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ABSTRACT 

The function of the heart valve interstitial cells (VICs) are intimately connected to 

heart valve tissue remodeling and repair as well as initiation of pathological processes. It 

is known that excessive and persisting environmental changes cause the improper 

regulations of VICs, and a clinically significant valve pathology may result. Much of VIC 

function is modulated through changes in stress fiber activation, resulting in part from 

changes in external loading by the surrounding extracellular matrix (ECM) and cytokines. 

Thus, current research challenges aim at characterizing the mechanisms that activate VIC 

contractility, and at modeling the mechanical interactions of contractile VICs with the 

surrounding valve matrix. Especially, many questions remain as how stress fibers develop 

active contractile forces under varying normal and pathological conditions. 

The main objective of this dissertation is to develop a novel computational model 

of a VIC capable of describing its mechanical response under different external stimuli and 

activation states. To this end, solid mixture model framework of a VIC is developed, where 

the VIC cytoplasm is treated as a solid mixture of two phases: isotropic cytoskeleton and 

stress fibers with some orientations. The stress fiber model is then incrementally extended 

to capture more and more complex mechanical responses of VICs. The finite element 

simulations are performed with the aid of experimental data to investigate how the internal 
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mechanics of VICs, such as solid cytoskeletal network, contracting stress fibers, and cell 

nucleus, affect the mechanical responses of VICs within a native tissue. 

The development of the computational model of a VIC as well as its numerical 

implementation are critical to study the heart valve disease in cellular level because of the 

complexity of the mechanisms and difficulty of directly analyzing the subcellular 

mechanics. The computational model in conjunction with experimental data provide 

insight into how the VICs respond within the native valve tissue, and how the heart valve 

disease may initiate. This dissertation is the first step towards developing prevention 

mechanisms and cure for the heart valve disease from cellular and subcellular levels.  
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CHAPTER 1 INTRODUCTION 

1.1 Heart Valves and Valve Interstitial Cells 

Heart valves are specialized cardiac structures that ensure unidirectional blood flow 

[1, 2]. Heart valves undergo approximately 40 million cycles per year, with a total of at 

least 3 billion times over an average lifetime [3]. According to the American Heart 

Association, valvular heart disease resulted in 21,824 deaths directly and was a 

contributing factor in 45,062 deaths in the US in 2008 [4]. Thus, it is essential to understand 

the heart valve pathophysiology and to develop means to mitigate its effects using 

intervention approaches that range from pharmaceutics to surgical interventions. While 

surgical interventions remain the gold standard, new therapeutic approaches that are based 

on an understanding of valve pathophysiology could potentially allow for novel approaches 

aimed at minimizing the onset and progression of valve disease. 

Valvular interstitial cells (VICs) are located throughout heart valve leaflet tissues 

of all four heart valves. Studies of normal and pathological heart valves have demonstrated 

that VICs play critical roles in the maintenance of heart valve tissues and the onset and 

progression of heart valve disease [1, 3]. Heart valve leaflets experience dynamic and 

complex mechanical stress states over the cardiac cycle, including surface shear stress due 

to blood flow, flexure (opening and closing), and high in-plane tension (closed valve). The 

resulting forces are translated to the VICs through the complex micromechanical 

interactions with the extra cellular matrix (ECM) such as collagen stretch with reorientation 

and fiber compaction. VICs thus interact with the ECM in highly stress-dependent manner 
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in a valve tissue [2, 3, 5].  Recently, the stiffness of mitral heart valve VICs (MVICs) within 

leaflet tissues under controlled biaxial loading were estimated using finite element 

simulations [6]. This study found that while the MVIC effective stiffness was quite similar 

within each of the four leaflet layers, MVICs experienced significantly different 

mechanical deformations resulting from differing layer microstructures. The difference in 

mechanical deformations may induce the MVICs to respond in a layer-specific manner 

despite their similar phenotypic state, as evidenced by similar stiffness values. 

Such speculations are built on the knowledge that VICs respond to their 

biomechanical cues by upregulating ECM protein synthesis and the development of a 

highly contractile cytoskeleton via -smooth muscle actin (-SMA) fibers. Activated VICs 

continuously maintain valvular ECM by synthesizing ECM and remodel collagen and other 

ECM components using matrix degrading enzymes [2, 7], all to maintain heart valve tissue 

homeostasis. After completion of remodeling and repair, the activated VICs are thought to 

revert back an inactivated state [3, 8] or are removed by apoptosis [9]. However, excessive 

and persisting environmental changes cause the improper regulations of VICs, and  a 

clinically significant valve pathology may result [2]. The VICs in a diseased state cause 

the continuous force generation and excessive ECM production, resulting in pathological 

fibrosis, scarring, and fibrocontractile disease [3, 10]. Thus, it is important to investigate 

where the contractile activities of the differentiated VICs are generated.  

