 

experimental observations (Bland et al., 1999; Ford et al., 2003; Mizuno and Glowacki, 

1996; Yates, 2004; Zhou et al., 2004), fibroblasts could differentiate into either 

chondrocytes or osteoblasts, while chondrocytes and osteoblasts would not be 

differentiated into the other cell types. This phenomenon was accounted for in the 

algorithm, as shown in Figure 7.2. 

 

7.2.2 Finite Element Implementation 

7.2.2.1 Model Geometry 

Previous experimental and computational studies have suggested that tissue 

engineering (TE) scaffolds with a large pore size (≥300µm) are suitable for bone tissue 

engineering (McCoy et al., 2012; Murphy et al., 2010). This study was based on a 

porous hydrogel scaffold with a pore size and porosity of 300µm and 70%, 

respectively, which had a Young’s modulus and Poisson’s ratio of 3kPa and 0.45, 
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respectively (Chippada et al., 2009). In the in silico model, the author considered a 

single unit-cell of a spherical-pore architecture scaffold (0.5×0.5×0.5mm), as shown 

in Figure 8.1(b). A three dimensional regular hydrogel scaffold was modelled in this 

study (see Figure 8.3). The tissue section was meshed with 39,660 C3D10PT elements 

(coupled pore fluid-temperature), which enabled the computation of temperature (cell 

density) change due to the thermal conduction process, but also allowed the pore 

pressure gradient driving the temperature (cell density) change. An uncoupled element 

type C3D10P (pore fluid) was applied on the scaffold section with a number of 24,460. 

7.2.2.2 Material Properties 

It was assumed that initially granulation tissue infiltrated within the porous space in 

the scaffold prior to the initiation of mechanical simulation, based on studies by (Byrne 

et al., 2007; Checa and Prendergast, 2010). Both the tissue and scaffold were modelled 

as biphasic poroelastic materials with the constitutive equation and specific properties 

shown in Equation 7.5 and Table 7.2, respectively:  

           
  p

3

G2
KG2 ij332211ijijij  








             (7.5) 

where, σij, εij and p are solid phase stress, strain and pore pressure; K and G are the 

bulk modulus and shear modulus, respectively. 

When the mechanical stimulus reached a certain threshold (e.g. osteogenesis), the 

model predicted that cells differentiated and could synthesise new extra-cellular 

matrix (ECM). To account for this behaviour, the material properties of the tissue 

within scaffold were adapted. To determine the mechanical properties of each element 

for the next iteration iter+1, the author calculated the Young’s modulus of each 

element based on the cell number in each element, based on methods previously 

applied to predict the bone tissue formation within an idealised TE scaffold (Byrne et 

al., 2007) as shown in Equation7.6:  
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    (7.6) 

where, Eiter+1 and EGran were the Young’s modulus of the element for next iteration 

iter+1 and Young’s modulus of granulation tissue, respectively. E was the average 

Young’s modulus for a particular element for the ten previous iterations, see Equation 

8.7. TF, TC and TB were the densities of fibroblasts, chondrocytes and osteoblasts, 

respectively, which were represented by temperature in this study. TMax was the 

maximum cell density in one element with the normalised value of 1.  

 

Table 7. 2: Mechanical properties of hydrogel scaffold and different tissue types 

 Granulation 

tissue  

Fibrous 

tissue 

Cartilage Bone Mature 

bone 

Hydrogel 

scaffold 

Young’s 

modulus 

(MPa) 

0.2a 2a 10a 1000a 6000 a 0.003 c 

Poisson’s 

ratio 

0.167a 0.167a  0.167 a 0.3a 0.3a 0.45 c 

Permeability 

(m4/Ns ×10-

14) 

1a 1a 0.5 a 10a 37 a 1 

Void ratio 4 b 4 b 4 b 4b 4 b 2.33 

Bulk 

modulus 

grain (MPa) 

2300 b 2300b 3400b 13920 b 13920 b 2300 

Bulk 

modulus 

fluid (MPa) 

2300b 2300 b 2300 b 2300 b 2300b 2300 

a (Lacroix et al., 2002); b (Byrne et al., 2007); c (Chippada et al., 2009) 
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    An instantaneous change of the element stiffness to the predicted tissue (e.g. bone) 

was not realistic in terms of the time and biological capacity of cells to adapt the tissue 

phenotype. Therefore, the Young’s modulus of the particular tissue phenotype i was 

based on the stimulus and consequent matrix stiffness predicted over 10 iterations 

(days), which was averaged as shown in Equation 7.7: 

                         



i t e r

i t e r

i i t e rEE
910

1
                   (7.7) 

where, Ei was the Young’s modulus of different tissue phenotypes as determined in 

Table 7.2, iter was the number identifying the iteration. 

 

7.2.2.3 Boundary and Loading Conditions 

The side and bottom surfaces of both scaffold and tissue were assumed to have a 

frictionless support for all simulation, specifically the boundary conditions specified 

in the Cartesian coordinate system were uz=0 for the bottom face, ux=0 for surfaces 

x=±250µm and uy=0 for surfaces y=±250µm, see Figure 7.3(a). 

This study investigated tissue formation under five types of mechanical loading, 

which included (1) mechanical compression with a strain ε of 0.5% (Case 1) and (2) 

5.0% (Case 2) (see Figure 8.3b); (3) fluid pressure gradient P with a magnitude of 

10kPa (Case 3) and (4) 100kPa (Case 4) (see Figure 7.3c); (5) a combination of 

mechanical compression (ε=0.5%) and fluid pressure (10kPa) (Case 5) (see Figure 

7.3d). For Case 1 (ε=0.5%) and Case 2 (ε=5.0%), pulsatile displacements of 2.5µm 

(Case 1) and 25µm (Case 2) were applied on the top surface of the scaffold and tissue, 

see Figure 7.3(a). In the fluid phase, the entire surfaces of the tissue were defined with 

zero fluid pressure, which simulated the free exudation of fluid. In Case 3 (P=10kPa) 

and Case 4 (P=100kPa), pulsatile fluid pressures were applied on the top surfaces of 
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both scaffold and tissue, as shown in Figure 7.3(a) and (c). In the solid phase, the side 

and bottom surfaces of tissue and scaffold were assumed to have a frictionless support 

(uz=0 for the bottom face, ux=0 for surfaces x=±250µm and uy=0 for surfaces 

y=±250µm in the Cartesian coordinate system), whilst in fluid phase the bottom 

surfaces of scaffold and tissue were defined with zero pressure. In Case 5 (ε=0.5% and 

P=10kPa), both loading conditions (see Figure 7.3d) were applied on the top surfaces 

of scaffold and tissue, and the side of bottom surfaces were assumed as frictionless 

support. In the fluid phase, the bottom surface of the scaffold and tissue was defined 

with zero pressure. The model was solved with USDFLD subroutine using a transient 

analysis with each 1 iteration represented per day. 

 

Figure 7.3: (a) Boundary and mechanical compression loading conditions applied to 

the hydrogel scaffold (grey) and tissue (green); applied loading types include: (b) 

mechanical compression with a strain magnitude ε of 0.5% (Case 1) and 5.0% (Case 

2); (c) fluid perfusion with a pore pressure, P of 10kPa (Case 3) and 100kPa (Case 

4); (d) combination of fluid perfusion (P=10kPa) and mechanical compression 

(ε=0.5%) 
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7.3  Results 

7.3.1 Evolution of Differentiated Cell and Tissue Phenotypes 

7.3.1.1 Osteogenic Differentiation 

Evolution of differentiated osteoblasts and normalised densities are shown in Figure 

7.4. According to Figure 7.4, initially osteoblasts were predicted to form around the 

inner surface of the scaffold in Case 1 (mechanical compression ε=0.5%), and 

osteoblast differentiation was predicted towards the outer surfaces and the pores by 

Iteration 60. However, under high compressive strain (i.e. Case 2: ε=0.5%) 

differentiated osteoblasts could not be observed at Iteration 20, while from Iteration 

40, osteoblasts were concentrated around the inner surfaces of the hydrogel, see Case 

2 in Figure 7.4. A similar trend was also predicted under fluid perfusion loading (Case 

3, Pore Pressure P=10kPa), whereby osteoblasts differentiated at the inner surface of 

the hydrogel. In this instance osteoblast differentiation was detected early (Iteration 

20), but no further appreciable differentiation occurred thereafter due to cell apoptosis. 

In Case 4 (Pore Pressure P=100kPa), no distinct osteoblast differentiation could be 

found. Under combined loading (Case 5: compression ε=0.5% and pore pressure 

P=10kPa), osteogenic differentiation arose by iteration 20 and by iteration 60, 

osteoblasts occupied most of the pore space, mainly concentrated within the upper 

section of the scaffold as shown in Figure 7.4 (Case 5). Shown in Figure 7.7 is the 

differentiated tissue fraction under different loading regimes. In Case 1, approximately 

37% of the volume was differentiated to bone tissue by Iteration 15, and at Iteration 

60, bone tissue fraction increased to 89% of the volume (see Figure 8.7a). However, 

in Case 2, bone tissue only occupied 9% of the volume at Iteration 15, and increased 

to 37% at Iteration 60, as shown in Figure 7.7(b). Under fluid perfusion loading (Case 

3 and Case 4), the higher magnitude of load also induced more bone tissue formation. 
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For instance, in Case 3 (P=10kPa), the fraction of differentiated bone tissue was 43% 

at Iteration 15, and increased to 83% at Iteration 60 (see Figure 7.7c), while in Case 4 

(P=100kPa) only 16% of the volume was differentiated to bone tissue at Iteration 15, 

and the fraction slowly increased to 30% by Iteration 60 (see Figure 7.7d). 

Furthermore, a combined loading (Case 5: compression ε=0.5% and pore pressure 

P=10kPa) predicted more bone tissue formation, for example, at Iteration 15, 42% of 

the volume was differentiated into bone tissue, and the fraction increased to 84% of 

the volume by Iteration 60 (see Figure 7.7e). 

 

Figure 7.4: Predicted evolution of normalised osteoblast density under different 

loading regimes at Iteration 20, 40 and 60 
 

 

7.3.1.2 Chondrogenic Differentiation 

Shown in Figure 7.5 is the evolution of chondrocytes induced by different loading 

regimes. Under mechanical compression loading, it was found that the higher 

magnitude of compressive strain (i.e. Case 2 ε=5.0%) could enhance chondrogenesis 
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compared to the lower-level of compression (i.e. Case 1 ε=0.5%), see Figure 7.5. In 

Case 1, differentiated chondrocytes were concentrated at the hydrogel pore surfaces, 

whereas in Case 2 differentiated chondrocytes were also found at the inner surfaces of 

the hydrogel by Iteration 20. However, the density of chondrocytes decreased at 

Iteration 40 and 60 due to the osteogenic differentiation of chondrocytes. Under fluid 

perfusion loading, it was found that a higher pore pressure (Case 4 P=100kPa) could 

induce more chondrogenic differentiation of MSCs compared to the lower-level pore 

pressure (Case 3 P=10kPa). Chondrogenic cells were concentrated at the hydrogel 

pores and a higher cell density was predicted in the upper section of the volume, see 

Case 3 and 4 in Figure 7.5. Interestingly, under combined loading (Case 5), the 

chondrocytes were mainly concentrated at the bottom section of the volume. In Case 

1 (ε=0.5%), a small decrease of the cartilage fraction was found from Iteration 15 to 

60, and only 5% of the volume was differentiated into cartilage at Iteration 60 (see 

Figure 7.7a). In Case 2 (ε=5.0%) the volume fraction of differentiated cartilage did not 

show a distinct change from Iteration 15 to 60 (i.e. approximately 4.2% of the volume), 

see Figure 7.7(b). The pore pressure loading of 10kPa (Case 3) did not have an obvious 

influence on the cartilage tissue fraction change, which was approximately 12% from 

iteration 15 to iteration 60 (see Figure 7.7c). Under the higher pore pressure of 100kPa 

(Case 4), cartilage differentiation increased from Iteration 15 to 60 with the fraction 

increased from 16% to 44%, see Figure 7.7d. Similar to Case 3, the volume of cartilage 

tissue under combined loading (Case 5) also did show a distinct change iteratively, but 

had a lower fraction by Iteration 60 (i.e. approximately 8%), as shown in Figure 7.7(e). 
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Figure 7.5: Predicted evolution of normalised chondrocytes density under different 

loading regimes at Iteration 20, 40 and 60 
 

 

7.3.1.3 Fibrogenic Differentiation 

According to Figure 7.6, it was found that the evolution of fibrogenesis had a similar 

trend to that of chondrogenesis, whereby the higher loading magnitude induced more 

fibrogenic differentiation. For instance, more fibroblasts were predicted in Case 2 

(compression ε=5.0%) and Case 4 (pore pressure P=100kPa) compared to Case 1 

(compression ε=0.5%) and Case 3 (pore pressure P=100kPa), respectively. The 

fibroblasts densities for Case 1 (ε=0.5%) and Case 5 (ε=0.5% and P=10kPa) were quite 

low, with minimal fibroblast differentiation observed (see Figure 7.6). Under a 

compressive strain of 5.0% (Case 2) fibroblasts were predicted at the periphery of the 

construct. In Case 3 (pore pressure P=10kPa), differentiated fibroblasts were predicted 

to reside only along the pores on the top surface, whereas in Case 4 (P=100kPa) 

differentiated fibroblasts were not only found in the upper section but also 
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concentrated around the inner section of the volume. Under combined loading (Case 

5), only a small amount of the fibroblasts were concentrated at the interconnection 

between two pores at the bottom of the scaffold, see Case 5 in Figure 7.6.  

 

Figure 7.6: Predicted evolution of normalised fibroblasts density under different 

loading regimes at Iteration 20, 40 and 60 
 

 

    In addition, it was predicted that the fibrous tissues fraction was decreased from 

Iteration 15 to 60 in Case 1, and at Iteration 60, only 6% of the volume had 

differentiated to fibrous tissue (see Figure 7.7a). Compared to Case 1, Case 2 had 

higher fraction of granulation tissue, which had not differentiated yet due to the high 

stimuli, as shown in Figure 7.7(a, b), meanwhile, a small decrease of the fibrous tissue 

fraction was found from Iteration 15 to 60, see Figure 7.7(b). Under Case 3 (P=10kPa), 

the fibrous tissue fraction exhibited a noticeable decrease from 41% (Iteration 15) to 

4% (Iteration 60), as shown in Figure 7.7(c). Under higher magnitude of pore pressure 

(Case 4 P=100kPa), the fraction of fibrous tissue decreased from 58% to 24% from 
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Iteration 15 to 60 (see Figure 7.7d). Furthermore, in Case 5, the fibrous tissue showed 

a decrement from 43% to 7% of the volume from Iteration 15 to 60 as shown in Figure 

7.7(e). 

 

Figure 7.7: Tissue phenotype fraction for (a) Case 1: mechanical compression 

ε=0.5%, (b) Case 2: mechanical compression ε=5.0%, (c) Case 3: fluid perfusion 

under Pore Pressure P=10kPa, (d) Case 4: fluid perfusion under Pore Pressure 

P=100kPa, (e) Case 5: combination of mechanical compression (ε=0.5%) and fluid 

perfusion (P=10kPa) 
 

 

7.3.2 Overall Scaffold Stiffness 

Figure 7.8 shows the evolution of effective stiffness of the entire volume. It was found 

that the effective stiffness increased from Iteration 10 to 60 in all cases. Moreover, by 

Iteration 60, the stiffness of the tissue volume in Case 1 (ε=0.5%) was higher than that 

predicted under the other loading types. For example, initially (Iteration 0-10) all the 

cases had an effective stiffness of 0.002N/mm, and it increased to 10N/mm at Iteration 

60 in Case 1, while Case 3 and 5 had an effective stiffness of 4.7N/mm and 3N/mm at 

Iteration 60, respectively. The higher loading cases (Case 2 and 4) resulted in low 
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effective stiffnesses (i.e. approximately 100 times lower than Case 1). By Iteration 60, 

Case 2 (ε=0.5%) and Case 4 (P=100kPa) had an effective stiffness of 0.02N/mm and 

0.015N/mm, respectively.  

 

Figure 7.8: Overall scaffold stiffness under different loading regimes 
 

 

7.4  Discussion 

In this study, the author developed a mechanobiological algorithm, which was used 

for predicting tissue formation (i.e. bone, cartilage and fibrous) within an idealised 

hydrogel scaffold. Based on this model, tissue regeneration was predicted over a long-

term (i.e. 60 days) scenario and five loading regimes were investigated, i.e. mechanical 

compression with the strain magnitudes of 0.5% and 5.0%, fluid perfusion with the 

pore pressure magnitude of 10kPa and 100kPa and a combination of mechanical 

compression (0.5%) and pore pressure (10kPa). It was predicted that more osteogenic 

differentiation occurred under lower-level mechanical loading (i.e. Case 1 ε=0.5%, 

Case 3 P=10kPa and Case 5 ε=0.5% and P=10kPa), whereas more chondrogenic and 

fibrogenic differentiation was induced under higher magnitude mechanical loading (i.e. 
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Case 2 ε=5.0% and Case 4 P=100kPa). Finally, as an implication to bone tissue 

engineering experiments, mechanical compression loading with a strain magnitude of 

0.5% was suggested, which could lead to the highest volume of bone tissue formation. 

    One of the main limitations in this study is the use of idealised scaffold geometry. 

A recent computational study has found the resultant mechanical stimulation (i.e. fluid 

velocity, wall shear stress) in realistic scaffolds can be significantly different from that 

in idealised one (Marin and Lacroix, 2015). Therefore, this may result in different 

quantitative values of differentiated tissue fraction, however, the trend of predicted 

results will not be changed under different loading regimes. Secondly, in the 

mechanoregulation model, the author assumed that different cell types had the same 

migration rate. This meant that the thermal conduction model, which was used for 

modelling cell migration had a constant conductivity. However, in the model of 

Isaksson et al. (2008), an uncoupled mass diffusion model was employed for 

representing cell migration and the diffusivity was dependent on cell phenotypes and 

cell concentration. However, in the current study, a coupled thermal conduction-pore 

fluid model was employed for modelling cell migration, which was different from the 

cell migration (uncoupled mass diffusion) model in (Isaksson et al., 2008). Also, the 

rates of differentiation, proliferation and apoptosis used in this algorithm were from in 

vivo study (Isaksson et al., 2008). However, the in vitro rates of these cellular activities 

have not been quantified yet. Future studies could incorporate varying conductivity 

values in the model based on experimental characterisations. However, as the 

migration was also driven by mechanical stimulation in this study, the influence of 

varying conductivity on the final results would be mitigated. A rule of mixtures was 

applied to determine the element stiffness, to account for a mixture of tissues and to 

limit the rate at which tissue evolution could occur. A previous study of bone fracture 
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healing implemented specific matrix production rates of different tissue phenotypes 

instead of simply using stiffness mixture rule (Isaksson et al., 2008). In addition, 

according to experimental studies, once bone tissue was formed, it would not be de-

differentiated into fibrous or cartilaginous tissue (Albertsm et al., 2002; Jukes et al., 

2008), which was not accounted for in this algorithm. However, according to the 

prediction of the current study, a decrease of bone tissue volume due to the de-

differentiation was not found in any cases. Finally, the predicted results of this 

algorithm have not been validated by the experimental characterisations yet. In a future 

study, a tissue engineering experiment will be carried out to inform the model by 

defining the parameters (i.e. cell migration rate, tissue production rate and stiffness 

mixture rule) based on the respective experimental observation.  

    In this study, it was found that mechanical loading with lower-level magnitudes 

(Case 1, 3 and 5) could induce more osteogenic differentiation, whereas higher 

magnitude loading (Case 2 and 4) could enhance chondrogenic and fibrogenic 

differentiation. These predictions are in agreement with the findings of previous in 

silico studies, which investigated the influence of mechanical loading with different 

magnitudes on cell differentiation (i.e. osteogenesis, chondrogenesis and fibrogenesis) 

in TE scaffolds, and also showed that more cells would undergo osteogenic 

differentiation under lower-level mechanical loading (i.e. compressive strain of 0.5%) 

compared to higher loading (compressive strain of 5.0%) (Byrne et al., 2007; Checa 

and Prendergast, 2010; Olivares et al., 2009; Sandino et al., 2010). Osteoblasts were 

predicted to concentrate along the pores, and under combined loading more osteogenic 

differentiation occurred in the top section of the volume, whereas no noticeable 

osteoblasts density was found at the bottom section of the scaffold, which might result 

in a heterogeneous distribution of bone tissue as shown in Figure 4. Previous in silico 
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studies (Byrne et al., 2007; Checa and Prendergast, 2010), based on a regular printed-

type scaffold with cubical pores, predicted that osteogenic differentiation were more 

equally distributed in the scaffolds than this study. 

    It was previously reported that cell seeding conditions would not affect the final 

pattern of differentiated cell (Checa and Prendergast, 2010). However, the study in 

Chapter 4 has showed that different geometries may result in the different levels of 

mechanical stimulation, which is likely to result in the different patterns of osteogenic 

differentiation within the hydrogel scaffold. Moreover, the study in Chapter 7, which 

modelled cell migration driven by mechanical loading within a regular hydrogel 

scaffold has showed the distinct difference of cell density in different initial seeding 

conditions (i.e. peripheral seeding vs. interface seeding). Checa and Prendergast (2010) 

predicted that chondrocytes were formed along the peripheral area the volume under 

high loading (i.e. compressive pressure of 1MPa) at Iteration 60. Similarly the current 

study predicted that differentiated chondrocytes were concentrated at the outer area of 

the volume under a high compressive strain of 5.0%. Byrne et al. (2007) also predicted 

that differentiated fibroblasts arose on the peripheral area of the cubical-pore scaffold 

under a compressive pressure of 1MPa and 2MPa. In the current study, in Case 1, 2, 3 

and 5, fibroblasts were concentrated at the pore interconnections and the peripheral 

area, while under a pore pressure of 100kPa (Case 4) a large amount of fibroblasts 

were predicted to reside on the top section and the surfaces of the inner section of 

volume. Thus, the comparison with other studies indicated that the final pattern of 

differentiated cell phenotypes was not only influenced by the scaffold geometries, but 

also seeding conditions. Furthermore, previous studies predicted differentiated cell 

patterns within scaffolds under mechanical compression loadings in isolation. The 

current study predicted for the first time the regulation of loading regimes (i.e. 
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mechanical compression, fluid perfusion and a combined of both) on differentiated 

cell patterns. 

    This study predicted that bone tissue fraction could be over 80% at Iteration 60 

under lower-level loading (Case 1, 3 and 5), and, in particular, 5% compressive strain 

(Case 1) could lead to a bone tissue fraction as high as 89%. However, an in silico 

study of on CaP scaffold predicted that approximately 70% of the scaffold pore space 

underwent bone tissue formation under the same loading type (compression strain 

ε=0.5%). One of the main reasons for this difference might be the different geometries, 

for example in (Sandino et al., 2010), the model was based on a realistic CaP scaffold 

with a low porosity of 21%, while in this study, an idealised hydrogel scaffold with a 

porosity of 70% was used. A previous study by Olivares et al. (2009) and Chapter 4 of 

this thesis showed that the scaffold geometry could dominate the mechanical stimuli 

within the scaffold, leading to osteogenic differentiation. In addition, experimental 

studies also showed that the stiffness of biomaterial substrates and scaffold struts could 

influence the osteogenic differentiation (Keogh et al., 2010; Mullen et al., 2013). 

Moreover, an in silico study has simulated the influence of scaffold stiffness on the 

bone tissue formation, and found that bone tissue volume was higher in a stiff scaffold 

(Young’s modulus of 800MPa) than that in a soft scaffold (Young’s modulus of 

1200MPa) (Byrne et al., 2007). However, in this study, the influence of scaffold 

stiffness has been excluded by applying the displacement loading. In the study by 

Byrne et al. (2007), higher loading (compressive pressure of 2MPa) also induced less 

bone tissue formation within a regular printed-type scaffold than the lower pressure 

(1MPa), but the bone tissue fraction still over 50% under higher loading. The 

difference caused by the loading of 1MPa and 2MPa was smaller than present study 

(Case 1 ε=0.5% Vs. Case 2 ε=5.0%), for example, it was predicted that the fractions 
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of bone tissue were 75% and 50% under the compressive pressures of 1MPa and 2MPa 

(Byrne et al., 2007), respectively, while in present study, the fraction of bone was 89% 

and 37% under the compressive strains of 0.5% and 5.0%, respectively. A more recent 

in silico study, in which a fluid perfusion loading of 3Pa was investigated, reported 

that approximately 50% of the volume in a realistic CaP scaffold pore space underwent 

bone tissue formation (Sandino and Lacroix, 2011). However, in this study, the applied 

fluid perfusion loading with a pore pressure of 10kPa led to bone tissue occupying 83% 

of the pore space. The large difference in applied fluid pressures between two studies 

was due to the different initial conditions. For example, in present study the author 

started mechanical stimulation when the pores were fully filled with granulation tissue, 

while Sandino and Lacroix (2011) applied the loading at very initial stage, in which 

the pores were filled with culture medium rather than any tissue.    

    In this study, Case 1 produced a bone volume fraction of 89%, which resulted in 

an overall scaffold stiffness of 10N/mm (effective modulus Eeff of 20MPa), while Case 

3 and Case 5 produced bone volume fractions close to 83%, however, these resulted 

in much lower scaffold stiffnesses of 4.7N/mm (Eeff =9.4MPa) and 3N/mm (Eeff 

=6MPa), respectively. Such differences were likely caused by the distribution of tissue 

phenotypes throughout the scaffold volume. For instance, in Case 5, the lower section 

of the scaffold was dominated by cartilaginous tissue (more compliant than bone). 

Under compression, a large displacement would be generated due to this soft volume, 

which might result in a low effective stiffness, though it had 83% bone tissue fraction. 

A previous in silico study of a cubical-pore scaffold predicted that 70% of the bone 

fraction resulted in an overall scaffold stiffness of 0.6N/mm, which (based on scaffold 

dimensions) equated to an effective modulus of Eeff =0.75MPa (Byrne et al., 2007), 

which was much lower than the results in this study. Another in silico study, in which 
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70% of the bone fraction is predicted in a realistic CaP scaffold under mechanical 

compression (ε=0.5%), has shown an effective modulus Eeff of 38MPa at Iteration 60 

(Sandino et al., 2010), which is closer to the results in the present study (Eeff =20MPa). 

These values are approaching the modulus of trabecular bone (Hodgskinson and 

Currey, 1992).  

Based on the predictions of this thesis, lower-level mechanical loading (i.e. 

compression ε=0.5%, pore pressure P=10kPa, combined ε=0.5% and P=10kPa) was 

shown to be preferable for bone tissue engineering, which could lead to more than 80% 

of the volume undergoing bone tissue formation. However, considering the bone tissue 

distribution and resultant effective stiffness, mechanical compression loading with the 

strain of 0.5% resulted in a more equally distributed bone tissue within the hydrogel 

scaffold, such that the construct had a stiffer tissue volume. The predicted results in 

this study also could inform the applied loading conditions for cartilage and fibrous 

tissue engineering experiments. For example, a pore pressure of 100kPa was 

preferable for cartilage formation, which could lead to a fraction of 43.5% by Iteration 

60. For fibrous tissue formation, a mechanical compression loading with the strain of 

5.0% was suggested, under which a fraction of 48.6% was predicted within the 

scaffold.    

 

7.5  Conclusion 

In this study, in vitro bone tissue regeneration in a hydrogel scaffold was investigated 

by a mechanoregulation model. Five typical loading regimes were applied to the model 

to predict the tissue differentiation. It was found that lower-level mechanical loading, 

i.e. compression strain of 0.5%, pore pressure of 10kPa and a combination of 

compression (0.5%) and pore pressure (10kPa), could induce more osteogenic 
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differentiation and a higher effective stiffness, while higher cartilage and fibrous tissue 

fractions were produced under higher-level mechanical loading (i.e. compression 

strain of 5.0% and pore pressure of 100kPa). These findings may provide important 

information regarding the appropriate mechanical stimulation to apply to cell/scaffold 

combinations in vitro bone tissue engineering experiments.  
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Chapter 8: The Effect of Stretching on the Osteogenic 

Differentiation and Mechanical Properties of Human 

Adipose Stem Cells 

 

8.1  Introduction 

8.1.1 Declaration of Task Completed 

This study was carried out during Feihu Zhao’s visiting to BioMediTech Institute, 

Tampere, Finland in 2014, and finalised under the collaboration with the researchers 

from Finland. In this work, Feihu Zhao participated in the overall study design, carried 

out all AFM measurements and computational modelling, also interpreted the data 

together with Sanni Virjula (BioMediTech Institute, Tampere, Finland). Sanni Virjula 

completed most of the cell culture work, all the biochemical and statistical analyses. 

Meanwhile, she sorted out the results and interpreted the data together with Feihu Zhao. 

The stretching device was fabricated by Joni Leivo (BioMediTech Institute, Tampere, 

Finland), he also built up the stretching system and served as an assistant in the AFM 

operations. Additionally, Anna-Maija Honkala isolated the hASCs, and helped in cell 

culture work and biochemical analyses. 

 

8.1.2 Mechanobiological Behaviour of Human Adipose Stem Cells in Osteogenic 

Differentiation 

Recent in vitro studies have taken into account the physiologically more relevant 

mechanical environment and applied mechanical stimulation to enhance osteogenic 

differentiation. In these recent studies, the osteogenic differentiation of mesenchymal 

stem cells (MSCs) was induced with vibration loading (Tirkkonen et al., 2011), shear 

stress induced by extracellular fluid flow (Frohlich et al., 2010; Knippenberg et al., 

2005; Lim et al., 2013; Yourek et al., 2010) and tensile strain (Diederichs et al., 2010; 
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Du et al., 2012; Hanson et al., 2009; Simmons et al., 2003; Yang et al., 2012) with 

promising results. Adipose tissue is an attractive source of stem cells of mesenchymal 

origin (Zuk et al., 2001), and the potential of human adipose stem cells (hASCs) for 

bone tissue engineering applications has been proofed already even in clinical cases 

(Mesimaki et al., 2009; Sandor et al., 2014). 

    It has been shown that stretching the substrates upon which ASCs are grown 

could stimulate osteogenesis and inhibit adipogenesis (Diederichs et al., 2010; Du et 

al., 2012; Yang et al., 2012). In addition, combining the stretching stimulation together 

with chemical stimulation, the osteogenic differentiation of hASCs could be further 

enhanced compared to chemical stimulation alone (Du et al., 2012). However, the 

manner in which stretching is applied affects differentiation, and the experimental 

designs of separate studies differ considerably from each other. Varying factors include 

direction, magnitude and frequency of strain, application time and inserted rest periods, 

as well as the stretching substrate and the chemical factors used (Riehl et al., 2012). 

To date studies of ASCs have been carried out under short-term uniaxial mechanical 

stimulation. However, uniaxial strain has been shown to promote myogenic (Andersen 

et al., 2014; Bayati et al., 2011) and tenogenic differentiation of ASCs (Nam et al., 

2015; Raabe et al., 2013), whereas equiaxial stretching has been shown to support 

improved osteogenic differentiation of dental pulp stem cells compared to uniaxial 

stretching (Tabatabaei et al., 2014).  

  In previous studies, the effect of mechanical stimulation on osteogenic 

differentiation was evaluated by biochemical responses, such as alkaline phosphatase 

(ALP) activity and gene expression. Interestingly, recent studies on hMSCs and pre-

osteoblasts have shown that also mechanical properties of the cells change during 

osteogenic differentiation (Bongiorno et al., 2014; Chen et al., 2010; Gonzalez-Cruz 
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et al., 2012; Titushkin and Cho, 2007; Yu et al., 2010). By altering cytoskeletal 

organisation, cells respond to changes in their biochemical and mechanical 

environment resulting in changes in cell stiffness, which can be characterised by an 

atomic force microscopy (AFM) indentation and computational modelling (Azeloglu 

and Costa, 2011; Mullen et al., 2014a). Nevertheless, the change in long-term 

mechanical behaviour of hASCs during osteogenic differentiation remains still 

unknown, and furthermore, the effect of mechanical stimulation on the mechanical 

properties of hASCs during osteogenic differentiation has not yet been fully 

investigated. 

In this chapter, the author examined the effect of equiaxial, long-term cyclic 

mechanical stretching on the proliferation and osteogenic differentiation of hASCs as 

well as on the cell attachment and the changes in focal adhesion sites. Furthermore, 

the cellular mechanical behaviour in terms of cellular apparent Young’s modulus and 

contractility were characterised by a combination of AFM indentation and 

computational approaches. This is the first study to investigate the effect of long-term 

equiaxial stretching on the osteogenic differentiation of hASCs. 

 

8.2  Materials and Methods 

8.2.1 Cell Isolation, Expansion and Ethics Statement 

The hASCs were isolated from subcutaneous adipose tissue samples collected from 

four female donors (47±14.8 years) undergoing elective plastic surgeries at Tampere 

University Hospital (Finland). The collection and the use of the samples were 

conducted in accordance with the Ethics Committee of the Pirkanmaa Hospital District 

(nr R03058) and with patients’ written consents. After the mechanical and enzymatic 

isolation procedures (Gimble and Guilak, 2003), the hASCs at passage 1 were 
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characterized by flowcytometry (FACSAria, BD Bioscences) as described earlier 

(Lindroos et al., 2009). From the hASC population used in the study, over 93% 

expressed the surface proteins CD73, CD90 and CD105, whereas only a small fraction, 

0.1% – 15%, expressed the markers CD14, CD19, CD34, CD45 and HLA-DR 

verifying the mesenchymal origin of the cells. The cell expansion was carried out in 

basic medium (BM) containing Dulbecco’s modified Eagle medium/Ham’s nutrient 

mixture F-12 (DMEM/F-12 1:1, Invitrogen/ Life Technologies, Carlsbad, CA, USA), 

5 % human serum (PAA Laboratories GmbH), 1 % L-glutamine (GlutaMAX, Gibco/ 

Life Technologies) and 1 % antibiotics (100 U mL-1 penicillin, 100 µg mL-1 

streptomycin, PEN-STREP, Lonza, BioWhittakerTM, Verviers, Belgium). They were 

characterized and their mesenchymal origin verified at passage 1 by flowcytometry 

(FACSAria, BD Bioscences, San Jose, CA, USA) as described earlier (28). Over 93 % 

of the hASCs expressed the surface proteins CD73, CD90 and CD105, whereas only 

a small fraction (0.1 – 2.0) % expressed the markers CD14, CD19, CD45 and HLA-

DR. Less than 15 % expressed the surface marker. 

 

8.2.2 Cell Culture and Mechanical Stimulation 

hASCs were cultured in three groups as shown in Table 8.1. In Group A, the hASCs 

were cultured on polydimethylsiloxane (PDMS) under static conditions, in Group B 

on PDMS under dynamic conditions and in Group C on glass under static conditions. 

For the Groups A and B, tailor-made pneumatic cell stretching and static reference 

devices with PDMS (Sylgard 184, Dow Corning, Midland, MI, USA) membranes (see 

Figure 8.1a) (Kreutzer et al., 2014) were used to expose hASCs to cyclic equiaxial 

stretching. Prior to the experiments, the 1.13 cm2 culture area of each PDMS device 

was coated with type I collagen from rat tail (Life Technologies), and sterilised under 
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ultraviolet light for 20 min. For the Group C samples, cover glasses measuring 13 mm 

in diameter (#1, VWR, Radnor, PA, USA) were disinfected in 70 % , rinsed in sterile 

water and placed into 24 well plates for cell culture. All substrate samples were pre-

incubated in BM at 37 ºC for 3 h before seeding hASCs of passage 2-4 at a density of 

700 cells cm-2. After three days’ culture in BM, on day 0, the culture medium was 

changed to OM and stretching was initiated for group B samples. Fresh OM was 

changed twice per week. 

 

Table 8.1: Cell culture conditions of the three groups compared in this chapter 

Group Condition Medium Substrate 

A Static OM PDMS (Stiffness = 2 MPa) 

B Dynamic OM PDMS (Stiffness = 2 MPa)  

C Static OM Glass (Stiffness = 64 GPa) 

OM = osteogenic medium, PDMS = polydimethylsiloxane. 

 

Figure 8.1: (a) Pneumatic cell stretching device and static PDMS reference device, 

(b) setup of the cell stretching system, (c) pulsatile loading profile 
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The stretching stimulation was conducted under standard cell culture conditions 

(+37 °C, 5% CO2), and the reference samples were placed in the same incubator. 

Cyclic stretching (0.5 Hz with 12 h intervals, Figure 1C) was applied using a custom-

made pressure regulation system controlled via LabVIEW-based user interface, see 

Figure 8.1b. As shown in Figure 8.1c, the stretching was started at a strain magnitude 

of 2.0 %, and increased to 3.5 % on Day 1. From Day 3 onwards, the strain magnitude 

was kept constant at 5.0 %. According to the quantitative expressions by Zhao et al. 

(2014a), the magnitudes of applied vacuum pressure to the device were 8.23kPa, 

14.33kPa and 20.34kPa, which would result in the strains of 2.0 %, 3.5 % and 5.0 % 

respectively. 

 

8.2.1 Cell Proliferation and ALP Analysis 

Cell attachment and growth were followed and evaluated qualitatively by light 

microscopy imaging (Zeiss AXIO Vert.A1 microscope with AxioCam ERc5s camera, 

Carl Zeiss GmbH, Oberkochen, Germany) at 0, 3, 6 and 10 day time points. The 

relative cell number was studied quantitatively on days 0, 6 and 10 by a CyQUANT® 

Cell Proliferation Assay Kit (Life Technologies) based on the total DNA content. The 

method was performed as described in (Ojansivu et al., 2015). Briefly, hASCs were 

lysed in 0.1 % Triton-X 100 buffer (Sigma-Aldrich, St.Louis, MO, USA). After a 

freeze-thaw cycle, three parallel samples from each lysate sample were mixed with 

CyQUANT® working solution, and the fluorescence was measured with a multiplate 

reader (Victor 1420 Multilabel Counter; Wallac; Turku, Finland) at 480/520nm. 

In order to study the effect of stretching and substrate stiffness on early osteogenic 

differentiation, S. Virjula quantified the ALP activity of the hASCs at the time points 

of 0, 6 and 10 days. The quantification was performed on the same lysate samples as 
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the DNA amount, enabling normalisation of the ALP activity relative to the cell 

number. The method was performed as described previously (Ojansivu et al., 2015). 

Briefly, three parallel samples of each lysate were mixed with p-nitrophenol phosphate 

substrate solution (Sigma-Aldrich) containing working solution. The reaction was 

quenched by adding NaOH and absorbance was measured at 405nm. Quantitative 

experiments were repeated with three different donor cell lines (Donors 1–3) and three 

parallel samples in each group, resulting in n=9, except for control group C, which 

was repeated with two different donor cell lines (Donors 1 and 2) (n = 6). 

 

8.2.2 Immunocytochemical Staining 

The focal adhesions, actin cytoskeleton and nuclei of the hASCs were triple stained 

using immunohistochemical stains at 3 and 6 days (Donor 4, n=3). Firstly, cells were 

fixed and permeabilised in 4% paraformaldehyde containing 0.2% Triton-X-100 for 

15 min. After washing in Dulbecco's phosphate-buffered saline (DPBS), non-specific 

binding sites were blocked using 1 % bovine serum albumin (BSA) in DPBS for two 

hours at 4ºC. Primary antibody (Vinculin ABfinityTM Recombinant Rabbit 

Monoclonal antibody, Life Technologies) was diluted 1:100 in the blocking solution, 

and then incubated with the cells overnight at 4 ºC. After washing in DPBS, samples 

were incubated for 1 h in Alexa Fluor® 488 conjugated anti-rabbit secondary antibody 

(1:800 in BSA-DPBS; Life Technologies), together with phalloidin-TRITC (1:5000; 

Sigma-Aldrich) and DAPI (1:1000; Molecular Probes/ Thermo Fischer Scientific) in 

darkness. Finally, samples were thoroughly washed in DPBS and Milli-Q H2O before 

mounting on slides with Shandon Immu-Mount (Thermo Fischer Scientific). Cell 

morphology and focal adhesions were visualised with a Zeiss Axio Scope.A1 

fluorescence microscope (Carl Zeiss GmbH) using 20× air and 100× oil immersion 
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objectives. 