In recent years, whole-cell VIC mechanical properties have been studied using 

various experimental techniques, such as micropipette aspiration (MA) [11-13], collagen-

gel contraction [14], and atomic force microscopy (AFM) [14]. These studies have 

indicated that the higher expression levels of α-SMA observed are closely correlated with 
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increased stiffness of VICs and collagen biosynthesis. Related studies of fibroblasts and 

myofibroblasts have also shown that the incorporation of α-SMA into stress fibers enhance 

the stiffness and contractility of these cells [15-20]. The properties of VICs have been also 

studied within the 3D hydrogels with varying material properties [21, 22] or under 

mechanical loading conditions [23]. These studies indicate that cell-matrix interactions 

such as cell adhesion, stiffness of the matrix, and mechanical cues due to different loading 

conditions influence the activation states of the VICs. However, these studies only 

measured the total “effective” stiffness of the entire VIC using linear models under static, 

steady-state condition. The time-dependent, viscoelastic properties of the VICs have been 

studied previously by Merryman et al using micropipette aspiration experiment [24]. 

However, in their study, a VIC was treated as a homogenized standard linear solid material, 

and the internal structure of the VIC was not considered. Moreover, due to the nature of 

experimental methodology, VICs were suspended in a fluid, which caused the VICs to 

become inactivated, and thus VICs were far from the native physiological condition. In 

addition, the time scale of experiment was up to ~100 s. Thus, it is necessary to develop a 

computational model of a VIC capable of capturing the effects of different subcellular 

structures with more refined experimental methodology that mimic the native environment 

of VICs. 

To integrate these various and complex behaviors, we need to develop a 

computational model of VICs that is capable of capturing a wide range of activation states 

and the effects of the surrounding microenvironment. Currently, linear elastic models have 

been widely used to interpret the experimental data of the MA and AFM experiments, such 

as Theret’s model for MA [25] and Hertz model for AFM [26, 27]. While these models can 
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capture some of the important trends in the stiffness values of the VICs [11, 14], more 

advanced models are necessary to study the complex physiology of the internal cell 

mechanics. For example, the stiffness values of the VICs measured by AFM are about 10 

to 100 times larger than the ones measured by MA. It is likely that during MA experiments, 

VICs are suspended in a liquid and thus are in an inactivated state. In contrast, the during 

AFM experiments, VICs were seeded on a collagen substrate, and were thus in an activated 

state, generating a strong contractile stresses. Some large-deformation cell models have 

been developed and applied to MA and AFM studies [28-30].  It should be noted that these 

models considered the cell as an isotropic hyper(visco)elastic material, and did not treat 

the stress fibers as a distinct mechanical phase. In VICs, stress fibers exhibit directionality 

[10] and are the main source of stiffness and force development [31]. In related studies, Na 

et al. [32, 33] used a constrained mixture model of the cell with fibers as distinct phases 

were used. However, the work has been limited to a local response of a cell under AFM 

experiment and did not provide insight to a cell mechanical response as a whole.  

Recently, advanced bio-chemo-mechanical models of non-motile mechanocytes, 

such as fibroblasts, chondrocytes, smooth muscle cells, have been developed to understand 

their internal structures. Deshpande et al. [34] developed the general bio-chemo-

mechanical model framework and simulated the development of stress fibers, contractile 

behaviors, formation of adhesion complexes, and mechanical responses to external stimuli 

for various types of cells such as smooth muscle cells, fibroblasts, mesenchymal stem cells 

[35], chondrocytes [36], and osteoblast [37]. In particular, using their bio-chemo-

mechanical model, they analyzed the time-dependent mechanical response of a spread 

human endothelial cell under micropipette aspiration experiment [38]. They observed 
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creep-like increase of an aspiration length under constant pressure over ~300 s, where 

significantly lower steady-state length was observed for untreated contractile cells 

compared to cells in which actin polymerization was chemically inhibited by Cytochalasin 