 

8.2.3 Atomic Force Microscopy Indentation 

The mechanical properties of the hASCs were measured on days 0, 6 and 10 by AFM 

(Figure 8.2 a-b). As a spherical AFM probe has been found more accurate for cell 

indentation compared to a standard AFM tip (Bongiorno et al., 2014; Pillarisetti et al., 

2011; Titushkin and Cho, 2007), in this chapter a polystyrene spherical bead (diameter 

= 5µm) mounted on a silicon cantilever (Borosilicate; Novascan Technologies, Inc., 

Ames, IA, USA) was employed in the indentation, as shown in Figure 8.2(b). The 

cantilever was calibrated, which had a force constant of 0.09 N/m. To measure the 

cells on PDMS, the PDMS membrane was cut down and attached to a 25mm-diameter 

glass plate, which afterwards was placed in the well (see Appendix 1.1). A temperature 

control system was connected to AFM, adjusting the temperature of the cell 

environment to 37˚C (see Appendix 1.1). In addition, a crosshair was used to locate 

the spherical bead so as to guarantee the indentation on top of the cells as shown in 

Figure 8.2 (a). The probe indented the cells at a speed of 0.3µm/s until reached a force 

limit of 4nN, which would result in the indentation depth less than 2.0µm. The results 

in the indentation depth range between 0-0.5µm were used for analysis (Barreto et al., 

2013). The apparent Young’s modulus of cells was obtained by fitting the experimental 

data to the Hertzian contact mechanics model (see Eq. 3.74) in Matlab (MathWorks 

Inc. US). In each group, 5-30 cells were measured, and each cell was indented 3-5 

times at different locations. The mean apparent Young’s modulus was calculated for 

each cell. 
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Figure 8.2: (a) A crosshair to locate the spherical bead under the AFM probe; (b) 

diagram of AFM indenting the cells and the microscopy image of AFM probe; (c) 

typical AFM indentation results (depth-reacted force) fitted by Hertzian contact 

mechanics model; (d) mesh, boundary and loading conditions of computational 

model 
 

 

8.2.4 Computational Modelling 

In addition, to investigate the contractility of hASCs during osteogenic differentiation, 

the author carried out a reverse computational study based on a finite element (FE) 

model. The cellular contractility (λC) was determined by substituting the measured 

apparent Young’s modulus (Eapp) to the λC-Eapp expression, which was derived from 

the computational study. To determine the Young’s modulus of the cytoplasm and the 

nucleus, the author carried out another reverse computational study using the FE 

model. The Young’s modulus of the cytoplasm was varied between 0.5 kPa and 1.0 

kPa with an increment of 0.1 kPa. Weafer et al. found that the Young’s modulus of the 

cell nucleus was five-fold that of the cytoplasm (Weafer et al., 2013). Thus, the author 

estimated that the Young’s modulus of the nucleus varied in this study 2.5 kPa – 5.0 

kPa. As shown in Figure 8.3(d), the symmetric surface of the cell was defined as 
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frictionless support (specifically: u·n =0, u: displacement, n: unit vector normal to the 

boundary surface). Since the substrate material was glass or PDMS, which were much 

stiffer than the cells, the author hereby assumed a fixed boundary (u=0) at the bottom 

of the cell. The cellular contractility was modelled by a thermal expansion process. In 

this model, a volumetric expansion coefficient of 0.01 K-1 was defined in the 

cytoplasm. In the parametric variation study, a loading of -30 K – 30 K was applied to 

the cytoplasm. In addition, the indentation was simulated by applying a vertical 

downward displacement δ of 0.5 µm on the AFM indenter as shown in Figure 8.2 (b). 

The indenter surface and the top surface of the cell were set as master and slave 

surfaces, respectively. So the Young’s modulus range of the nucleus in this chapter 

was 2.5kPa – 5.0kPa. As shown in Figure 8.2(d), the symmetric surface of the cell was 

defined as frictionless support (specifically: u·n =0, u: displacement, n: unit vector 

normal to the boundary surface). Since the substrate material was glass or PDMS, 

which were much stiffer than the cells, it was hereby assumed a fixed boundary (u=0) 

at the bottom of the cell. In this study, the cell contraction was assumed to be caused 

by the contractile strain in cytoplasm. Thus, cellular contractility (contractile strain) 

was modelled using a thermal expansion process. A volumetric expansion coefficient 

of 0.01K-1 was defined in the cytoplasm, which for example, would result in a 

contractility of 1.1 under the loading of -10K. In the parametric variation study, a 

loading of -30K – 30K was applied to the cytoplasm. In addition, the indentation was 

modelled by applying a vertical downward displacement δ of 0.5µm on the AFM 

indenter as shown in Figure 8.2(d). A reference point at the bottom of the indenter was 

defined to calculate the reacted force. The indenter surface and the top surface of the 

cell were set as master and slave surfaces, respectively.  

    In the FE model, it was assumed a dendritic shape of the cells (Figure 8.2d), 
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which had the processes with a length of 40 µm and a cell height of 3µm (Mullen et 

al., 2014a). As the cell geometry is symmetric, half of the cell was included in the 

computational model as shown in Figure 8.2(d). The cytoplasm and nucleus were 

defined as isotropic hyperelastic materials, which followed Neo-Hookean model as 

shown in Equation (8.1):  

                      21 1det
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where, W and Dg are the strain energy and deformation gradient, respectively. I1 is the 

first invariant of the right Cauchy-Green deformation tensor, which can be derived 

from Equation (8.2), 
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where, λ1, λ2 and λ3 are the principal stretches. 

In Equation (8.1), CNH and DNH are material constants, which can be calculated 

using Equation (8.3) and (8.4), respectively, 
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where, G, E and K are shear modulus, Young’s modulus and bulk modulus, 

respectively. ν is Poisson’s ratio (ν=0.49 was used to prevent a numerical error).  

     The contact algorithm followed the direct constraint enforcement method. 10-

node quadratic tetrahedron elements with a size of 0.75µm were employed to mesh 

the model, and the mesh of the contact area was refined with an element size of 0.2µm. 

Finally, the model was solved iteratively using a FE method in Abaqus 6.12 

(ABAQUS Inc., US). 
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8.2.5  Statistical Analysis 

The statistical significances of the proliferation, ALP activity and apparent Young’s 

modulus results were evaluated with SPSS (Version 22, IBM) using non-parametric 

Mann-Whitney U test with Bonferroni adjustment (n = 16). The results were 

considered statistically significant when p < 0.05. All the calculated p-values are given 

in Appendix 1.3-1.5. 

 

8.3  Results 

8.3.1 Stretching Delayed Proliferation 

Based on light microscopy images (Figure 8.3), hASCs attached homogeneously on 

both PDMS and glass and no distinct differences between the three groups were found 

on day 0. By Day 3 the hASCs cultured in static conditions (groups A and C) had 

undergone increased proliferation compared to the stretched cells, yet it was observed 

fully attached hASCs in all groups. Between days 3 and 6 the hASCs proliferated 

abundantly under all conditions, reaching confluency in groups A and C. In addition, 

the stretched hASCs were more evenly distributed, whereas the hASCs on PDMS in 

static condition grew in clusters. The quantitative analysis (Figure 8.4a) supported 

these observations, and it was found significant increases in cell number from day 0 

to day 6 in both Groups A and C (p = 0.001 and 0.032, respectively), while in Group 

B, the cell proliferation was slower and a statistically significant increase in cell 

number was found only from day 0 to day 10 (p = 0.002). Comparing the proliferation 

between the Groups at the 6 day time point, the cell number was highest in Group C 

and lowest in Group B, and the difference was statistically significant only between 

these two groups (A-B: p = 0.336, A-C: 0.288, B-C: 0.016). On day 10, the hASCs 

cultured in static conditions (Groups A and C) had partly detached forming a floating 
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cell pellet, and new hASCs had re-grown into the same areas of the wells, whereas the 

stretched hASCs had reached confluency and were still attached onto the substrate. In 

addition, the hASCs from different donors had different proliferation rates, but the 

trend was similar among the cell lines. 

 

Figure 8.3: Representative light microscopy images of the hASCs cultured on PDMS 

in static and dynamic conditions and on glass in static condition at 0, 3, 6 and 10 

day time points. The images in the panel were taken from the middle of the wells and 

the very same sample was followed. Scale bar 400 µm for all images. 
 

 

8.3.2  Stretching Enhanced Osteogenic Differentiation 

The normalised ALP activity (Figure 4b) increased with time in each group. For 

hASCs cultured on glass (group C), ALP activity significantly increased between days 

0 and 6 (p = 0.032), whereas for the hASCs cultured on PDMS (groups A and B) the 

differences were statistically significant between days 0 and 10 (p = 0.002 for both 

groups). On Day 6, the stiffer glass substrate enhanced the osteogenic differentiation 

compared to static culture on PDMS (p = 0.006), but the difference between stretched 

PDMS and static glass samples was not statistically significant (p = 0.944). Moreover, 

stretching significantly upregulated ALP activity on day 10 compared to static culture 
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on the same PDMS substrate (p = 0.016), even though the highest values were 

observed with glass.  

 

Figure 8.4: (a) Cell number based on total DNA content, (b) early osteogenic 

differentiation based on ALP activity of the hASCs at 0, 6 and 10 day time points 

cultured on PDMS in static and dynamic conditions and on glass in static condition. 

The scatter plot shows the total mean for each condition as a grand line, and the 

mean values for each donor as circles, squares and triangles. The ALP activity 

results are normalized relative to cell number and are relative to static PDMS on day 

0. * p < 0.05, ** p < 0.01 
 

 

8.3.3 Stretching Reduced Cell Size and Reinforced Adhesion Assessment  

The effect of stretching and substrate material on cell morphology, cytoskeletal 

orientation and focal adhesion sites of the hASCs was investigated using vinculin-

phalloidin-DAPI triple staining at 3 and 6 day time points. As shown in the 

fluorescence images Figure 8.5, stretching changed the morphology of the cells. On 

Day 3, the stretched hASCs exhibited clearly smaller cell size compared to the static 

culture on the same PDMS substrate, whereas on glass the hASCs were even smaller. 

On both Days 3 and 6, the morphology of the stretched hASCs was slimmer with small 

somas and long, narrow processes, compared to the cells in static conditions, which 

took on a spread-out morphology, especially when grown on PDMS. The morphology 

and alignment of the stretched hASCs slightly differed between the areas in the well. 
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In the centre of the cell spot, the hASCs predominately exhibited a star-shaped 

morphology, while the hASCs located at the edges of the spots showed a more aligned 

morphology. In addition, hASCs cultured in static conditions on PDMS grew in tight 

clusters on Day 6, which is in consistence with the light microscopy images (Figure 

8.3). 

As shown in the fluorescence images with higher magnification (Figure 8.5b), 

stretching increased the cytoskeletal orientation and enhanced the actin filaments of 

the hASCs to the same level as in the hASCs cultured on the stiffer glass substrate. 

The focal adhesions in stretched hASCs, as well as in those cultured on glass, were 

distinct and strong and were found at the end of the actin filaments of the hASCs at 

the entire cell-substrate interface. By contrast, hASCs cultured under static conditions 

on PDMS, vinculin staining was dispersed. The small, weak green dots in the 

background of the fluorescence images come from unspecific staining of the collagen 

coating for PDMS (see Appendix 1.2). 
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Figure 8.5: Fluorescent microscopy images showing cell morphology, cytoskeleton 

orientation and focal adhesion sites of hASCs cultured on PDMS in static and 

dynamic conditions at 3+3 and 3+6 day time points. Cytoskeleton was stained with 

phalloidin in red, focal adhesion protein vinculin in green and nuclei with DAPI in 

blue. For panels (a) and (b) 20× air and 100× oil immersion objectives were used, 

respectively. Scale bars (a) 100µm and (b) 20 µm 
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8.3.4 Cellular Young’s Modulus and Contractility Increased During Osteogenic 

Differentiation 

The mechanical response of hASCs during osteogenic differentiation and under 

mechanical stimulation were characterised in terms of apparent Young’s modulus and 

normalised contractility. The apparent Young’s modulus increased by time in each 

group and it was significantly higher on day 10 compared to earlier time points 0 

and/or 6 days (see Figure 8.6a). Having compared groups A and C, the different 

substrate stiffness of PDMS (2 MPa; group A) and glass (64 GPa; group C) did not 

show significant effect on the cellular stiffness, even though the average values were 

constantly higher in group C. Stretching increased the apparent Young’s modulus at 

both 6 and 10 day time points resulting in the highest average values. However, the 

differences between the groups were not statistically significant (p > 0.05). p-values 

of statistical analyses were given in Appendix 1.5. 

    From reverse computational study, a function for the apparent Young’s modulus 

with respect to the cytoplasm Young’s modulus was given in Figure 8.6 (b) and 

Equation (8.5), 

                            Rc y t oapp EECE  1                    (8.5) 

where, C1 is the coefficient with the value of 1.769; Eapp and Ecyto are respectively the 

cellular apparent Young’s modulus and cytoplasm Young’s modulus in the unit of kPa; 

ER is the residual (ER=0.02119kPa). 

    In this chapter, the contractility was normalised by that in Group C on Day 0. By 

fitting the measurement data to Equation. (8.5), the corresponding Young’s modulus 

of cytoplasm and nucleus were obtained as 0.6kPa and 3kPa, respectively. Based on 

such material properties, a relationship between apparent Young’s modulus (Eapp) and 

normalised contractility (λC) was derived by cellular contractility variation study as 
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shown in Figure 8.6 (c) and Equation (8.6), 

                      03

2
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(8.6) 

where, C2 and C3 are coefficients with the values of 1.999 and 1.666, respectively; EC0 

is the apparent Young’s modulus under the normalised contractility of 1 (EC0=1.065 

kPa). 

 

Figure 8.6: (a) Experimental results of cellular apparent Young’s modulus of hASCs 

in each group on days 0, 6 and 10 (* p < 0.05, ** p < 0.01); (b) computational 

results of the relationship between cellular apparent Young’s modulus and cytoplasm 

Young’s modulus, (c) apparent Young’s modulus with respect to the normalised 

contractility and (d) normalised cellular contractility in each group 
 

 

    From the cellular stiffness results in Figure 8.6 (a), the respective normalised 

contractility was calculated as shown in Figure 8.6 (d). It was found that the 

contractility changes had a similar trend to that of the cellular stiffness. From a 

chronological perspective, the cellular contractility increased during osteogenic 

differentiation with an approximate increment of 0.5 – 0.8 from Day 0 to 10 (in Group 

A 0.67, in Group B 0.78 and in Group C 0.50). The cells in Group C (glass, static) 
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showed higher contractility than those in Group A (PDMS, static) on Day 0, while no 

distinct difference between these two groups was observed on day 6 and 10. 

Furthermore, the hASCs showed up to 0.15 higher contractility under mechanical 

stimulation by comparing the results in Group B (PDMS, dynamic) and Group A 

(PDMS, static). Finally, to account for the effect of substrate stiffness and mechanical 

stimulation on cell stiffening cells in Groups B and C were compared and it was 

observed that mechanical stimulation contributed more to the increase in contractility 

and apparent Young’s modulus than substrate stiffness.  

 

8.4  Discussion 

Tensile strain is known to affect stem cell behaviour and differentiation, and stretching 

has emerged as a promising differentiation method also for bone tissue engineering. It 

has been shown previously that the osteogenic differentiation of MSCs can be 

enhanced by stretching (Jagodzinski et al., 2004; Yoshikawa et al., 1997), but only a 

few studies have been conducted on hASCs and all these studies have utilised uniaxial 

strain (Diederichs et al., 2010; Du et al., 2012; Hanson et al., 2009). To the best of the 

knowledge, this is the first study to examine the effect of long-term equiaxial 

stretching on the osteogenic differentiation of hASC. Moreover, the effects of 

osteogenic differentiation and mechanical stimulation on mechanical properties of 

hASCs were studied for the first time. 

In this study, the author and collaborators used a custom-made pneumatic cell 

stretching device consisting of a collagen Type I coated PDMS membrane, which has 

been previously used for studies of cardiac differentiation of human pluripotent stem 

cells (Kreutzer et al., 2014). In this study, the author applied 2-5 % strain levels for the 

study of osteogenic differentiation of hASCs. The device with a pressure regulation 
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system allows for strain magnitudes more than 10 %, but strain levels above 5 % may 

cause apoptosis or differentiation towards tenogenic or myogenic lineages, instead of 

osteogenesis (Diederichs et al., 2010; Koike et al., 2005). For example, Koike et al. 

(2005) has demonstrated with bone marrow stromal cells that strain levels 5 % and 

below increased ALP activity and Runx2 gene expression, whereas higher strains 

decreased the levels of osteogenic differentiation markers. Also low magnitude strains 

(approx. 0.2 %) have been used to promote osteogenic differentiation of ASCs 

(Diederichs et al., 2010), since they are thought to better correspond the physical 

conditions in vivo (Du et al., 2012; Yang et al., 2012). However, in vitro the mechanical 

stimuli required to initiate intracellular signalling are often greater than those required 

in vivo (Fritton and Weinbaum, 2009), and thus strains levels up to 5 % may be most 

beneficial for the osteogenic differentiation. Moreover, Diederichs et al. (2010) found 

that gradually increasing the strain regime with relaxation periods was likely to be 

most beneficial for osteogenic differentiation of hASCs. Thus, in this chapter, the 

author and collaborators chose to use daily increasing strain magnitudes from 2.0 % 

on Day 0 to 5.0% on Day 2 onwards, which proved to be appropriate, since no notable 

cell detachment in the stretched samples could be found. In addition, it has been shown 

in previous studies that cells may adapt to mechanical stimulation, which results in 

strain tolerance unless relaxation periods are inserted between the stimulations 

(Diederichs et al., 2010; Qi et al., 2008; Yang et al., 2012), and therefore, the author 

used a 12-hour recovery phase after each 12-hour effective cyclic stretching period. 

In this chapter, it was shown that long-term equiaxial stretching can be used to 

enhance osteogenic differentiation of hASCs. Previously it has been suggested that 

OM is needed to make hASCs sensitive to mechanical stimulation (Tirkkonen et al., 

2011). Thus, OM was used in all groups and found that 10 days of stretching 
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stimulation significantly increased the ALP activity compared to static culture on the 

same PDMS substrate. Similar results but with uniaxial tensile strain and different 

stretching parameters were also found in other studies (Diederichs et al., 2010; Du et 

al., 2012; Hanson et al., 2009; Yang et al., 2012). For example, Yang et al. employed 

cyclic uniaxial tensile strain (magnitude of 0.2 %, frequency of 1 Hz) to stimulate rat 

ASCs for 10 days (6h/day), and found increased BMP-2 and Runx2 gene expression 

levels compared to static culture (Yang et al., 2012). Utilising the same stretching 

approach, they have also showed that even a 6-hour stretching period can inhibit 

adipogenesis and promote osteogenesis under adipogenic medium induction (Yang et 

al., 2012). Another study, in which cyclic uniaxial tensile strain of 0.2 % (0.5 Hz, 

2h/day) was applied to the hASCs has demonstrated that 7 days of stretching together 

with chemical stimulation can enhance osteogenic differentiation of hASCs compared 

to chemical stimulation alone (Du et al., 2012). However, these studies were carried 

out on a short-term uniaxial mechanical stimulation. The direction of stretching has 

shown to have an effect on MSC differentiation (Park et al., 2004), and uniaxial 

stretching has been previously reported to inhibit osteogenic differentiation of human 

dental pulp stem cells (Cai et al., 2011), whereas equaxial stretching has been shown 

to enhance osteogenic differentiation of human dental pulp stem cells even without 

using biochemical supplements (Tabatabaei et al., 2014). In the current study it was 

showed that ten days of equiaxial stretching enhanced osteogenic differentiation 

compared to static culture with all tested donor hASCs. Even though the differentiation 

tendency of cells from different donors was similar, cells from some donors were more 

strongly affected by stretching than others. Therefore, it seems that donor variability 

also has an effect on cell mechanosensitivity. In fact, Hanson et al. (2009) have 

demonstrated with hASCs from different donors that uniaxial tensile strain increases 
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osteogenesis of both low and high osteogenic capacity cell lines, but the response is 

more intense with high osteopotential hASCs. 

Different stretching substrates and parameters may have different effects on cell 

proliferation. In the current study, the accuracy of the cell number measurement was 

limited by the confluency and detachment of the cells on day 10, even though the trend 

of the increasing cell number could still be seen from day 6 to day 10. Based on the 

light microscopy images and quantitative data, the author could conclude that 

stretching clearly delayed cell proliferation and the hASCs grew fastest on glass. In 

the literature, few long-term stretching studies of hASCs exist. For example Hanson 

et al. (2009) did not see an obvious effect of stretching on cell proliferation even when 

they use 10 % strain. However, they applied cyclic tensile strain only 4 h per day for 

2 weeks. (Song et al., 2007) employed a longitudinal strain of 5% (1 Hz) to stimulate 

hMSCs, and found that long-term stretching (24 hours) inhibited cell proliferation, 

while short-term stretching (60 minutes) promoted it. 

Cytoskeleton and focal adhesion complexes are known to play a vital role in 

mechanosensing and mechanotransduction (Luo et al., 2013; Shemesh et al., 2005). 