D (CytoD). They showed that incorporates stress fiber remodeling and contractility must 

be used in order to accurately simulate micropipette aspiration of a contractile endothelial 

cell. Farsad and Verenerey also developed a similar model using mixture theory, with stress 

fibers with strain and strain rate dependent contraction, remodeling of the stress fibers with 

actin monomer transfer within a fluid cytosol, and adhesion complex formation [39]. They 

simulated the contraction of a fibroblast on a flat substrate and reproduced the cell and 

stress fiber morphologies very similar to the one observed in experiments. These studies 

provide some insight on how these mechanocyters respond to external stimuli in long term, 

from 10s to 100 s. However, in order to capture the unique VIC contractile behaviors, it is 

necessary to develop a comprehensive VIC-specific mechanical model compatible with 

available experimental data. This is the first attempt to develop a unified framework to 

model VIC internal mechanics.  

1.2 Cell Mechanics 

Cells are the basic structural, functional, and biological building blocks of tissue. 

They are dynamic, living structures that can actively change their mechanical properties in 

accordance with their biological state or in response to biochemical and biomechanical 

stimuli from surrounding environments. Cells can also interact with their surrounding 

tissues by migrating, contracting, adhering to substrates, and remodeling the surrounding 

extracellular matrix [40]. The major structural components of the animal cell include cell 
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membrane, nucleus, cytoskeleton, cytosolic fluid, and other organelles (Figure 1.1). The 

cell membrane is composed of a thin lipid bilayer and acts as a barrier between the cell 

interior and extracellular environment. Cells can selectively permeate ions and molecules 

across the cell membrane and develop focal adhesions on the cell surface, where the cell 

attaches onto substrates using integrins and other transmembrane proteins. Cells can sense 

the extracellular environment through these focal adhesions and initiate internal signal 

transduction cascades. The cell nucleus occupies the central region of the cell and is 

surrounded by nuclear envelop. The primarily role of a nucleus is to regulate gene 

expression. However, due to its large volume and stiffer nature than the rest of the cell, it 

is hypothesized that mechanical properties of the nucleus influence the cell response to 

external stimuli [41]. The cytoplasm is the region between the nuclear envelop and cell 

membrane and is composed of various structural components such as cytosolic fluid, 

cytoskeleton, and other organelles. Cytoskeleton is a network of filamentous proteins that 

provide a cell with structural rigidity, organize organelles, and acts as pathways for the 

proteins and molecules within the cell. The most notable components of cytoskeleton is the 

actin stress fibers, which can be remodeled and generate contractile stress within the cell. 

Cytosolic fluid fills inside the cell and plays an important role in signal transduction by 

acting as a media for the diffusions of ions and molecules. Understanding how single cells 

respond biomechanically and morphologically to mechanical stimuli is an important first 

step towards elucidating tissue level responses and pathophysiology. 
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Figure 1.1 – Cell structure [40]. 

In order to analyze the mechanical properties of single cells, various experimental 

techniques have been developed such as atomic force microscopy (AFM), cytoindentation, 

magnetic twisting cytometry (TWC), shear flow, cell contraction assay, microplate 

compression, micropipette aspiration (MA), and optical trap [40]. For each experiment, 

different types of mathematical models with appropriate constitutive laws have been 

proposed, depending on experimental conditions, time/length scales, type of cells, rate and 

degree of deformation, etc. Mathematical models of a cell are useful to investigate the 

complex physiology and response of a cell at cellular and subcellular levels and to carry 

out predictive analysis, which would otherwise be difficult or impossible to perform with 

experimental approaches. Mechanical models of a cell can be roughly classified into two 

types: micro/nano structural models and continuum models [42]. Micro/nano structural 

models consider the cell mechanics at molecular level, especially on the complex 

biomolecular network of cytoskeleton. Continuum models consider the mechanics of the 
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whole cell as a homogenized structure. The computational model developed in this study 

was derived from continuum models because they are suitable for quantitatively evaluate 

the mechanical properties and responses of a whole cell under stimulation and/or 

perturbation. In addition, because the contributions from small constituents are 

homogenized, continuous models are more tractable when we model the cell within a 

tissue. 

Among the various experimental techniques to measure the mechanical properties 

of the cell, we are particularly interested in micropipette aspiration (MA), atomic force 

microscopy (AFM), and microindentation (MI) experiments due to the availability of the 

data for these experiments from collaborators. In MA experiments, a cell is suspended in a 

fluid and aspirated partially or fully into a micropipette. The deformation of the cell, 

particularly the aspiration length, is measured over time for different micropipette radii, 

pressures, states of the cell, and the time of application (Figure 1.2). In the AFM 

experiments, the cell is attached on a flat surface and is indented by a nano-scale needle. 