The mechanical forces on cytoskeletal proteins can not only influence cell shape and 

migration, but also have an effect on proliferation and differentiation (Provenzano and 

Keely, 2011). In this study, stretching changed the morphology, cytoskeleton and focal 

adhesions of hASCs. It was observed a higher number of large, round cells in static 

cultures, while in dynamic conditions the hASCs took on a slimmer and star-shaped 

morphology with small somas and long narrow processes. Previous studies have 

indicated that cell morphology tends to be closely associated with the differentiation 

stage of stem cells and pre-osteoblasts (Mullen et al., 2014a), with ASCs guided to 

acquire a round shape favoring adipogenic differentiation and angular, spread 
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morphologies furthering osteogenic differentiation (Kilian et al., 2010). Similarly, in 

this study the stretched, more angular shaped hASCs differentiated better towards 

osteoblasts compared to more rounded cells in static culture. It was also found more 

distinct and stronger focal adhesions at the end of more aligned and reinforced actin 

filaments of the stretched hASCs compared to the static samples on the same PDMS 

substrate. According to the literature, cell adhesion and osteogenic differentiation are 

closely related (Leyva-Leyva et al., 2015), and the cells with more aligned 

cytoskeletons should have a higher Young’s modulus (Barreto et al., 2013; Schiele et 

al., 2015), both of which are consistent with the findings in this chapter. 

Changes in cell morphology and intracellular organisation affect also mechanical 

properties of cells, and thus the author measured the elastic modulus of the hASCs by 

AFM based indentation. It was found that the apparent Young’s modulus of hASCs 

was increased over time during osteogenic differentiation. The hASCs cultured on 

glass had an apparent Young’s modulus of 1.1 kPa on the initial stage (Day 0), which 

was similar that reported for undifferentiated hASCs in a previous study (Hu et al., 

2013). Furthermore, Gonzalez-Cruz et al. found that the hASCs with osteogenic 

differentiation potential had a Young’s modulus of 1.66 kPa (Gonzalez-Cruz et al., 

2012). On day 6 in this study, the hASCs on glass had a Young’s modulus of 1.25 kPa, 

while on day 10, the Young’s modulus had increased to 2.4 kPa. In contrast to the 

results of this study, Bongiorno et al. (2014) found softening (a decrease of Young’s 

modulus) of hMSCs during osteogenic differentiation from day 0 to day 6. However, 

on Day 13 the Young’s modulus of hMSCs had increased to 2.5 kPa (Bongiorno et al., 

2014), which was in line with this study (Eapp=2.4 kPa on Day 10). In addition, 

Titushkin et al. employed the similar approach to measure the cellular Young’s 

modulus during hMSCs osteogenic differentiation, and they also observed cell 
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softening in a 10-day cell culture (Titushkin and Cho, 2007). However, their initial 

apparent Young’s modulus values were much higher (3.2 kPa) for undifferentiated 

hMSCs compared to initial values for hASCs in this study. 

In addition to osteogenic differentiation, previous studies have shown that 

mechanical stretching increases Young’s modulus and contractility (Cui et al., 2015; 

Morita et al., 2013). For instance, Morita et al. applied a uniaxial strain of 10 % to 

stimulate the MSCs with a tendogenic differentiation, and found that the Young’s 

modulus of cells was significantly higher under stretching (Morita et al., 2013). 

Additionally, Cui et al. found that the cell area and contractile force were significantly 

increased under cyclic stretching with the strain and frequency of 5% and 0.1 Hz, 

respectively (Cui et al., 2015). In this chapter, the cellular contractility and Young’s 

modulus had a similar trend, and both were elevated under mechanical stretching 

compared to the static condition on the same substrate. However, the difference was 

not statistically significant, which could be due to the different relaxation time between 

completion of stretching and AFM measurement. According to the literature (Barreto 

et al., 2013; Crow et al., 2012; McGarry, 2009), cells exhibit viscoelastic properties, 

under which Young’s modulus is time dependent. Thus, different relaxation times 

would enlarge the variance of the measured Young’s modulus. Another limitation of 

the study relates to the computational modelling of cellular contractility. It was 

assumed a homogeneous cytoplasm in the cell mechanics model, wherein the change 

of apparent Young’s modulus was assumed to be caused by the contraction of 

cytoplasm. However, some recent studies have shown that the distribution and 

contraction of the cytoskeleton can contribute to the change of cellular mechanical 

properties (Ronan et al., 2012; Weafer et al., 2013). Such difference in the 

computational model may affect the computed contractility of cells. Therefore, the 
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author employed a normalised value to represent the contractility in this chapter. 

Recent studies have shown that substrate stiffness could affect the osteogenic 

differentiation, proliferation and mechanical responses of stem cells (Leipzig and 

Shoichet, 2009; Mullen et al., 2013; Zhao et al., 2014b). For instance, Zhao et al. 

(2014b) cultured the hMSCs on the hydrogel substrates with stiffness of 0.15 kPa, 1.5 

kPa and 4 kPa, and found that the cells on the stiffer substrate (4 kPa) showed the 

higher level of ALP activity and bone sialoprotein. In this chapter, it was also found 

that the ALP activity of hASCs was upregulated on the glass substrate (64 GPa) 

compared to the PDMS substrate (2 MPa), and the difference was also statistically 

significant on day 6 when the cells were still well attached on the both substrates. So, 

it is suggested that higher substrate stiffness will have positive influence on the 

osteogenic differentiation of hASCs. Furthermore, Mullen et al. (2014a) found that the 

osteogenic cells had significantly higher Young’s modulus on the stiffer substrate 

(stiffness = 10 kPa) than that on the softer substrate (stiffness = 0.6 kPa). In this chapter, 

the hASCs on the stiffer substrates also exhibited the higher Young’s modulus on the 

stiffer substrate, but no statistical significance between the glass and PDMS substrates 

was found. Nevertheless, different substrate material and surface topography as well 

as chemistry may also affect the behaviour of hASCs. 

 

8.5  Conclusion 

In this chapter, the effect of equiaxial stretching and different culture substrates on the 

osteogenic differentiation and mechanical properties of hASCs was investigated by 

characterising the proliferation, ALP activity, cell morphology, focal adhesions and 

mechanical properties. It was shown that the osteogenic differentiation of hASCs on 

PDMS substrates could be enhanced by mechanical stretching. However, cell 
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proliferation was restrained under long-term mechanical stretching. In the stretched 

samples, the cytoskeleton and focal adhesions were distinctively stronger leading to 

higher cellular Young’s modulus and contractility. Moreover, hASC stiffening was 

observed during osteogenic differentiation. The results in this chapter may help people 

better understand the mechanobiological response of hASCs during osteogenic 

differentiation.
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Chapter 9: Summary and Discussion 

 

9.1  Introduction 

This chapter summarises the main findings of this thesis, drawing together the insight 

obtained from the different computational techniques performed to provide a greater 

understanding of bone tissue engineering and mechanobiology, in particular relating 

to defining the physical environment within bone tissue engineering scaffolds that 

induces osteogenesis. The key contributions of each chapter are summarised and the 

context of these findings, with respect to previous studies, is demonstrated in the flow 

chart in Figure 9.1, and discussed in more detail in Section 9.3. Finally, 

recommendations for further work and future perspectives in the field are discussed. 

 

9.2  Main Findings of Thesis 

The research described in this thesis has quantified the mechanical environment within 

bone TE scaffolds, investigating the role of the geometry, material properties and 

loading conditions. Computational modelling was performed using FE, CFD and FSI 

techniques to quantify the resultant mechanical environment within scaffold with 

different geometries and under different loadings. At the cellular level, a multiphysics 

approach was employed to determine the mechanical stimulation imparting on the 

bone cells within a regular scaffold. These findings were used to predict bone tissue 

formation arising under varying experimental loading conditions in vitro. To this end, 

a coupled thermal-pore fluid model was developed to predict the cell migration driven 

by mechanical loading within an idealised hydrogel scaffold. Moreover, a 

mechanoregulatory tissue adaption algorithm, in which the cell migration model was 
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embedded, was developed to predict bone tissue formation under different loading 

regimes. Finally, to investigate the mechanical response of hASCs, which were 

mechanically stimulated for osteogenic differentiation, an experimental measurement 

(AFM indentation) was also carried out. The key contributions of each chapter are 

summarised as follows:  

1. The first study of this thesis investigated the influence of scaffold geometry 

(i.e. architecture, pore size and porosity) and external loading on the 

mechanical stimulation within scaffolds using a computational approach. The 

study of geometric variation was conducted for both fluid perfusion and 

mechanical compression loading, which were modelled using CFD and FSI 

methods, respectively. It was found that pore size had a greater influence on 

mechanical stimulation within the scaffold than pore shape and porosity. A 

combination of fluid perfusion and mechanical compression with different 

profiles was also investigated using an FSI approach. It as shown that 

mechanical stimulation was amplified within the scaffold under combined 

loading and also that such loading might be appropriate to stimulate osteogenic 

differentiation of bone precursors within a TE scaffold.  

2. In the second study of this thesis, the author developed a novel multiscale CFD 

and FSI model to determine the mechanical stimulation of osteoblast cells in a 

TE scaffold under fluid flow. FE modelling was implemented to investigate 

the stimulation of osteoblast cells in a TE scaffold under mechanical 

compression. The WSS, fluid velocity and pressure in the global scaffold were 

first characterised using a global CFD model, and subsequently the mechanical 

stimulation of osteoblasts was determined by implementing a sub-scaffold 

(cellular level) FSI model, with boundary conditions derived from the global 
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CFD model. It was predicted that there was significant amplification of WSS 

on cell membranes in the sub-scaffold model, when compared to the WSS 

acting on the scaffold surface in similar locations (in some cases a five-fold 

increase). It was shown that bridged cells within the TE scaffold were highly 

stimulated, whereas attached cells received minimal levels of stimulation. 

Interestingly, for stimulation by mechanical compression, the FE model 

revealed that attached cells experienced higher stimulation than bridged cells. 

For stimulation by perfusion, cellular stimulation tended to be at a maximum 

within the central channel of the sub-scaffold model.  

3. In the third study of this thesis, the author developed a novel multi-physics 

model to predict cell migration, which is based on a coupled thermal-pore 

pressure approach. This model was applied to investigate cell migration within 

an idealised hydrogel scaffold under different seeding conditions and loading 

regimes. It was found that an interface-seeded condition, wherein cells were 

encapsulated in the hydrogel scaffold, could result a more equally distributed 

cell density within a TE scaffold compared to peripheral seeding, which 

referred to cells seeded on the outside surfaces of the scaffold and allowed to 

migrate in. Importantly, fluid pressure loading (i.e. 100kPa) had a distinct 

influence on cell migration, and this influence was more obvious in a 

peripherally-seeded scaffold compared to an interface-seeded one. This will 

provide important implication to choose cell seeding type in TE experiments. 

Furthermore, mechanical compression with a compressive strain of 0.5% did 

not show a significant influence on cell migration, compared to static 

conditions.  

4. In the fourth study of this thesis, in vitro bone tissue regeneration in a hydrogel 
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scaffold was investigated using a mechanoregulation model. Five loading 

regimes were applied to the model to predict bone tissue differentiation. It was 

found that a low level of mechanical loading, i.e. compression strain of 0.5%, 

pore pressure of 10kPa and a combination of compression (0.5%) and pore 

pressure (10kPa), could induce more osteogenic differentiation and lead to a 

higher bone tissue fraction, whereas higher cartilage and fibrous tissue 

fractions were produced under higher-level mechanical loading (i.e. 

compression strain of 5.0% and pore pressure of 100kPa).  

5. In the final study of this thesis, the effect of equiaxial stretching and different 

culture substrates on the osteogenic differentiation and mechanical properties 

of hASCs was investigated by characterising the mechanical properties. hASC 

stiffening was observed during osteogenic differentiation. Moreover, it was 

shown that osteogenic differentiation of hASCs on PDMS substrates could be 

enhanced by mechanical stretching with a higher cellular Young’s modulus and 

contractility.  

    These findings may provide important information for bone tissue engineering 

experiments and reveal the mechanical behaviour of hASCs in osteogenic 

differentiation under mechanical stimulation, as is discussed further.  

 

9.3  Insight into Bone Tissue Engineering 

The findings of this thesis provide important information for future bone tissue 

engineering and mechanobiology experiments. Mechanical loading (i.e. fluid 

perfusion and mechanical compression) have been applied in bone tissue engineering 

experiments to stimulate osteogenic differentiation of MSCs and bone cells (Bancroft 

et al., 2002a; Bancroft et al., 2002b; Delaine-Smith and Reilly, 2012; Gomes et al., 
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2003), see Figure 9.1. Three dimensional biomaterial scaffolds used in bone tissue 

engineering experiments have very complex geometries, and previous computational 

studies have found that the resultant mechanical stimulation (i.e. fluid shear stress and 

mechanical strain) is affected by scaffold geometry and applied loadings (Olivares et 

al., 2009), see Figure 9.1. At the cellular level, CFD and FE models were previously 

developed and enabled the characterisation of mechanical stimulation imparting on 

the bone cells within TE scaffolds (Jungreuthmayer et al., 2009b; McCoy et al., 2012). 

Furthermore, a number of studies have characterised the biochemical responses of 

stem cells (i.e. ALP activity, COX2 and PGE2 expression) during osteogenic 

differentiation under mechanical stimulation (i.e. fluid perfusion under the flow rate 

of 0.3mL/min) (Bancroft et al., 2002b; Delaine-Smith and Reilly, 2012; Gomes et al., 

2003). In addition to the chemical response change during osteogenic differentiation 

of MSCs, mechanical properties of cells were also shown to be an indicator of 

ostegenic differentiation (Bongiorno et al., 2014). In computational bone tissue 

engineering, a mechano-regulation theory based on fluid velocity and shear strain 

(Prendergast et al., 1997b) has facilitated the in silico simulation of bone tissue 

differentiation within scaffolds (Byrne et al., 2007; Checa and Prendergast, 2010; 

Sandino et al., 2010; Sanz-Herrera et al., 2008) as shown in Figure 9.1. Moreover, to 

account for the influence of mechanical loading on cell seeding into a scaffold, 

Olivares and Lacroix (2012) developed a computational model of cell seeding under 

fluid perfusion, and found that cell density would be significantly affected by fluid 

perfusion during cell seeding, see Figure 9.1. 

All of these studies added new knowledge to the field, shedding further light on 

in vitro bone tissue engineering and mechanobiology. However, quantitative 

expressions of mechanical stimulation, in terms of fluid shear stress, with respect to 
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scaffold geometry (i.e. architecture, pore size and porosity) were needed to enable 

researchers to efficiently determine the mechanical stimulation in particular scaffold 

designs and mechanical loading experiments. At cellular level in the TE scaffold, to 

determine the mechanical stimulation imparted on cells, a more advanced multi-

physics and multi-scale model (i.e. multiscale fluid structure interaction) is warranted 

due to the complex nature of the scaffold (see Figure 9.2). Furthermore, prediction of 

cell migration within a TE scaffold under mechanical loading also requires a multi-

physics approach (i.e. coupled thermal condition-pore fluid), see Figure 9.2. The 

results of the studies conducted as part of this PhD thesis demonstrated the significance 

of scaffold geometry and applied loading on the mechanical stimulation, and in 

particular revealed that fluid perfusion had a distinct influence on cell migration. These 

models can enable researchers to understand the complex microenvironment 

surrounding the cells with biomaterial scaffolds, but also provide TE researchers with 

important information for scaffold design. 
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Figure 9.1: Flowchart of the studies of the thesis in the context of previous studies, 1. 

(Olivares et al., 2009), 2. (Bancroft et al., 2002b), 3. (Delaine-Smith and Reilly, 

2012), 4. (Bongiorno et al., 2014), 5. (Olivares and Lacroix, 2012), 6. (Byrne et al., 

2007) 
 

 

Although previous studies have investigated bone tissue differentiation within TE 

scaffold using in silico methods, a comprehensive study of commonly applied loading 

regimes in bone tissue engineering experiments was warranted to derive an 

understanding of the optimal loading regimes for bone tissue differentiation, see 

Figure 9.2. Based on the mechano-regulation algorithm developed in the studies of 

this PhD thesis, it was predicted that an applied loading of low magnitude (i.e. fluid 

pressure of 10kPa and mechanical compression of 0.5%) was preferable for bone 

tissue differentiation. 
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Figure 9. 2: Graphical representation of the computational in silico studies of bone 

tissue engineering and mechanobiology conducted as part of this PhD thesis, 

discussed in Section 9.3; (1) scaffold geometry and applied loading were found to be 

the main factors to affect the mechanical stimulation within scaffolds, (2) bone cells 

were shown to receive different mechanical stimulation at different regions inside 

scaffold, (3) cell migration and (4) bone tissue differentiation were shown to be 

influenced by mechanical loading conditions, and (5) hASCs are stiffened during 

osteogenic differentiation and under mechanical stimulation 

 

Despite mechanical characterisation of MSCs during osteogenic differentiation 

(Bongiorno et al., 2014; Gonzalez-Cruz et al., 2012; Mathieu and Loboa, 2012), the 

mechanical behaviour of hASCs during osteogenic differentiation, which was 

influenced by mechanical stimulation was still unclear. Thus, in Chapter 8, mechanical 

characterisation of hASCs during osteogenic differentiation, which was influenced by 

mechanical stimulation (2D stretching), was carried out by AFM indentation (see 

Figure 9.2). The phenomenon of cell stiffening was observed during hASCs 

osteogenic differentiation, and mechanical stretching was shown to enhance the 
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cellular mechanical properties. This is the first study to show the cell mechanical 

properties change during osteogenic differentiation under mechanical stimulation. 

 

9.4  Implications for Bone Tissue Engineering 

The results of this thesis have important implications for the fields of bone tissue 

engineering and mechanobiology. For the first time, quantitative mathematical 

expressions, which show the relations between resultant mechanical stimulation (i.e. 

fluid shear stress) and scaffold geometries (i.e. pore size and porosity) have been 

provided in Chapter 4. At the cellular level, cells with different morphologies in the 

scaffold were found to receive mechanical stimulation at different levels, which is 

related to the position inside the scaffold (Chapter 5). Previous studies either 

concentrated on the mechanical stimulation at the scaffold level (Marin and Lacroix, 

2015; Olivares et al., 2009), or the stimulation on a group of cells under only fluid 

perfusion loading (Jungreuthmayer et al., 2009b; McCoy et al., 2012). This thesis 

(Chapter 4 and 5) provided an approach and findings that linked the studies at different 

levels together (i.e. scaffold and cellular level). More importantly, the results provide 

a theoretical basis for bioreactor and scaffold design for future bone tissue engineering 

experiments. 

   A number of studies have simulated in vitro bone tissue formation under 

mechanical stimulation using mechano-regulation algorithms (Byrne et al., 2007; 

Milan et al., 2010; Sandino et al., 2010; Sanz-Herrera et al., 2008). In these studies, 

cell migration was formulated into the algorithm without coupling to the applied 

mechanical stimulation. However, a recent study by Olivares and Lacroix (2012) has 

shown that the cell density can be influenced by the fluid perfusion loading during 

seeding process. In this thesis (Chapter 6), a novel coupled multi-physics (cell 
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migration-pore fluid) model was developed, which provided a means to model cell 

migration in tissue differentiation algorithm as a result of the mechanical environment. 

It was shown that pore pressure loading (i.e. 100kPa) would distinctly affect cell 

migration and also that the initial seeding conditions (interface seeding vs. peripheral 

seeding) dicatated the cell density distribution. 

    Previous in silico studies investigated tissue formation under compression 

loading conditions (Byrne et al., 2007; Milan et al., 2010; Sandino et al., 2010; Sanz-

Herrera et al., 2008). However, fluid perfusion and a combination of perfusion and 

compression have been applied in bone tissue engineering experiments (Bancroft et 

al., 2002b; Gomes et al., 2003; Liu et al., 2012). In this thesis (Chapter 7), a 

comprehensive study was carried out, which predicted bone tissue formation under 

different loading types and magnitudes. The results from this chapter may inform 

researchers regarding the determination of loading conditions to apply within 

bioreactors to optimise the conditions for bone regeneration. 

   For bone tissue engineering, adipose tissue is an attractive source of stem cells of 

mesenchymal origin, as they are easy to be obtained with minimally invasive methods 

(Zuk et al., 2001), and the potential of human adipose stem cells (hASCs) for bone 

tissue engineering applications has been established (Mesimaki et al., 2009; Sandor et 

al., 2014). Recent studies have shown that cellular stiffness can be an indicator of the 

osteogenic differentiation of hMSCs’ (Bongiorno et al., 2014; Chen et al., 2010; 

Gonzalez-Cruz et al., 2012; Titushkin and Cho, 2007; Yu et al., 2010). However, 

mechanical property changes of hASCs during osteogenic differentiation and the 

influence of mechanical stimulation on hASCs’ osteogenic differentiation had not 

been fully investigated. In Chapter 8 of this thesis, the author characterised the 

mechanical properties of the hASCs during osteogenic differentiation, which was 
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influenced by mechanical stimulation (2D stretching). It was shown that cell can be 

stiffened during osteogenic differentiation, and becomes even stiffer under mechanical 

stimulation. These mechanobiological results reveal the mechanical behaviour of 

hASCs during osteogenic differentiation under mechanical stimulation, which 

provides important information for the application of hASCs in bone tissue 

engineering. 

     

9.5  Future Work 

The studies described in this thesis shed further light on tissue engineering and 

mechanobiology, and provide an important basis for bone tissue engineering 

experiments, which includes important information regarding the design of scaffold 

and experimental condition to optimise osteogenic differentiation. Based on the 

findings of this thesis, the following recommendations can be made for future research: 

 

9.5.1 In Silico Simulation of Bone Tissue Differentiation in a Realistic Scaffold 

A recent study has shown the distinct difference between scaffolds with idealised and 

realistic geometries under fluid perfusion loading (Marin and Lacroix, 2015). 

Therefore, similar approaches (i.e. multiscale FSI) as those developed in Chapter 5 

should be applied to investigate mechanical stimulation (in terms of mechanical strain 

and fluid shear stress) imparted on attached and bridged cells in a realistic scaffold. To 

setup such a computational model, defining the model geometry is one of the most 

important steps, which can be achieved by micro-CT scanning of the hydrogel 

scaffolds, which are treated by contrast agents. Computer reconstruction of the 3D 

geometry can be carried out using image processing software (i.e. Mimics and 

Simpleware), to which a 3D surface mesh for the geometry can be assigned afterwards. 
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Furthermore, the FE mesh commonly with tetrahedral element will be achieved in FE 

software package (i.e. ANSYS and Abaqus). 

Previous in silico studies have investigated bone tissue formation within realistic 

scaffolds (Milan et al., 2010; Sandino et al., 2010; Sandino and Lacroix, 2011), which 

were more representative of the real in vitro bone tissue engineering experiments. Thus, 

the biomechanical model developed in Chapter 7 will be applied to investigate bone 

tissue differentiation within a realistic hydrogel scaffold.  

 

9.5.2 Improvement and Validation of the In Silico Model 

Previous in silico models have considered oxygen delivery and angiogenesis (Burke 

et al., 2015; Checa and Prendergast, 2010; Sandino et al., 2010), which have not been 

accounted for in the mechanobiological model of Chapter 7. In future, to improve the 

mechanobiological model in this thesis, these factors should be included. Blood 

vessels can be modelled with a continuum sequence of endothelial cells, and the 

growth direction and rate of each vessel will be determined by the mechanical 

stimulation (Sandino et al., 2010). Oxygen transport can be modelled as a diffusive 

process with a consumption rate determined by cell death rate and cell density as 

presented in (Burke et al., 2015). 

The predictions of in silico studies (Byrne et al., 2007; Milan et al., 2010; Sandino 

et al., 2010; Sandino and Lacroix, 2011; Sanz-Herrera et al., 2008), which simulate in 

vitro bone tissue differentiation within tissue engineering scaffolds, have not been 

validated by respective experimental observations yet. A bioreactor, which enables the 

application of various types of loading (i.e. fluid perfusion, mechanical compression 

and a combination of perfusion and compression) is under development in the 

Mechanobiology and Medical Device Research Group (MMDRG) at NUI Galway. By 
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investigating the cell-laden hydrogel scaffold in this bioreactor with the same loading 

conditions defined through this in silico study, respective experimental results will be 

obtained for validating the in silico model. For example, a parametric variation study 

of mechanical stimulation thresholds will be carried out so as to find the optimal values 

for in vitro cell differentiation by comparing to experimental observations.  

 

9.5.3 Mechanical Characterisation of Bone Cells in 3D Biomaterials Scaffold  

Due to the high complexity of the scaffold geometry, characterisation of mechanical 

properties of cells within scaffold becomes extremely challenging. Recent studies have 

employed AFM indentation to characterise the mechanical properties of scaffold struts 

(Boffito et al., 2015; Dong et al., 2010; Zhu et al., 2011). However, measurement of 

cells attached to TE scaffolds in a 3D environment is still impeded by a number of 

technical limitations, for example, access to cells within the 3D scaffold and AFM 

indentation on the targeted cells without being disturbed by surrounding cells. 

However, with the development of bioMEMS technology (i.e. micro/nano bio-robots), 

mechanical characterisation of cell within scaffolds will be possible. This information 

will be very important for the design and fabrication of scaffolds, which are preferable 

for bone tissue engineering.  

Furthermore, in the mechanical characterisation of cells by AFM indentation in 

liquid environment, Weafer et al. (2012) found that the instability of the AFM 

cantilever would results in perturbations in the measured results due to the thermal 

instability and hydrostatic force. However, in the study of Chapter 8, this influence is 

small, as temperature control was employed to guarantee the environment temperature 

of measurement at 37˚C (see Appendix 1.1). Moreover a low indenting speed (0.3µm/s) 

and a small indenter (diameter of 5µm) were used. Nevertheless, in future applications 
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of AFM indentation for measuring cellular mechanical properties, a cantilever 

calibration method provided by Weafer et al. (2012) will be considered, if cantilever 

instability occurs.  

 

9.5.4 Improvement of Mechanical Characterisation of Cells 

In the cell mechanics model of this thesis (Chapter 6), the cytoplasm and nucleus were 

assumed as homogeneous hyperelastic materials without a cytoskeleton due to the 

computational cost. However, Barreto et al. (2013) developed a multi-structure single 

cell model that accounted for the contractility of the actin cortex and microtubules. 

Moreover, to model the contractility, more advanced models, in which a biochemical-

mechanical equation was implemented to predict the active remodelling of the actin 

cytoskeletons were developed (Reynolds and McGarry, 2015; Reynolds et al., 2014; 

Ronan et al., 2012; Weafer et al., 2013). In these models, cytoskeletons are modelled 

as stress fibres (SFs), whose formation consists of three coupled process: (i) an 

activation signal that triggers the formation of SFs; (ii) dissociation of fibres due to a 

reduction in tension and (iii) Hill type law relating the contractility of SFs to strain 

rate. Therefore, in the future, contractile cytoskeletons could be included in the model, 

and modelled with the biochemical-mechanical equations. 

 

9.6  Conclusion 

In conclusion, this thesis has presented the computational and experimental studies 

performed throughout the author’s PhD studies in the fields of bone tissue engineering 

and mechanobiology. A comprehensive literature review of the present state of 

research was conducted, followed by a rationale for the studies carried out. The 

methods and findings of each study were detailed in each chapter, along with a 
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discussion of the implications for the fields of research.   

    Together, the studies in Chapters 4, 5, 6 and 7 provide a novel insight into the 

mechanical stimulation in TE scaffolds, and its effect on cellular activities, particularly 

focusing on bone tissue formation. Computational methods were employed to 

investigate the multi-physics mechanical environment within a scaffold exposed to 

mechanical stimulation in a bioreactor, to predict cell activities and bone tissue 

formation in the scaffold. In Chapter 8 an experimental method was employed to 

characterise the mechanical properties of hASCs during osteogenic differentiation, 

which showed enhanced osteogenesis under mechanical stimulation. Thus, this thesis 

provides important information for scaffold and bioreactor design for bone tissue 

engineering experiments, and the information elucidated from this body of work may 

inform future strategies of in vitro bone regeneration.



References 

193 

 

References: 

Adachi, T., Aonuma, Y., Tanaka, M., Hojo, M., Takano-Yamamoto, T., and Kamioka, H. 

(2009). Calcium response in single osteocytes to locally applied mechanical stimulus: 

Differences in cell process and cell body. J Biomech 42, 1989-1995. 

Albertsm, B., Johnson, A., Lewis, J., Raff, M., Roberts, K., and Walter, P. (2002). 

Molecular Biology of the Cell, 4th edn (New York, USA: Garland Science). 

Alsberg, E., Anderson, K.W., Albeiruti, A., Franceschi, R.T., and Mooney, D.J. (2001). 

Cell-interactive alginate hydrogels for bone tissue engineering. J Dent Res 80, 2025-

2029. 

Altman, G.H., Horan, R.L., Martin, I., Farhadi, J., Stark, P.R., Volloch, V., Richmond, J.C., 

Vunjak-Novakovic, G., and Kaplan, D.L. (2002). Cell differentiation by mechanical 

stress. FASEB journal : official publication of the Federation of American Societies 

for Experimental Biology 16, 270-272. 

Amini, A.R., Laurencin, C.T., and Nukavarapu, S.P. (2012). Bone tissue engineering: 

recent advances and challenges. Critical reviews in biomedical engineering 40, 363-

408. 

Andersen, J.I., Juhl, M., Nielsen, T., Emmersen, J., Fink, T., Zachar, V., and Pennisi, C.P. 

(2014). Uniaxial cyclic strain enhances adipose-derived stem cell fusion with skeletal 

myocytes. Biochem Biophys Res Commun 450, 1083-1088. 

Anderson, E.J., Falls, T.D., Sorkin, A.M., and Tate, M.L.K. (2006). The imperative for 

controlled mechanical stresses in unraveling cellular mechanisms of 

mechanotransduction. Biomed Eng Online 5. 

Azeloglu, E.U., and Costa, K.D. (2011). Atomic force microscopy in mechanobiology: 

measuring microelastic heterogeneity of living cells. Methods Mol Biol 736, 303-329. 

Bacabac, R.G., Smit, T.H., Mullender, M.G., Dijcks, S.J., Van Loon, J.J., and Klein-Nulend, 

J. (2004). Nitric oxide production by bone cells is fluid shear stress rate dependent. 

Biochem Biophys Res Commun 315, 823-829. 

Bambardekar, K., Clement, R., Blanc, O., Chardes, C., and Lenne, P.F. (2015). Direct laser 

manipulation reveals the mechanics of cell contacts in vivo. P Natl Acad Sci USA 112, 

1416-1421. 

Ban, Y., Wu, Y.Y., Yu, T., Geng, N., Wang, Y.Y., Liu, X.G., and Gong, P. (2011). Response 

of osteoblasts to low fluid shear stress is time dependent. Tissue Cell 43, 311-317. 

Bancroft, G.N., Sikavitsas, V.I., van den Dolder, J., Sheffield, T.L., Ambrose, C.G., Jansen, 

J.A., and Mikos, A.G. (2002a). Fluid flow increases mineralized matrix deposition in 

3D perfusion culture of marrow stromal osteoblasts in a dose-dependent manner. 

Proceedings of the National Academy of Sciences of the United States of America 99, 

12600-12605. 

Bancroft, G.N., Sikavitsast, V.I., van den Dolder, J., Sheffield, T.L., Ambrose, C.G., Jansen, 

J.A., and Mikos, A.G. (2002b). Fluid flow increases mineralized matrix deposition in 

3D perfusion culture of marrow stromal osteloblasts in a dose-dependent manner. P 

Natl Acad Sci USA 99, 12600-12605. 

Banwart, J.C., Asher, M.A., and Hassanein, R.S. (1995). Iliac crest bone graft harvest 

donor site morbidity. A statistical evaluation. Spine 20, 1055-1060. 

Barreto, S., Clausen, C.H., Perrault, C.M., Fletcher, D.A., and Lacroix, D. (2013). A multi-

structural single cell model of force-induced interactions of cytoskeletal components. 

Biomaterials 34, 6119-6126. 

Barron, M.J., Goldman, J., Tsai, C.J., and Donahue, S.W. (2012). Perfusion flow enhances 

osteogenic gene expression and the infiltration of osteoblasts and endothelial cells into 



References 

194 

 

three-dimensional calcium phosphate scaffolds. International journal of biomaterials 

2012, 915620. 

Bayati, V., Sadeghi, Y., Shokrgozar, M.A., Haghighipour, N., Azadmanesh, K., 

Amanzadeh, A., and Azari, S. (2011). The evaluation of cyclic uniaxial strain on 

myogenic differentiation of adipose-derived stem cells. Tissue Cell 43, 359-366. 

Bidarra, S.J., Barrias, C.C., Barbosa, M.A., Soares, R., and Granja, P.L. (2010). 

Immobilization of Human Mesenchymal Stem Cells within RGD-Grafted Alginate 

Microspheres and Assessment of Their Angiogenic Potential. Biomacromolecules 11, 

1956-1964. 

Birmingham, E., Niebur, G.L., McHugh, P.E., Shaw, G., Barry, F.P., and McNamara, L.M. 

(2012). Osteogenic Differentiation of Mesenchymal Stem Cells Is Regulated by 

Osteocyte and Osteoblast Cells in a Simplified Bone Niche. Eur Cells Mater 23, 13-

27. 

Bivi, N., Pacheco-Costa, R., Brun, L.R., Murphy, T.R., Farlow, N.R., Robling, A.G., 

Bellido, T., and Plotkin, L.I. (2013). Absence of Cx43 selectively from osteocytes 

enhances responsiveness to mechanical force in mice. Journal of Orthopaedic 

Research 31, 1075-1081. 

Bland, Y.S., Critchlow, M.A., and Ashhurst, D.E. (1999). The expression of the fibrillar 

collagen genes during fracture healing: heterogeneity of the matrices and 

differentiation of the osteoprogenitor cells. The Histochemical journal 31, 797-809. 

Blecha, L.D., Rakotomanana, L., Razafimahery, F., Terrier, A., and Pioletti, D.P. (2010). 

Mechanical interaction between cells and fluid for bone tissue engineering scaffold: 

Modulation of the interfacial shear stress. J Biomech 43, 933-937. 

Bliss, C.L., Szivek, J.A., Tellis, B.C., Margolis, D.S., Schnepp, A.B., and Ruth, J.T. (2007). 

Sensate scaffolds can reliably detect joint loading. J Biomed Mater Res B 81B, 30-39. 

Boccaccio, A., Prendergast, P.J., Pappalettere, C., and Kelly, D.J. (2008). Tissue 

differentiation and bone regeneration in an osteotomized mandible: a computational 

analysis of the latency period. Medical & biological engineering & computing 46, 283-

298. 

Boffito, M., Bernardi, E., Sartori, S., Ciardelli, G., and Sassi, M.P. (2015). A mechanical 

characterization of polymer scaffolds and films at the macroscale and nanoscale. 

Journal of biomedical materials research Part A 103, 162-169. 

Bongiorno, T., Kazlow, J., Mezencev, R., Griffiths, S., Olivares-Navarrete, R., McDonald, 

J.E., Schwartz, Z., Boyan, B.D., McDevitt, T.C., and Sulchek, T. (2014). Mechanical 

stiffness as an improved single-cell indicator of osteoblastic human mesenchymal 

stem cell differentiation. Journal of biomechanics 47, 2197-2204. 

Bontrager, K.L. (2001). Radiographic Positioning and Related Anatomy, 5 edn (Mosby). 

Bose, S., Roy, M., and Bandyopadhyay, A. (2012). Recent advances in bone tissue 

engineering scaffolds. Trends in biotechnology 30, 546-554. 

Bose, S., Vahabzadeh, S., and Bandyopadhyay, A. (2013). Bone tissue engineering using 

3D printing. Mater Today 16, 496-504. 

Boudou, T., Ohayon, J., Arntz, Y., Finet, G., Picart, C., and Tracqui, P. (2006). An extended 

modeling of the micropipette aspiration experiment for the characterization of the 

Young's modulus and Poisson's ratio of adherent thin biological samples: numerical 

and experimental studies. J Biomech 39, 1677-1685. 

Brady, R.T., O'Brien, F.J., and Hoey, D.A. (2015). Mechanically stimulated bone cells 

secrete paracrine factors that regulate osteoprogenitor recruitment, proliferation, and 

differentiation. Biochem Bioph Res Co 459, 118-123. 

Brunner, M., Millon-Fremillon, A., Chevalier, G., Nakchbandi, I.A., Mosher, D., Block, 

M.R., Albiges-Rizo, C., and Bouvard, D. (2013). Osteoblast mineralization requires 



References 

195 

 

beta 1 integrin/ICAP-1-dependent fibronectin deposition (vol 194, pg 307, 2011). J 

Cell Biol 201, 643-643. 

Buckwalter, J.A., Glimcher, M.J., Cooper, R.R., and Recker, R. (1995). Bone Biology .1. 

Structure, Blood-Supply, Cells, Matrix, and Mineralization. J Bone Joint Surg Am 77A, 

1256-1275. 

Burke, D., and Kelly, D.J. (2016). A mechanobiological model of endothelial cell 

migration and proliferation. Computer methods in biomechanics and biomedical 

engineering 19, 74-83. 

Burke, D.P., and Kelly, D.J. (2012). Substrate stiffness and oxygen as regulators of stem 

cell differentiation during skeletal tissue regeneration: a mechanobiological model. 

PloS one 7, e40737. 

Burke, D.P., Khayyeri, H., and Kelly, D.J. (2015). Substrate stiffness and oxygen 

availability as regulators of mesenchymal stem cell differentiation within a 

mechanically loaded bone chamber. Biomech Model Mechanobiol 14, 93-105. 

Byrne, D.P., Lacroix, D., Planell, J.A., Kelly, D.J., and Prendergast, P.J. (2007). Simulation 

of tissue differentiation in a scaffold as a function of porosity, Young's modulus and 

dissolution rate: application of mechanobiological models in tissue engineering. 

Biomaterials 28, 5544-5554. 

Caetano-Lopes, J., Canhao, H., and Fonseca, J.E. (2007). Osteoblasts and bone formation. 

Acta Reumatol Port 32, 103-110. 

Cai, X., Zhang, Y., Yang, X., Grottkau, B.E., and Lin, Y. (2011). Uniaxial cyclic tensile 

stretch inhibits osteogenic and odontogenic differentiation of human dental pulp stem 

cells. Journal of tissue engineering and regenerative medicine 5, 347-353. 

Carlier, A., Geris, L., van Gastel, N., Carmeliet, G., and Van Oosterwyck, H. (2015). 

Oxygen as a critical determinant of bone fracture healing-a multiscale model. Journal 

of theoretical biology 365, 247-264. 

Carter, D.R., Beaupre, G.S., Giori, N.J., and Helms, J.A. (1998). Mechanobiology of 

skeletal regeneration. Clinical orthopaedics and related research, S41-55. 

Carter, D.R., Blenman, P.R., and Beaupre, G.S. (1988). Correlations between mechanical 

stress history and tissue differentiation in initial fracture healing. Journal of 

orthopaedic research : official publication of the Orthopaedic Research Society 6, 736-

748. 

Chatterjee, K., Lin-Gibson, S., Wallace, W.E., Parekh, S.H., Lee, Y.J., Cicerone, M.T., 

Young, M.F., and Simon, C.G., Jr. (2010). The effect of 3D hydrogel scaffold modulus 

on osteoblast differentiation and mineralization revealed by combinatorial screening. 

Biomaterials 31, 5051-5062. 

Checa, S., and Prendergast, P.J. (2010). Effect of cell seeding and mechanical loading on 

vascularization and tissue formation inside a scaffold: A mechano-biological model 

using a lattice approach to simulate cell activity. J Biomech 43, 961-968. 

Chen, B.K., Zhang, Y., Perovic, D.D., and Sun, Y. (2011). MEMS microgrippers with thin 

gripping tips. J Micromech Microeng 21. 

Chen, P.Y., Yang, K.C., Wu, C.C., Yu, J.H., Lin, F.H., and Sun, J.S. (2014). Fabrication of 

large perfusable macroporous cell-laden hydrogel scaffolds using microbial 

transglutaminase. Acta biomaterialia 10, 912-920. 

Chen, Q.A., Xiao, P., Chen, J.N., Cai, J.Y., Cai, X.F., Ding, H., and Pan, Y.L. (2010). AFM 

Studies of Cellular Mechanics during Osteogenic Differentiation of Human Amniotic 

Fluid-derived Stem Cells. Anal Sci 26, 1033-1037. 

Chippada, U., Langrana, N., and Yurke, B. (2009). Complete mechanical characterization 

of soft media using nonspherical rods. J Appl Phys 106. 

Chowdhury, T.T., Schulz, R.M., Rai, S.S., Thuemmler, C.B., Wuestneck, N., Bader, A., 



References 

196 

 

and Homandberg, G.A. (2010). Biomechanical modulation of collagen fragment-

induced anabolic and catabolic activities in chondrocyte/agarose constructs. Arthritis 

Res Ther 12. 