The indentation depth and applied force are measured (Figure 1.3). MI experiments are 

similar to AFM, but the indenter is micro-scale [43]. In the AFM experiment, the local 

response of the cell is measured while in MA and MI, a more global response of the cell is 

measured [44]. In addition, in the AFM and MI experiments, cells are attached on 

substrates, exhibiting strong contractility activities while in the MA experiments, cells are 

suspended in a fluid and little or no contraction is observed. In fact, the stiffness reported 

by AFM experiments are usually 10 to 100 fold larger than the one reported by MA 

experiments [45, 46]. Thus, we hope to obtain a better insight in the effect of contraction 
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of VIC by integrating results from these experiments, where the VICs are under 

significantly different conditions. 

 

 
Figure 1.2 – Micropipette aspiration experiment  [47] 

 

 
Figure 1.3 – Atomic force microscopy experiment [48] 

 

1.3 Objectives 

The main objective of our research is to investigate how the internal mechanics of 

VICs, such as solid cytoskeletal network, contracting stress fibers, and cell nucleus, affect 

the mechanical responses of VICs within a native tissue. To this end, the novel 
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computational model of a VIC was developed. The model constitutes the different 

subcellular mechanical structures. The finite element simulations were implemented to 

analyze the VIC mechanical responses under various activation states and loading 

conditions. For most of our studies, a systematic parameter estimation approach was used 

to estimate the mechanical properties of the VICs under various activation states and 

loading conditions using the experimental data provided by our collaborators in Center for 

Cardiovascular Simulation (CCS) laboratory at the Institute for Computational 

Engineering and Sciences (ICES). The general computational model framework for a VIC 

was first developed and, the model was incrementally improved to analyze more complex 

physiology of the VIC. We hope to make a significant breakthrough in the understanding 

of VIC mechanics within the native valve tissue, where the VICs are under highly dynamic 

and rapid loading/unloading due to valve closure and opening. 

1.4 Outline 

In , the summary of the previous computational studies in cell mechanics is 

presented. A large number of studies in cell mechanics treat a cell as a homogeneous, 

isotropic, linear elastic material undergoing infinitesimally small strains. However, there 

have been some effort to model a cell as a continuum that undergo large deformations using 

hyper(visco)elasticity theory. A new generation of cell models, so-called bio-chemo-

mechanical model, have been recently proposed and used to study the cell mechanics in 

intracellular levels. 

In Chapter 3, the general framework of the mathematical model of the VIC is 

presented. The VIC cytoplasm is treated as a solid mixture of two phases: isotropic 
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cytoskeleton and stress fibers with some orientation. The deformation of the VIC was 

described by a set of nonlinear partial differential equations (PDEs).  The orientation of the 

stress fibers is described by the orientation distribution function (ODF), and the stress 

within stress fibers is calculated by integrating the contribution from every direction. The 

model developed in this chapter is further extended in the following chapters (Chapter 5-

8). 

In Chapter 4, the numerical method to solve the PDEs posed in Chapter 3 is 

described in detail. Given the geometric and material complexity of the VIC mechanical 

structures that are subjected to large deformation, finite element method (FEM) was used 

to discretize the system in space. To this end, the weak formulation of the PDEs was 

derived first. Because of nonlinearity of the variational problem derived, we used the 

Newton-Raphson method to solve the problem iteratively. For the computer 

implementation of the finite element method, FEBio open source library/software package 

was used through its extension plugin. Specifically, solid mixture model with various stress 

fiber models were implemented. 

In the following chapters (Chapter 5, Chapter 6, Chapter 7, and Chapter 8), the 

mathematical model of the VIC developed in Chapter 3 is extended incrementally in order 

to capture the mechanical responses of the VIC under different activation states and loading 

conditions. The FEM simulations in conjunction with the corresponding experimental data 

was used to study the internal biomechanics of the VIC.  In Chapter 5, the mechanical 

properties of the nucleus, basal cytoskeleton, and stress fibers of the VICs in different 

valves were studied using MA and AFM data. In Chapter 6, the MI experimental data, 

expression levels of stress fiber proteins, and orientation distributions of stress fibers were 
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used to study how different components of the stress fibers influence force generation 

within the VIC. In Chapter 7, strain-rate sensitivity of the stress fibers was studied using 

MI experiment with slow and fast loading speeds.  Finally, in Chapter 8, we extended the 

computational model of the VIC to simulate the VICs in native valve tissue under stretch 

and studied the contraction strength of the VIC as well as its connectivity to the surrounding 

ECM within the native tissue. 