Claes, L., Augat, P., Suger, G., and Wilke, H.J. (1997). Influence of size and stability of 

the osteotomy gap on the success of fracture healing. Journal of orthopaedic research : 

official publication of the Orthopaedic Research Society 15, 577-584. 

Claes, L.E., and Heigele, C.A. (1999). Magnitudes of local stress and strain along bony 

surfaces predict the course and type of fracture healing. J Biomech 32, 255-266. 

Cortizo, M.S., Molinuevo, M.S., and Cortizo, A.M. (2008). Biocompatibility and 

biodegradation of polyester and polyfumarate based-scaffolds for bone tissue 

engineering. Journal of tissue engineering and regenerative medicine 2, 33-42. 

Cowin, S.C., Weinbaum, S., and Zeng, Y. (1995). A Case for Bone Canaliculi as the 

Anatomical Site of Strain Generated Potentials. J Biomech 28, 1281-1297. 

Crow, A., Webster, K.D., Hohlfeld, E., Ng, W.P., Geissler, P., and Fletcher, D.A. (2012). 

Contractile equilibration of single cells to step changes in extracellular stiffness. 

Biophys J 102, 443-451. 

Cui, Y., Hameed, F.M., Yang, B., Lee, K., Pan, C.Q., Park, S., and Sheetz, M. (2015). 

Cyclic stretching of soft substrates induces spreading and growth. Nature 

communications 6, 6333. 

Currey, J.D. (2003). The many adaptations of bone. J Biomech 36, 1487-1495. 

Curtin, C., Cunniffe, G., Thompson, E., Dickson, G., and O'Brien, F.J. (2012). Enhanced 

Mechanical Properties, Osteogenesis and Bone Healing of Collagen 

Nanohydroxyapatite Scaffolds Occurs in a Nanohydroxyapatite Dependent Manner: 

An In Vitro and In Vivo Study Paper presented at: Annual Meeting of Orthopaedic 

Research Society (ORS) (San Francisco, California). 

de la Roza, G., and Damron, T.A. (2014). Histology of Bone, H. Gellman, ed. (MedScape). 

Delaine-Smith, R.M., and Reilly, G.C. (2012). Mesenchymal stem cell responses to 

mechanical stimuli. Muscles, ligaments and tendons journal 2, 169-180. 

Delloye, C., Cornu, O., Druez, V., and Barbier, O. (2007). Bone allografts: What they can 

offer and what they cannot. The Journal of bone and joint surgery British volume 89, 

574-579. 

Den Buijs, J.O., Ritman, E.L., and Dragomir-Daescu, D. (2010). Validation of a fluid-

structure interaction model of solute transport in pores of cyclically deformed tissue 

scaffolds. Tissue engineering Part C, Methods 16, 1145-1156. 

Diaz-Zuccarini, V., and Lawford, P.V. (2010). An in-silico future for the engineering of 

functional tissues and organs. Organogenesis 6, 245-251. 

Diederichs, S., Bohm, S., Peterbauer, A., Kasper, C., Scheper, T., and van Griensven, M. 

(2010). Application of different strain regimes in two-dimensional and three-

dimensional adipose tissue-derived stem cell cultures induces osteogenesis: 

Implications for bone tissue engineering. Journal of Biomedical Materials Research 

Part A 94A, 927-936. 

Doblare, M., Garcia, J.M., and Gomez, M.J. (2004). Modelling bone tissue fracture and 

healing: a review. Eng Fract Mech 71, 1809-1840. 

Dong, Z., Zhu, Y., and Ye, K. (2010). Force measurement study of engineered collagen-

chitosan scaffold using Atomic Force Microscopy. In 2010 IEEE 4th International 

Conference on Nano/Molecular Medicine and Engineering (NANOMED) (Hong 

Kong/Macau). 

Dowling, E.P., and McGarry, J.P. (2014). Influence of Spreading and Contractility on Cell 

Detachment. Ann Biomed Eng 42, 1037-1048. 

Du, H.M., Zheng, X.H., Wang, L.Y., Tang, W., Liu, L., Jing, W., Lin, Y.F., Tian, W.D., and 



References 

197 

 

Long, J. (2012). The Osteogenic Response of Undifferentiated Human Adipose-

Derived Stem Cells under Mechanical Stimulation. Cells Tissues Organs 196, 313-

324. 

Dumas, V., Perrier, A., Malaval, L., Laroche, N., Guignandon, A., Vico, L., and Rattner, A. 

(2009). The effect of dual frequency cyclic compression on matrix deposition by 

osteoblast-like cells grown in 3D scaffolds and on modulation of VEGF variant 

expression. Biomaterials 30, 3279-3288. 

Dunn, J.C., Chan, W.Y., Cristini, V., Kim, J.S., Lowengrub, J., Singh, S., and Wu, B.M. 

(2006). Analysis of cell growth in three-dimensional scaffolds. Tissue Eng 12, 705-

716. 

Duty, A.O., Oest, M.E., and Guldberg, R.E. (2007). Cyclic mechanical compression 

increases mineralization of cell-seeded polymer scaffolds in vivo. J Biomech Eng-T 

Asme 129, 531-539. 

Ebraheim, N.A., Elgafy, H., and Xu, R. (2001). Bone-graft harvesting from iliac and fibular 

donor sites: techniques and complications. The Journal of the American Academy of 

Orthopaedic Surgeons 9, 210-218. 

El-Sherbiny, I.M., and Yacoub, M.H. (2013). Hydrogel scaffolds for tissue engineering: 

Progress and challenges. Global cardiology science & practice 2013, 316-342. 

Felgueiras, H.P., Evans, M.D., and Migonney, V. (2015). Contribution of fibronectin and 

vitronectin to the adhesion and morphology of MC3T3-E1 osteoblastic cells to 

poly(NaSS) grafted Ti6Al4V. Acta biomaterialia. 

Ford, J.L., Robinson, D.E., and Scammell, B.E. (2003). The fate of soft callus 

chondrocytes during long bone fracture repair. Journal of orthopaedic research : 

official publication of the Orthopaedic Research Society 21, 54-61. 

Fratzl, P., Gupta, H.S., Paschalis, E.P., and Roschger, P. (2004). Structure and mechanical 

quality of the collagen-mineral nano-composite in bone. J Mater Chem 14, 2115-2123. 

Freeman, F.E., Haugh, M.G., and McNamara, L.M. (2013). Investigation of the optimal 

timing for chondrogenic priming of MSCs to enhance osteogenic differentiation in 

vitro as a bone tissue engineering strategy. J Tissue Eng Regen Med. 

Freyman, T.M., Yannas, I.V., Pek, Y.S., Yokoo, R., and Gibson, L.J. (2001). 

Micromechanics of fibroblast contraction of a collagen-GAG matrix. Exp Cell Res 

269, 140-153. 

Fritton, S.P., and Weinbaum, S. (2009). Fluid and Solute Transport in Bone: Flow-Induced 

Mechanotransduction. Annual review of fluid mechanics 41, 347-374. 

Frohlich, M., Grayson, W.L., Marolt, D., Gimble, J.M., Kregar-Velikonja, N., and Vunjak-

Novakovic, G. (2010). Bone Grafts Engineered from Human Adipose-Derived Stem 

Cells in Perfusion Bioreactor Culture. Tissue Eng Pt A 16, 179-189. 

Fung, Y.C. (1994). A First Course in Continuum Mechanics for Physical and Biological 

Engineers and Scientists (New Jersey: Prentice Hall). 

Geris, L., Gerisch, A., Sloten, J.V., Weiner, R., and Oosterwyck, H.V. (2008). Angiogenesis 

in bone fracture healing: a bioregulatory model. Journal of theoretical biology 251, 

137-158. 

Gimble, J., and Guilak, F. (2003). Adipose-derived adult stem cells: isolation, 

characterization, and differentiation potential. Cytotherapy 5, 362-369. 

GlasgowUniversity (2007). Compact and Spongy bone. Lecture Material 

http://www.gla.ac.uk/t4/~fbls/files/fab/tutorial/generic/bone2.html. 

Goldstein, A.S., Juarez, T.M., Helmke, C.D., Gustin, M.C., and Mikos, A.G. (2001). Effect 

of convection on osteoblastic cell growth and function in biodegradable polymer foam 

scaffolds. Biomaterials 22, 1279-1288. 

Golub, E.E., Harrison, G., Taylor, A.G., Camper, S., and Shapiro, I.M. (1992). The Role 

http://www.gla.ac.uk/t4/~fbls/files/fab/tutorial/generic/bone2.html


References 

198 

 

of Alkaline-Phosphatase in Cartilage Mineralization. Bone Miner 17, 273-278. 

Gomes, M.E., Sikavitsas, V.I., Behravesh, E., Reis, R.L., and Mikos, A.G. (2003). Effect 

of flow perfusion on the osteogenic differentiation of bone marrow stromal cells 

cultured on starch-based three-dimensional scaffolds. Journal of biomedical materials 

research Part A 67, 87-95. 

Gomez-Benito, M.J., Garcia-Aznar, J.M., Kuiper, J.H., and Doblare, M. (2005). Influence 

of fracture gap size on the pattern of long bone healing: a computational study. Journal 

of theoretical biology 235, 105-119. 

Gonzalez-Cruz, R.D., Fonseca, V.C., and Darling, E.M. (2012). Cellular mechanical 

properties reflect the differentiation potential of adipose-derived mesenchymal stem 

cells. P Natl Acad Sci USA 109, E1523-E1529. 

Grayson, W.L., Bhumiratana, S., Cannizzaro, C., Chao, P.H., Lennon, D.P., Caplan, A.I., 

and Vunjak-Novakovic, G. (2008a). Effects of initial seeding density and fluid 

perfusion rate on formation of tissue-engineered bone. Tissue engineering Part A 14, 

1809-1820. 

Grayson, W.L., Bhumiratana, S., Cannizzaro, C., Chao, P.H.G., Lennon, D.P., Caplan, A.I., 

and Vunjak-Novakovic, G. (2008b). Effects of Initial Seeding Density and Fluid 

Perfusion Rate on Formation of Tissue-Engineered Bone. Tissue Eng Pt A 14, 1809-

1820. 

Grottkau, B.E., Yang, X., Zhang, L., Ye, L., and Lin, Y. (2013). Comparison of Effects of 

Mechanical Stretching on Osteogenic Potential of ASCs and BMSCs. Bone research 

1, 282-290. 

Guyot, Y., Luyten, F.P., Schrooten, J., Papantoniou, I., and Geris, L. (2015). A three-

dimensional computational fluid dynamics model of shear stress distribution during 

neotissue growth in a perfusion bioreactor. Biotechnology and bioengineering 112, 

2591-2600. 

Halleen, J.M., Raisanen, S., Salo, J.J., Reddy, S.V., Roodman, G.D., Hentunen, T.A., 

Lehenkari, P.P., Kaija, H., Vihko, P., and Vaananen, H.K. (1999). Intracellular 

fragmentation of bone resorption products by reactive oxygen species generated by 

osteoclastic tartrate-resistant acid phosphatase. J Biol Chem 274, 22907-22910. 

Hanazawa, S., Takeshita, A., Tsukamoto, Y., Kawata, Y., Takara, K.O.I., and Kitano, S. 

(1991). Transforming Growth Factor-Beta-Induced Gene-Expression of Monocyte 

Chemoattractant Je in Mouse Osteoblastic Cells, Mc3t3-E1. Biochem Bioph Res Co 

180, 1130-1136. 

Hanson, A.D., Marvel, S.W., Bernacki, S.H., Banes, A.J., van Aalst, J., and Loboa, E.G. 

(2009). Osteogenic Effects of Rest Inserted and Continuous Cyclic Tensile Strain on 

hASC Lines with Disparate Osteodifferentiation Capabilities. Ann Biomed Eng 37, 

955-965. 

Harley, B.A., Leung, J.H., Silva, E.C.C.M., and Gibson, L.J. (2007). Mechanical 

characterization of collagen-glycosaminoglycan scaffolds. Acta biomaterialia 3, 463-

474. 

Harley, B.A.C., Kim, H.D., Zaman, M.H., Yannas, I.V., Lauffenburger, D.A., and Gibson, 

L.J. (2008). Microarchitecture of three-dimensional scaffolds influences cell 

migration behavior via junction interactions. Biophys J 95, 4013-4024. 

Hata, M., Naruse, K., Ozawa, S., Kobayashi, Y., Nakamura, N., Kojima, N., Omi, M., 

Katanosaka, Y., Nishikawa, T., Tanaka, Y., et al. (2013). Mechanical stretch increases 

the proliferation while inhibiting the osteogenic differentiation in dental pulp stem 

cells. Tissue engineering Part A 19, 625-633. 

Haugh, M.G., Jaasma, M.J., and O'Brien, F.J. (2009). The effect of dehydrothermal 

treatment on the mechanical and structural properties of collagen-GAG scaffolds. 



References 

199 

 

Journal of Biomedical Materials Research Part A 89A, 363-369. 

Haugh, M.G., Vaughan, T.J., and McNamara, L.M. (2015). The role of integrin 

alpha(V)beta(3) in osteocyte mechanotransduction. J Mech Behav Biomed Mater 42, 

67-75. 

Hendrikson, W.J., van Blitterswijk, C.A., Verdonschot, N., Moroni, L., and Rouwkema, J. 

(2014). Modeling Mechanical Signals on the Surface of mu CT and CAD Based Rapid 

Prototype Scaffold Models to Predict (Early Stage) Tissue Development. 

Biotechnology and bioengineering 111, 1864-1875. 

Hodgskinson, R., and Currey, J.D. (1992). Young's modulus, density and material 

properties in cancellous bone over a large density range. Journal of Materials Science: 

Materials in Medicine Volume 3, 377-381. 

Hollister, S.J. (2005). Porous scaffold design for tissue engineering. Nat Mater 4, 518-524. 

Hou, G.N., Wang, J., and Layton, A. (2012). Numerical Methods for Fluid-Structure 

Interaction - A Review. Commun Comput Phys 12, 337-377. 

Hu, K.X., Zhao, F.H., and Wang, Q.K. (2013). Mechanical characterization of living and 

dead undifferentiated human adipose-derived stem cells by using atomic force 

microscopy. P I Mech Eng H 227, 1319-1323. 

Huiskes, R., Van Driel, W.D., Prendergast, P.J., and Soballe, K. (1997). A biomechanical 

regulatory model for periprosthetic fibrous-tissue differentiation. Journal of materials 

science Materials in medicine 8, 785-788. 

Hwang, C.M., Sant, S., Masaeli, M., Kachouie, N.N., Zamanian, B., Lee, S.H., and 

Khademhosseini, A. (2010). Fabrication of three-dimensional porous cell-laden 

hydrogel for tissue engineering. Biofabrication 2. 

Isaksson, H., Comas, O., van Donkelaar, C.C., Mediavilla, J., Wilson, W., Huiskes, R., and 

Ito, K. (2007). Bone regeneration during distraction osteogenesis: mechano-regulation 

by shear strain and fluid velocity. J Biomech 40, 2002-2011. 

Isaksson, H., Van Donkelaar, C.C., Huiskes, R., and Ito, K. (2006a). Corroboration of 

mechanoregulatory algorithms for tissue differentiation during fracture healing: 

Comparison with in vivo results. Journal of Orthopaedic Research 24, 898-907. 

Isaksson, H., van Donkelaar, C.C., Huiskes, R., and Ito, K. (2008). A mechano-regulatory 

bone-healing model incorporating cell-phenotype specific activity. Journal of 

theoretical biology 252, 230-246. 

Isaksson, H., Wilson, W., van Donkelaar, C.C., Huiskes, R., and Ito, K. (2006b). 

Comparison of biophysical stimuli for mechano-regulation of tissue differentiation 

during fracture healing. J Biomech 39, 1507-1516. 

Jaasma, M.J., Plunkett, N.A., and O'Brien, F.J. (2008). Design and validation of a dynamic 

flow perfusion bioreactor for use with compliant tissue engineering scaffolds. Journal 

of biotechnology 133, 490-496. 

Jagodzinski, M., Breitbart, A., Wehmeier, M., Hesse, E., Haasper, C., Krettek, C., Zeichen, 

J., and Hankemeier, S. (2008). Influence of perfusion and cyclic compression on 

proliferation and differentiation of bone marrow stromal cells in 3-dimensional culture. 

J Biomech 41, 1885-1891. 

Jagodzinski, M., Drescher, M., Zeichen, J., Hankemeier, S., Krettek, C., Bosch, U., and 

van Griensven, M. (2004). Effects of cyclic longitudinal mechanical strain and 

dexamethasone on osteogenic differentiation of human bone marrow stromal cells. 

Eur Cell Mater 7, 35-41; discussion 41. 

Jiang, J.X., Siller-Jackson, A.J., and Burra, S. (2007). Roles of gap junctions and 

hemichannels in bone cell functions and in signal transmission of mechanical stress. 

Front Biosci 12, 1450-1462. 

Juhasz, T., Matta, C., Somogyi, C., Katona, E., Takacs, R., Soha, R.F., Szabo, I.A., Cserhati, 



References 

200 

 

C., Szody, R., Karacsonyi, Z., et al. (2014). Mechanical loading stimulates 

chondrogenesis via the PKA/CREB-Sox9 and PP2A pathways in chicken micromass 

cultures. Cell Signal 26, 468-482. 

Jukes, J.M., Both, S.K., Leusink, A., Sterk, L.M., van Blitterswijk, C.A., and de Boer, J. 

(2008). Endochondral bone tissue engineering using embryonic stem cells. Proc Natl 

Acad Sci U S A 105, 6840-6845. 

Jungreuthmayer, C., Donahue, S.W., Jaasma, M.J., Al-Munajjed, A.A., Zanghellini, J., 

Kelly, D.J., and O'Brien, F.J. (2009a). A Comparative Study of Shear Stresses in 

Collagen-Glycosaminoglycan and Calcium Phosphate Scaffolds in Bone Tissue-

Engineering Bioreactors. Tissue Eng Pt A 15, 1141-1149. 

Jungreuthmayer, C., Jaasma, M.J., Al-Munajjed, A.A., Zanghellini, J., Kelly, D.J., and 

O'Brien, F.J. (2009b). Deformation simulation of cells seeded on a collagen-GAG 

scaffold in a flow perfusion bioreactor using a sequential 3D CFD-elastostatics model. 

Med Eng Phys 31, 420-427. 

Karageorgiou, V., and Kaplan, D. (2005). Porosity of 3D biomaterial scaffolds and 

osteogenesis. Biomaterials 26, 5474-5491. 

Kasten, P., Beyen, I., Niemeyer, P., Luginbuhl, R., Bohner, M., and Richter, W. (2008). 

Porosity and pore size of beta-tricalcium phosphate scaffold can influence protein 

production and osteogenic differentiation of human mesenchymal stem cells: an in 

vitro and in vivo study. Acta biomaterialia 4, 1904-1915. 

Keogh, M.B., O'Brien, F.J., and Daly, J.S. (2010). Substrate stiffness and contractile 

behaviour modulate the functional maturation of osteoblasts on a collagen-GAG 

scaffold. Acta Biomater 6, 4305-4313. 

Keogh, M.B., Partap, S., Daly, J.S., and O'Brien, F.J. (2011). Three hours of perfusion 

culture prior to 28 days of static culture, enhances osteogenesis by human cells in a 

collagen GAG scaffold. Biotechnology and bioengineering 108, 1203-1210. 

Kerckhofs, G., Pyka, G., Loeckx, D., Van Bael, S., Schrooten, J., and Wevers, M. (2010). 

The combined use of micro-CT imaging, in-situ loading and non-rigid image 

registration for 3D experimental local strain mapping on porous bone tissue 

engineering scaffolds under compressive loading. In European conference for non-

destructive testing (ECNDT) (Moscow, Russia). 

Khalilian, M., Navidbakhsh, M., Valojerdi, M.R., Chizari, M., and Yazdi, P.E. (2010). 

Estimating Young's modulus of zona pellucida by micropipette aspiration in 

combination with theoretical models of ovum. J R Soc Interface 7, 687-694. 

Khetan, S., and Burdick, J. (2009). Cellular encapsulation in 3D hydrogels for tissue 

engineering. Journal of visualized experiments : JoVE. 

Kilian, K.A., Bugarija, B., Lahn, B.T., and Mrksich, M. (2010). Geometric cues for 

directing the differentiation of mesenchymal stem cells. Proc Natl Acad Sci U S A 107, 

4872-4877. 

Kim, J., and Ma, T. (2012). Perfusion regulation of hMSC microenvironment and 

osteogenic differentiation in 3D scaffold. Biotechnology and bioengineering 109, 252-

261. 

Kim, K., Yeatts, A., Dean, D., and Fisher, J.P. (2010). Stereolithographic Bone Scaffold 

Design Parameters: Osteogenic Differentiation and Signal Expression. Tissue Eng Part 

B-Re 16, 523-539. 

Klein-Nulend, J., van der Plas, A., Semeins, C.M., Ajubi, N.E., Frangos, J.A., Nijweide, 

P.J., and Burger, E.H. (1995). Sensitivity of osteocytes to biomechanical stress in vitro. 

FASEB journal : official publication of the Federation of American Societies for 

Experimental Biology 9, 441-445. 

Knippenberg, M., Helder, M.N., Doulabi, B.Z., Semeins, C.M., Wuisman, P.I.J.M., and 



References 

201 

 

Klein-Nulend, J. (2005). Adipose tissue-derived mesenchymal stem cells acquire bone 

cell-like responsiveness to fluid shear stress on osteogenic stimulation. Tissue Eng 11, 

1780-1788. 

Koike, M., Shimokawa, H., Kanno, Z., Ohya, K., and Soma, K. (2005). Effects of 

mechanical strain on proliferation and differentiation of bone marrow stromal cell line 

ST2. Journal of bone and mineral metabolism 23, 219-225. 

Kreutzer, J., Ikonen, L., Hirvonen, J., Pekkanen-Mattila, M., Aalto-Setala, K., and Kallio, 

P. (2014). Pneumatic cell stretching system for cardiac differentiation and culture. Med 

Eng Phys 36, 496-501. 

Lacroix, D., Chateau, A., Ginebra, M.P., and Planell, J.A. (2006). Micro-finite element 

models of bone tissue-engineering scaffolds. Biomaterials 27, 5326-5334. 

Lacroix, D., and Prendergast, P.J. (2002). A mechano-regulation model for tissue 

differentiation during fracture healing: analysis of gap size and loading. J Biomech 35, 

1163-1171. 

Lacroix, D., Prendergast, P.J., Li, G., and Marsh, D. (2002). Biomechanical model to 

simulate tissue differentiation and bone regeneration: application to fracture healing. 

Medical & biological engineering & computing 40, 14-21. 

Lanyon, L.E. (1998). Amplification of the Osteogenic Stimulus of Load-Bearing as a 

Logical Therapy for the Treatment and Prevention of Osteoporosis, Vol Volume 25 

(Springer). 

Lean, J.M., Matsuo, K., Fox, S.W., Fuller, K., Gibson, F.M., Draycott, G., Wani, M.R., 

Bayley, K.E., Wong, B.R., Choi, Y., et al. (2000). Osteoclast lineage commitment of 

bone marrow precursors through expression of membrane-bound TRANCE. Bone 27, 

29-40. 

Lee, S.H., Moon, J.J., Miller, J.S., and West, J.L. (2007). Poly(ethylene glycol) hydrogels 

conjugated with a collagenase-sensitive fluorogenic substrate to visualize collagenase 

activity during three-dimensional cell migration. Biomaterials 28, 3163-3170. 

Lee, S.J., Lim, G.J., Lee, J.W., Atala, A., and Yoo, J.J. (2006). In vitro evaluation of a 

poly(lactide-co-glycolide)-collagen composite scaffold for bone regeneration. 

Biomaterials 27, 3466-3472. 

Leipzig, N.D., and Shoichet, M.S. (2009). The effect of substrate stiffness on adult neural 

stem cell behavior. Biomaterials 30, 6867-6878. 

Leyva-Leyva, M., Lopez-Diaz, A., Barrera, L., Camacho-Morales, A., Hernandez-Aguilar, 

F., Carrillo-Casas, E.M., Arriaga-Pizano, L., Calderon-Perez, J., Garcia-Alvarez, J., 

Orozco-Hoyuela, G., et al. (2015). Differential Expression of Adhesion-Related 

Proteins and MAPK Pathways Lead to Suitable Osteoblast Differentiation of Human 

Mesenchymal Stem Cells Subpopulations. Stem cells and development 24, 2577-2590. 

Li, D.Q., Tang, T.T., Lu, J.X., and Dai, K.R. (2009). Effects of Flow Shear Stress and Mass 

Transport on the Construction of a Large-Scale Tissue-Engineered Bone in a Perfusion 

Bioreactor. Tissue Eng Pt A 15, 2773-2783. 

Li, M., Liu, W., Sun, J., Xianyu, Y., Wang, J., Zhang, W., Zheng, W., Huang, D., Di, S., 

Long, Y.Z., et al. (2013). Culturing primary human osteoblasts on electrospun 

poly(lactic-co-glycolic acid) and poly(lactic-co-glycolic acid)/nanohydroxyapatite 

scaffolds for bone tissue engineering. ACS applied materials & interfaces 5, 5921-

5926. 

Li, R., Liang, L., Dou, Y., Huang, Z., Mo, H., Wang, Y., and Yu, B. (2015). Mechanical 

strain regulates osteogenic and adipogenic differentiation of bone marrow 

mesenchymal stem cells. BioMed research international 2015, 873251. 

Lim, K.T., Kim, J., Seonwoo, H., Chang, J.U., Choi, H., Hexiu, J., Cho, W.J., Choung, P.H., 

and Chung, J.H. (2013). Enhanced Osteogenesis of Human Alveolar Bone-Derived 



References 

202 

 

Mesenchymal Stem Cells for Tooth Tissue Engineering Using Fluid Shear Stress in a 

Rocking Culture Method. Tissue Eng Part C-Me 19, 128-145. 

Lindroos, B., Boucher, S., Chase, L., Kuokkanen, H., Huhtala, H., Haataja, R., Vemuri, M., 

Suuronen, R., and Miettinen, S. (2009). Serum-free, xeno-free culture media maintain 

the proliferation rate and multipotentiality of adipose stem cells in vitro. Cytotherapy 

11, 958-972. 

Liu, C.X., Abedian, R., Meister, R., Haasper, C., Hurschler, C., Krettek, C., von Lewinski, 

G., and Jagodzinski, M. (2012). Influence of perfusion and compression on the 

proliferation and differentiation of bone mesenchymal stromal cells seeded on 

polyurethane scaffolds. Biomaterials 33, 1052-1064. 

Lotfi, E., Delfan, S., Hamidi, A., Shahir, H., and Asadollahfardi, G. (2014). A numerical 

approach for one dimensional thermal consolidation of clays. Int J Civ Eng 12, 80-87. 

Luo, T., Mohan, K., Iglesias, P.A., and Robinson, D.N. (2013). Molecular mechanisms of 

cellular mechanosensing. Nat Mater 12, 1064-1071. 

Marin, A.C., and Lacroix, D. (2015). The inter-sample structural variability of regular 

tissue-engineered scaffolds significantly affects the micromechanical local cell 

environment. Interface Focus 5. 

Mathieu, P.S., and Loboa, E.G. (2012). Cytoskeletal and Focal Adhesion Influences on 

Mesenchymal Stem Cell Shape, Mechanical Properties, and Differentiation Down 

Osteogenic, Adipogenic, and Chondrogenic Pathways. Tissue Eng Part B-Re 18, 436-

444. 

Mauck, R.L., Wang, C.C., Oswald, E.S., Ateshian, G.A., and Hung, C.T. (2003). The role 

of cell seeding density and nutrient supply for articular cartilage tissue engineering 

with deformational loading. Osteoarthritis and cartilage / OARS, Osteoarthritis 

Research Society 11, 879-890. 

McCoy, R.J., Jungreuthmayer, C., and O'Brien, F.J. (2012). Influence of flow rate and 

scaffold pore size on cell behavior during mechanical stimulation in a flow perfusion 

bioreactor. Biotechnology and bioengineering 109, 1583-1594. 

McGarry, J.P. (2009). Characterization of cell mechanical properties by computational 

modeling of parallel plate compression. Ann Biomed Eng 37, 2317-2325. 

McNamara, L.M., Majeska, R.J., Weinbaum, S., Friedrich, V., and Schaffler, M.B. (2009). 

Attachment of Osteocyte Cell Processes to the Bone Matrix. Anat Rec 292, 355-363. 

Melchels, F.P.W., Tonnarelli, B., Olivares, A.L., Martin, I., Lacroix, D., Feijen, J., Wendt, 

D.J., and Grijpma, D.W. (2011). The influence of the scaffold design on the 

distribution of adhering cells after perfusion cell seeding. Biomaterials 32, 2878-2884. 

Mesimaki, K., Lindroos, B., Tornwall, J., Mauno, J., Lindqvist, C., Kontio, R., Miettinen, 

S., and Suuronen, R. (2009). Novel maxillary reconstruction with ectopic bone 

formation by GMP adipose stem cells. Int J Oral Max Surg 38, 201-209. 

Milan, J.L., Planell, J.A., and Lacroix, D. (2009). Computational modelling of the 

mechanical environment of osteogenesis within a polylactic acid-calcium phosphate 

glass scaffold. Biomaterials 30, 4219-4226. 

Milan, J.L., Planell, J.A., and Lacroix, D. (2010). Simulation of bone tissue formation 

within a porous scaffold under dynamic compression. Biomech Model Mechanobiol 

9, 583-596. 

Miller, A. (1984). Collagen - the Organic Matrix of Bone. Philos T Roy Soc B 304, 455-

477. 

Miller, E.J., Vanderko.Jk, and Sokoloff, L. (1969). Collagen of Human Articular and Costal 

Cartilage. Arthritis Rheum 12, 21-&. 

Mizuno, S., and Glowacki, J. (1996). Three-dimensional composite of demineralized bone 

powder and collagen for in vitro analysis of chondroinduction of human dermal 



References 

203 

 

fibroblasts. Biomaterials 17, 1819-1825. 

Morita, Y., Mukai, T., Ju, Y., and Watanabe, S. (2013). Evaluation of stem cell-to-tenocyte 

differentiation by atomic force microscopy to measure cellular elastic moduli. Cell 

biochemistry and biophysics 66, 73-80. 

Mullen, C.A., Haugh, M.G., Schaffler, M.B., Majeska, R.J., and McNamara, L.M. (2013). 

Osteocyte differentiation is regulated by extracellular matrix stiffness and intercellular 

separation. J Mech Behav Biomed Mater 28, 183-194. 

Mullen, C.A., Vaughan, T.J., Billiar, K.L., and McNamara, L.M. (2015). The Effect of 

Substrate Stiffness, Thickness, and Cross-Linking Density on Osteogenic Cell 

Behavior. Biophys J 108, 1604-1612. 

Mullen, C.A., Vaughan, T.J., Voisin, M.C., Brennan, M.A., Layrolle, P., and McNamara, 

L.M. (2014a). Cell morphology and focal adhesion location alters internal cell stress. 

J R Soc Interface 11. 

Mullen, C.A., Vaughan, T.J., Voisin, M.C., Brennan, M.A., Layrolle, P., and McNamara, 

L.M. (2014b). Cell morphology and focal adhesion location alters internal cell stress. 

J R Soc Interface 11, 20140885. 

Murphy, C.M., Haugh, M.G., and O'Brien, F.J. (2010). The effect of mean pore size on cell 

attachment, proliferation and migration in collagen-glycosaminoglycan scaffolds for 

bone tissue engineering. Biomaterials 31, 461-466. 

Murphy, C.M., Matsiko, A., Haugh, M.G., Gleeson, J.P., and O'Brien, F.J. (2012). 

Mesenchymal stem cell fate is regulated by the composition and mechanical properties 

of collagen-glycosaminoglycan scaffolds. J Mech Behav Biomed 11, 53-62. 

Murphy, C.M., O'Brien, F.J., Little, D.G., and Schindeler, A. (2013). Cell-Scaffold 

Interactions in the Bone Tissue Engineering Triad. Eur Cells Mater 26, 120-132. 

Myster, D.L., and Duronio, R.J. (2000). To differentiate or not to differentiate? Current 

biology : CB 10, R302-304. 

Nam, H.Y., Pingguan-Murphy, B., Amir Abbas, A., Mahmood Merican, A., and Kamarul, 

T. (2015). The proliferation and tenogenic differentiation potential of bone marrow-

derived mesenchymal stromal cell are influenced by specific uniaxial cyclic tensile 

loading conditions. Biomech Model Mechanobiol 14, 649-663. 

Neish, C.S., Martin, I.L., Henderson, R.M., and Edwardson, J.M. (2002). Direct 

visualization of ligand-protein interactions using atomic force microscopy. Brit J 

Pharmacol 135, 1943-1950. 

Newton, C.D. (1985). Textbook of Small Animal Orthopaedics ( Philadelphia, 

Pennsylvania, USA: J.B. Lippincott Company ). 

Nicodemus, G.D., and Bryant, S.J. (2008). Cell encapsulation in biodegradable hydrogels 

for tissue engineering applications. Tissue engineering Part B, Reviews 14, 149-165. 

O'Brien, F.J., Harley, B.A., Yannas, I.V., and Gibson, L.J. (2005). The effect of pore size 

on cell adhesion in collagen-GAG scaffolds. Biomaterials 26, 433-441. 

Ojansivu, M., Vanhatupa, S., Bjorkvik, L., Hakkanen, H., Kellomaki, M., Autio, R., 

Ihalainen, J.A., Hupa, L., and Miettinen, S. (2015). Bioactive glass ions as strong 

enhancers of osteogenic differentiation in human adipose stem cells. Acta 

biomaterialia 21, 190-203. 

Olivares, A.L., and Lacroix, D. (2012). Simulation of Cell Seeding Within a Three-

Dimensional Porous Scaffold: A Fluid-Particle Analysis. Tissue Eng Part C-Me 18, 

624-631. 

Olivares, A.L., Marsal, E., Planell, J.A., and Lacroix, D. (2009). Finite element study of 

scaffold architecture design and culture conditions for tissue engineering. Biomaterials 

30, 6142-6149. 

Owan, I., Burr, D.B., Turner, C.H., Qiu, J., Tu, Y., Onyia, J.E., and Duncan, R.L. (1997). 



References 

204 

 

Mechanotransduction in bone: osteoblasts are more responsive to fluid forces than 

mechanical strain. The American journal of physiology 273, C810-815. 

Pandit, V., Zuidema, J.M., Venuto, K.N., Macione, J., Dai, G.H., Gilbert, R.J., and Kotha, 

S.P. (2013). Evaluation of Multifunctional Polysaccharide Hydrogels with Varying 

Stiffness for Bone Tissue Engineering. Tissue Eng Pt A 19, 2452-2463. 

Park, J.S., Chu, J.S., Cheng, C., Chen, F., Chen, D., and Li, S. (2004). Differential effects 

of equiaxial and uniaxial strain on mesenchymal stem cells. Biotechnology and 

bioengineering 88, 359-368. 

Park, S.H., Gil, E.S., Kim, H.J., Lee, K., and Kaplan, D.L. (2010). Relationships between 

degradability of silk scaffolds and osteogenesis. Biomaterials 31, 6162-6172. 

Park, S.H., Park, D.S., Shin, J.W., Kang, Y.G., Kim, H.K., and Yoon, T.R. (2012). Scaffolds 

for bone tissue engineering fabricated from two different materials by the rapid 

prototyping technique: PCL versus PLGA. Journal of materials science Materials in 

medicine 23, 2671-2678. 

Phinney, D.G., and Prockop, D.J. (2007). Concise review: Mesenchymal stem/multipotent 

stromal cells: The state of transdifferentiation and modes of tissue repair - Current 

views. Stem Cells 25, 2896-2902. 

Pillarisetti, A., Desai, J.P., Ladjal, H., Schiffmacher, A., Ferreira, A., and Keefer, C.L. 

(2011). Mechanical phenotyping of mouse embryonic stem cells: increase in stiffness 

with differentiation. Cellular reprogramming 13, 371-380. 

Porter, B., Zauel, R., Stockman, H., Guldberg, R., and Fyhrie, D. (2005). 3-D 

computational modeling of media flow through scaffolds in a perfusion bioreactor. J 

Biomech 38, 543-549. 

Prendergast, P.J., Huiskes, R., and Soballe, K. (1997a). Biophysical stimuli on cells during 

tissue differentiation at implant interfaces. Journal of biomechanics 30, 539-548. 

Prendergast, P.J., Huiskes, R., and Soballe, K. (1997b). ESB Research Award 1996. 

Biophysical stimuli on cells during tissue differentiation at implant interfaces. J 

Biomech 30, 539-548. 

Provenzano, P.P., and Keely, P.J. (2011). Mechanical signaling through the cytoskeleton 

regulates cell proliferation by coordinated focal adhesion and Rho GTPase signaling. 

J Cell Sci 124, 1195-1205. 

Qi, M.C., Hu, J., Zou, S.J., Chen, H.Q., Zhou, H.X., and Han, L.C. (2008). Mechanical 

strain induces osteogenic differentiation: Cbfa1 and Ets-1 expression in stretched rat 

mesenchymal stem cells. Int J Oral Maxillofac Surg 37, 453-458. 

Raabe, O., Shell, K., Fietz, D., Freitag, C., Ohrndorf, A., Christ, H.J., Wenisch, S., and 

Arnhold, S. (2013). Tenogenic differentiation of equine adipose-tissue-derived stem 

cells under the influence of tensile strain, growth differentiation factors and various 

oxygen tensions. Cell and tissue research 352, 509-521. 

Reynolds, N.H., and McGarry, J.P. (2015). Single cell active force generation under 

dynamic loading - Part II: Active modelling insights. Acta biomaterialia 27, 251-263. 

Reynolds, N.H., Ronan, W., Dowling, E.P., Owens, P., McMeeking, R.M., and McGarry, 

J.P. (2014). On the role of the actin cytoskeleton and nucleus in the biomechanical 

response of spread cells. Biomaterials 35, 4015-4025. 

Rice, J.R. (1998). Elasticity of Fluid-Infiltrated Porous Solids (Poroelasticity) (Cambridge, 

MA, US: Harvard University), pp. 11. 

Riehl, B.D., Park, J.H., Kwon, I.K., and Lim, J.Y. (2012). Mechanical stretching for tissue 

engineering: two-dimensional and three-dimensional constructs. Tissue engineering 

Part B, Reviews 18, 288-300. 

Roach, H.I. (1994). Why Does Bone-Matrix Contain Noncollagenous Proteins - the 

Possible Roles of Osteocalcin, Osteonectin, Osteopontin and Bone Sialoprotein in 



References 

205 

 

Bone Mineralization and Resorption. Cell Biol Int 18, 617-628. 

Robin, M. (2009). A Handbook for Yogasana Teachers: The Incorporation of Neuroscience, 

Physiology, and Anatomy Into the Practice (Arizona, US: Wheatmark, Inc.). 

Ronan, W., Deshpande, V.S., McMeeking, R.M., and McGarry, J.P. (2012). Numerical 

investigation of the active role of the actin cytoskeleton in the compression resistance 

of cells. J Mech Behav Biomed Mater 14, 143-157. 

Sandino, C., Checa, S., Prendergast, P.J., and Lacroix, D. (2010). Simulation of 

angiogenesis and cell differentiation in a CaP scaffold subjected to compressive strains 

using a lattice modeling approach. Biomaterials 31, 2446-2452. 

Sandino, C., and Lacroix, D. (2011). A dynamical study of the mechanical stimuli and 

tissue differentiation within a CaP scaffold based on micro-CT finite element models. 

Biomech Model Mechanobiol 10, 565-576. 

Sandino, C., Planell, J.A., and Lacroix, D. (2008). A finite element study of mechanical 

stimuli in scaffolds for bone tissue engineering. J Biomech 41, 1005-1014. 

Sandor, G.K., Numminen, J., Wolff, J., Thesleff, T., Miettinen, A., Tuovinen, V.J., 

Mannerstrom, B., Patrikoski, M., Seppanen, R., Miettinen, S., et al. (2014). Adipose 

Stem Cells Used to Reconstruct 13 Cases With Cranio-Maxillofacial Hard-Tissue 

Defects. Stem Cell Transl Med 3, 530-540. 

Sanz-Herrera, J.A., Garcia-Aznar, J.M., and Doblare, M. (2008). A mathematical model 

for bone tissue regeneration inside a specific type of scaffold. Biomech Model 

Mechanobiol 7, 355-366. 

Sarasam, A., and Madihally, S.V. (2005). Characterization of chitosan-polycaprolactone 

blends for tissue engineering applications. Biomaterials 26, 5500-5508. 

Schiele, N.R., von Flotow, F., Tochka, Z.L., Hockaday, L.A., Marturano, J.E., Thibodeau, 

J.J., and Kuo, C.K. (2015). Actin cytoskeleton contributes to the elastic modulus of 

embryonic tendon during early development. Journal of orthopaedic research : official 

publication of the Orthopaedic Research Society 33, 874-881. 

Schulz, R.M., Wuestneck, N., van Donkelaar, C.C., Shelton, J.C., and Bader, A. (2008). 

Development and Validation of a Novel Bioreactor System for Load- and Perfusion-

Controlled Tissue Engineering of Chondrocyte-Constructs. Biotechnology and 

bioengineering 101, 714-728. 

Schulze, E., Witt, M., Kasper, M., Lowik, C.W.G.M., and Funk, R.H.W. (1999). 

Immunohistochemical investigations on the differentiation marker protein E11 in rat 

calvaria, calvaria cell culture and the osteoblastic cell line ROS 17/2.8. Histochem 

Cell Biol 111, 61-69. 

Seliktar, D., Dunkelman, N., Peterson, A.E., Schreiber, R.E., Willoughby, J., and Naughton, 

G.K. (2002). Application of shear flow stress to chondrocytes, G.P.E. A4, ed. 

Shemesh, T., Geiger, B., Bershadsky, A.D., and Kozlov, M.M. (2005). Focal adhesions as 

mechanosensors: a physical mechanism. Proc Natl Acad Sci U S A 102, 12383-12388. 

Sikavitsas, V.I., Bancroft, G.N., Lemoine, J.J., Liebschner, M.A.K., Dauner, M., and Mikos, 

A.G. (2005). Flow perfusion enhances the calcified matrix deposition of marrow 

stromal cells in biodegradable nonwoven fiber mesh scaffolds. Ann Biomed Eng 33, 

63-70. 

Simmons, C.A., Matlis, S., Thornton, A.J., Chen, S.Q., Wang, C.Y., and Mooney, D.J. 

(2003). Cyclic strain enhances matrix mineralization by adult human mesenchymal 

stem cells via the extracellular signal-regulated kinase (ERK1/2) signaling pathway. J 

Biomech 36, 1087-1096. 

Sims, N.A., and Vrahnas, C. (2014). Regulation of cortical and trabecular bone mass by 

communication between osteoblasts, osteocytes and osteoclasts. Arch Biochem 

Biophys 561, 22-28. 



References 

206 

 

Sittichockechaiwut, A., Scutt, A.M., Ryan, A.J., Bonewald, L.F., and Reilly, G.C. (2009). 

Use of rapidly mineralising osteoblasts and short periods of mechanical loading to 

accelerate matrix maturation in 3D scaffolds. Bone 44, 822-829. 

Sittichokechaiwut, A., Edwards, J.H., Scutt, A.M., and Reilly, G.C. (2010). Short Bouts of 

Mechanical Loading Are as Effective as Dexamethasone at Inducing Matrix 

Production by Human Bone Marrow Mesenchymal Stem Cells. Eur Cells Mater 20, 

45-57. 

Smith, I.O., and Ma, P.X. (2010). Cell and biomolecule delivery for regenerative medicine. 

Sci Technol Adv Mat 11. 

Song, G., Ju, Y., Soyama, H., Ohashi, T., and Sato, M. (2007). Regulation of cyclic 

longitudinal mechanical stretch on proliferation of human bone marrow mesenchymal 

stem cells. Molecular & cellular biomechanics : MCB 4, 201-210. 

Stenbeck, G. (2002). Formation and function of the ruffled border in osteoclasts. Semin 

Cell Dev Biol 13, 285-292. 

Stephan, S., Johnson, W.E., and Roberts, S. (2011). The influence of nutrient supply and 

cell density on the growth and survival of intervertebral disc cells in 3D culture. Eur 

Cell Mater 22, 97-108. 

Stops, A.J., Harrison, N.M., Haugh, M.G., O'Brien, F.J., and McHugh, P.E. (2010a). Local 

and regional mechanical characterisation of a collagen-glycosaminoglycan scaffold 

using high-resolution finite element analysis. J Mech Behav Biomed Mater 3, 292-

302. 

Stops, A.J.F., Heraty, K.B., Browne, M., O'Brien, F.J., and McHugh, P.E. (2010b). A 

prediction of cell differentiation and proliferation within a collagen-

glycosaminoglycan scaffold subjected to mechanical strain and perfusive fluid flow. J 

Biomech 43, 618-626. 

Stops, A.J.F., McMahon, L.A., O'Mahoney, D., Prendergast, P.J., and McHugh, P.E. (2008). 

A Finite Element Prediction of Strain on Cells in a Highly Porous Collagen-

Glycosaminoglycan Scaffold. J Biomech Eng-T Asme 130. 

Subramony, S.D., Dargis, B.R., Castillo, M., Azeloglu, E.U., Tracey, M.S., Su, A., and Lu, 

H.H. (2013). The guidance of stem cell differentiation by substrate alignment and 

mechanical stimulation. Biomaterials 34, 1942-1953. 

Sun, Y., and Liu, X. (2015). Micro- and Nanomanipulation Tools (John Wiley & Sons, 

Limited). 

Tabatabaei, F.S., Jazayeri, M., Ghahari, P., and Haghighipour, N. (2014). Effects of 

equiaxial strain on the differentiation of dental pulp stem cells without using 

biochemical reagents. Molecular & cellular biomechanics : MCB 11, 209-220. 

Tai, H.Y., Mather, M.L., Howard, D., Wang, W.X., White, L.J., Crowe, J.A., Morgan, S.P., 

Chandra, A., Williams, D.J., Howdle, S.M., et al. (2007). Control of pore size and 

structure of tissue engineering scaffolds produced by supercritical fluid processing. 

Eur Cells Mater 14, 64-76. 

Tanaka, M., Wada, S., and Nakamura, M. (2012). Computational Biomechanics: 

Theoretical Background and Biological/Biomedical Problems (Japan: Springer Japan). 

Tang, Y.W., Wong, C., Wang, H.X., Sutti, A., Kirkland, M., Wang, X.G., and Lin, T. (2011). 

Three-Dimensional Tissue Scaffolds from Interbonded Poly(epsilon-Caprolactone) 

Fibrous Matrices with Controlled Porosity. Tissue Eng Part C-Me 17, 209-218. 

Thibault, R.A., Scott Baggett, L., Mikos, A.G., and Kasper, F.K. (2010). Osteogenic 

differentiation of mesenchymal stem cells on pregenerated extracellular matrix 

scaffolds in the absence of osteogenic cell culture supplements. Tissue engineering 

Part A 16, 431-440. 

Tirkkonen, L., Halonen, H., Hyttinen, J., Kuokkanen, H., Sievanen, H., Koivisto, A.M., 



References 

207 

 

Mannerstrom, B., Sandor, G.K.B., Suuronen, R., Miettinen, S., et al. (2011). The 

effects of vibration loading on adipose stem cell number, viability and differentiation 

towards bone-forming cells. J R Soc Interface 8, 1736-1747. 

Titushkin, I., and Cho, M. (2007). Modulation of cellular mechanics during osteogenic 

differentiation of human mesenchymal stem cells. Biophys J 93, 3693-3702. 

Tseng, P.C., Hou, S.M., Chen, R.J., Peng, H.W., Hsieh, C.F., Kuo, M.L., and Yen, M.L. 

(2011). Resveratrol promotes osteogenesis of human mesenchymal stem cells by 

upregulating RUNX2 gene expression via the SIRT1/FOXO3A axis. Journal of bone 

and mineral research : the official journal of the American Society for Bone and 

Mineral Research 26, 2552-2563. 

Tuan, H.S., and Hutmacher, D.W. (2005). Application of micro CT and computation 

modeling in bone tissue engineering. Comput Aided Design 37, 1151-1161. 

Turner, C.H., Forwood, M.R., Rho, J.Y., and Yoshikawa, T. (1994). Mechanical loading 

thresholds for lamellar and woven bone formation. Journal of bone and mineral 

research : the official journal of the American Society for Bone and Mineral Research 

9, 87-97. 

Undale, A.H., Westendorf, J.J., Yaszemski, M.J., and Khosla, S. (2009). Mesenchymal 

Stem Cells for Bone Repair and Metabolic Bone Diseases. Mayo Clin Proc 84, 893-

902. 

Vaananen, H.K., Zhao, H., Mulari, M., and Halleen, J.M. (2000). The cell biology of 

osteoclast function. J Cell Sci 113, 377-381. 

Vallet-Regi, M., Colilla, M., and Gonzalez, B. (2011). Medical applications of organic-

inorganic hybrid materials within the field of silica-based bioceramics. Chemical 

Society reviews 40, 596-607. 

Vance, J., Galley, S., Liu, D.F., and Donahue, S.W. (2005). Mechanical stimulation of 

MC3T3 osteoblastic cells in a bone tissue-engineering bioreactor enhances 

prostaglandin E-2 release. Tissue Eng 11, 1832-1839. 

Vaughan, T.J., Haugh, M.G., and McNamara, L.M. (2013a). A fluid-structure interaction 

model to characterize bone cell stimulation in parallel-plate flow chamber systems. J 

R Soc Interface 10. 

Vaughan, T.J., McCarthy, C.T., and McNamara, L.M. (2012). A three-scale finite element 

investigation into the effects of tissue mineralisation and lamellar organisation in 

human cortical and trabecular bone. J Mech Behav Biomed 12, 50-62. 

Vaughan, T.J., Verbruggen, S.W., and McNamara, L.M. (2013b). Are all osteocytes equal? 

Multiscale modelling of cortical bone to characterise the mechanical stimulation of 

osteocytes. Int J Numer Meth Bio 29, 1361-1372. 

Velasco, M.A., Narvaez-Tovar, C.A., and Garzon-Alvarado, D.A. (2015). Design, 

materials, and mechanobiology of biodegradable scaffolds for bone tissue engineering. 

BioMed research international 2015, 729076. 

Verbruggen, S.W., Vaughan, T.J., and McNamara, L.M. (2012). Strain amplification in 

bone mechanobiology: a computational investigation of the in vivo mechanics of 

osteocytes. J R Soc Interface 9, 2735-2744. 

Verbruggen, S.W., Vaughan, T.J., and McNamara, L.M. (2014). Fluid flow in the osteocyte 

mechanical environment: a fluid-structure interaction approach. Biomech Model 

Mechan 13, 85-97. 

Vetsch, J.R., Muller, R., and Hofmann, S. (2015). The evolution of simulation techniques 

for dynamic bone tissue engineering in bioreactors. Journal of tissue engineering and 

regenerative medicine 9, 903-917. 

Vozzi, G., Corallo, C., Carta, S., Fortina, M., Gattazzo, F., Galletti, M., and Giordano, N. 

(2014). Collagen-gelatin-genipin-hydroxyapatite composite scaffolds colonized by 



References 

208 

 

human primary osteoblasts are suitable for bone tissue engineering applications: in 

vitro evidences. Journal of biomedical materials research Part A 102, 1415-1421. 

Wang, X.H., Schroder, H.C., Feng, Q.L., Draenert, F., and Muller, W.E.G. (2013). The 

Deep-Sea Natural Products, Biogenic Polyphosphate (Bio-PolyP) and Biogenic Silica 

(Bio-Silica), as Biomimetic Scaffolds for Bone Tissue Engineering: Fabrication of a 

Morphogenetically-Active Polymer. Mar Drugs 11, 718-746. 

Weafer, P.P., McGarry, J.P., van Es, M.H., Kilpatrick, J.I., Ronan, W., Nolan, D.R., and 

Jarvis, S.P. (2012). Stability enhancement of an atomic force microscope for long-term 

force measurement including cantilever modification for whole cell deformation. The 

Review of scientific instruments 83, 093709. 

Weafer, P.P., Reynolds, N.H., Jarvis, S.P., and McGarry, J.P. (2015). Single cell active force 

generation under dynamic loading - Part I: AFM experiments. Acta biomaterialia 27, 

236-250. 

Weafer, P.P., Ronan, W., Jarvis, S.P., and McGarry, J.P. (2013). Experimental and 

computational investigation of the role of stress fiber contractility in the resistance of 

osteoblasts to compression. Bulletin of mathematical biology 75, 1284-1303. 

Widmer, M.S., Gupta, P.K., Lu, L.C., Meszlenyi, R.K., Evans, G.R.D., Brandt, K., Savel, 

T., Gurlek, A., Patrick, C.W., and Mikos, A.G. (1998). Manufacture of porous 

biodegradable polymer conduits by an extrusion process for guided tissue regeneration. 

Biomaterials 19, 1945-1955. 

Xiao, W.L., Zhang, D.Z., Fan, C.H., and Yu, B.J. (2015). Intermittent Stretching and 

Osteogenic Differentiation of Bone Marrow Derived Mesenchymal Stem Cells via the 

p38MAPK-Osterix Signaling Pathway. Cellular physiology and biochemistry : 

international journal of experimental cellular physiology, biochemistry, and 

pharmacology 36, 1015-1025. 

Xie, L., Zhang, N., Marsano, A., Vunjak-Novakovic, G., Zhang, Y., and Lopez, M.J. (2013). 

In vitro mesenchymal trilineage differentiation and extracellular matrix production by 

adipose and bone marrow derived adult equine multipotent stromal cells on a collagen 

scaffold. Stem cell reviews 9, 858-872. 

Yang, W.C., Lu, Y.B., Kalajzic, I., Guo, D.Y., Harris, M.A., Gluhak-Heinrich, J., Kotha, S., 

Bonewald, L.F., Feng, J.Q., Rowe, D.W., et al. (2005). Dentin matrix protein 1 gene 

cis-regulation - Use in osteocytes to characterize local responses to mechanical 

loading in vitro and in vivo. J Biol Chem 280, 20680-20690. 

Yang, X., Cai, X., Wang, J., Tang, H., Yuan, Q., Gong, P., and Lin, Y. (2012). Mechanical 

stretch inhibits adipogenesis and stimulates osteogenesis of adipose stem cells. Cell 

Proliferat 45, 158-166. 

Yang, X., Gong, P., Lin, Y., Zhang, L., Li, X., Yuan, Q., Tan, Z., Wang, Y., Man, Y., and 

Tang, H. (2010). Cyclic tensile stretch modulates osteogenic differentiation of 

adipose-derived stem cells via the BMP-2 pathway. Archives of medical science : 

AMS 6, 152-159. 

Yaszemski, M.J., Payne, R.G., Hayes, W.C., Langer, R., and Mikos, A.G. (1996). 

Evolution of bone transplantation: Molecular, cellular and tissue strategies to engineer 

human bone. Biomaterials 17, 175-185. 

Yates, K.E. (2004). Demineralized bone alters expression of Wnt network components 

during chondroinduction of post-natal fibroblasts. Osteoarthritis and cartilage / OARS, 

Osteoarthritis Research Society 12, 497-505. 

Yoshikawa, T., Peel, S.A., Gladstone, J.R., and Davies, J.E. (1997). Biochemical analysis 

of the response in rat bone marrow cell cultures to mechanical stimulation. Bio-

medical materials and engineering 7, 369-377. 

You, J., Yellowley, C.E., Donahue, H.J., Zhang, Y., Chen, Q., and Jacobs, C.R. (2000). 



References 

209 

 

Substrate deformation levels associated with routine physical activity are less 

stimulatory to bone cells relative to loading-induced oscillatory fluid flow. J Biomech 

Eng-T Asme 122, 387-393. 

Yourek, G., McCormick, S.M., Mao, J.J., and Reilly, G.C. (2010). Shear stress induces 

osteogenic differentiation of human mesenchymal stem cells. Regen Med 5, 713-724. 

Yu, H.Y., Tay, C.Y., Leong, W.S., Tan, S.C.W., Liao, K., and Tan, L.P. (2010). Mechanical 

behavior of human mesenchymal stem cells during adipogenic and osteogenic 

differentiation. Biochem Bioph Res Co 393, 150-155. 

Yu, X.J., Botchwey, E.A., Levine, E.M., Pollack, S.R., and Laurencin, C.T. (2004). 

Bioreactor-based bone tissue engineering: The influence of dynamic flow on 

osteoblast phenotypic expression and matrix mineralization. P Natl Acad Sci USA 101, 

11203-11208. 

Zhao, F.H., Kreutzer, J., Pajunen, S., and Kallio, P. (2014a). Mechanical Analysis of a 

Pneumatically Actuated Concentric Double-Shell Structure for Cell Stretching. 

Micromachines-Basel 5, 868-885. 

Zhao, W., Li, X., Liu, X., Zhang, N., and Wen, X. (2014b). Effects of substrate stiffness on 

adipogenic and osteogenic differentiation of human mesenchymal stem cells. 

Materials science & engineering C, Materials for biological applications 40, 316-323. 

Zhou, S., Glowacki, J., and Yates, K.E. (2004). Comparison of TGF-beta/BMP pathways 

signaled by demineralized bone powder and BMP-2 in human dermal fibroblasts. 

Journal of bone and mineral research : the official journal of the American Society for 

Bone and Mineral Research 19, 1732-1741. 

Zhu, J., and Marchant, R.E. (2011). Design properties of hydrogel tissue-engineering 

scaffolds. Expert review of medical devices 8, 607-626. 

Zhu, Y., Dong, Z., Wejinya, U.C., Jin, S., and Ye, K. (2011). Determination of mechanical 

properties of soft tissue scaffolds by atomic force microscopy nanoindentation. J 

Biomech 44, 2356-2361. 

Zuk, P.A., Zhu, M., Mizuno, H., Huang, J., Futrell, J.W., Katz, A.J., Benhaim, P., Lorenz, 

H.P., and Hedrick, M.H. (2001). Multilineage cells from human adipose tissue: 

Implications for cell-based therapies. Tissue Eng 7, 211-228. 
 



Appendix 

210 

 

Appendix 1: Characterisation of Human Adipose Stem cells 

in Osteogenic differentiation 

 

1.1: Setup of an atomic force microscopy (AFM) for indentation of cells 
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1.2: Blank images for DAPI (blue)/ Vinculin (green)/ Phalloidin (red) 

staining. Scale bars (a) 100µm and (b) 20µm. First row shows the 

background stains on PDMS substrate without cells. Second row shows 

the secondary antibody blanks on PDMS (staining protocol without using 

vinculin primary antibody). Third row shows the secondary blanks on 
glass substrate. 
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1.3: Statistical differencies (p-values) between different groups and time 

points in cell number analysis. p < 0.05 are highlighted in green, p < 0.01 
are highlighted in orange 

p-value 
Cell 

number 

Day 0 
Group C 

Day 6 
Group A 

Day 6 
Group B 

Day 6 
Group C 

Day 10 
Group A 

Day 10 
Group B 

Day 10 
Group C 

Day 0 
Group 

A/B 
0.011 0.001 1.000  0.002 0.002  

Day 0 
Group C 

   0.035   0.381 

Day 6 
Group A 

  0.330 0.281 1.000   

Day 6 
Group B 

   0.011  0.167  

Day 6 
Group C 

      1.000 

Day 10 
Group A 

     1.000 0.776 

Day 10 
Group B 

      0.388 
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1.4: Statistical differences (p-values) between different groups and time 

points in ALP activity analysis. p < 0.05 are highlighted in green, p < 
0.01 are highlighted in orange 

p-value 
ALP 

analysis 

Day 0 
Group C 

Day 6 
Group A 

Day 6 
Group B 

Day 6 
Group C 

Day 10 
Group A 

Day 10 
Group B 

Day 10 
Group C 

Day 0 
Group 

A/B 
1.000 1.000 1.000  0.002 0.002  

Day 0 
Group C 

   0.035   0.381 

Day 6 
Group A 

  1.000 0.006 0.085   

Day 6 
Group B 

   0.948  0.607  

Day 6 
Group C 

      0.381 

Day 10 
Group A 

     0.017 0.194 

Day 10 
Group B 

      1.000 
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1.5: Statistical differences (p-values) between different groups and time 

points of cellular apparent Young’s modulus. p < 0.05 are highlighted in 
green, p < 0.01 are highlighted in orange 

p-value 
Apparent Young’s 

modulus 

Day 0, 
Group C 

Day 6, 
Group A 

Day 6, 
Group B 

Day 6, 
Group C 

Day 10, 
Group A 

Day 10, 
Group B 

Day 10, 
Group C 

Day 0, Group A/B 1.000 1.000 0.010  < 0.001 < 0.001  

Day 0, Group C    1.000   0.060 

Day 6, Group A   1.000 1.000 0.055   

Day 6, Group B    1.000  0.011  

Day 6, Group C       0.024 

Day 10, Group A      1.000 1.000 

Day 10, Group B       1.000 

 