1.5 Contributions 

The contributions of this dissertation to each of three Computational Science, 

Engineering, and Mathematics (CSEM) concentration areas are summarized. Area A 

constitutes Applicable mathematics, Area B constitutes Numerical analysis and scientific 

computation, and Area C constitutes Mathematical modeling and applications. 

1.5.1 AREA A 

 Development of a novel VIC solid mixture mathematical model, which 

incorporates passive elastic, active contractile and viscous resistance responses of 

stress fibers 

 Derivation of weak formulation of the mathematical model of the VIC 

 Derivation of linearized forms of the stress fiber contributions 
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1.5.2 AREA B 

 Development of the finite element formulation of the solid mixture model for the 

simulation of  several key physiological-simulating activation states and loading 

conditions  

 Development of methods for the numerical integration of the stress fiber 

contributions to stress and elasticity tensor 

 Implementation of the viscous fiber mathematical model using backward Euler 

time integration scheme 

 Implementation of the step-by-step parameter estimation algorithm 

1.5.3 AREA C 

 Simulation of key experimental data on VIC mechanical behaviors to determine the 

stress fiber intrinsic contractility in aortic and pulmonary VICs 

 Simulation of a “quasi-static” microindentation response to determine the effect of 

expression levels of F-actin and α-SMA to the contractility of stress fibers within 

VICs 

 Simulation of “dynamic” microindentation responses to determine the effect of 

expression levels of α-SMA to the strain-rate sensitivity of the stress fibers within 

VICs 

 Development of an ECM-VIC downscale model to analyze the contractility of the 

VICs within a native tissue as well as their connectivity to the surrounding matrix. 
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CHAPTER 2 CURRENT STATE OF THE ART OF CELL 

MODELING 

2.1 Continuum models of cells 

Various continuum models of cells have been proposed and used for different cell 

types and experiments. The simplest types of the continuum models consider the cell as a 

homogeneous, isotropic, linear elastic, half-space undergoing infinitesimally small strains. 

Theret model for micropipette aspiration (MA) [49, 50] and Hertz model for atomic force 

microscopy (AFM) [48, 51, 52] are the two widely used infinitesimal models. Using Theret 

model, one can derive cell stiffness values from the cell aspiration length vs. applied 

pressure relations. Using Hertz model, one can derive the cell stiffness values from the 

indentation depth vs. force relations. Although extensions of these models exist for 

different assumptions, most of them use infinitesimal strain theory, which may not be the 

most accurate assumptions, as cells undergo large deformation during MA and AFM. In 

addition, cells have different mechanical constituents such as cell membrane, cytoskeleton, 

cytosolic fluid, nucleus, and other organelles, which cannot be captured by these types of 

models. 

For a past decade, a number of large-deformation continuum models of a cell have 

been proposed to amend the limitations of the infinitesimal models. Costa and Yin are the 

first ones to study the geometrical and material nonlinearities in the simulations of a cell 

under AFM experiments [53]. Zhou et al. used a power-law rheology model to capture the 

time-dependent response of a cell under MA experiments [54]. Caille et al. modeled a cell 

with its nucleus as a distinct component and simulated the cell’s response under microplate 
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compression experiment in order to analyze the mechanical property of the nucleus [55]. 

These are the examples of solid elastic and viscoelastic models, which were successful at 

capturing some of the mechanical response of cells. However, it is observed that a cell has 

distinct mechanical constituents, especially cytosolic fluid and solid cytoskeletal network. 

These observations gave rise to the continuum mixture models of a cell, which enable us 

to account for the different nonlinear properties, deformations, and rates of turnover of 

individual components of a cell. A simple fluid-solid mixture models (so-called poroelastic 

or poroviscoelastic models) have been used to study the mechanical properties of the cells 

under MA experiments [47, 56, 57]. Na et al. developed a constrained mixture model and 

used it to estimate the remodeling of F-actin fibers under AFM experiments [58, 59].  

2.2 Bio-chemo-mechanical models 

Recently, advanced computational models of non-motile mechanocytes, such as 

fibroblasts, chondrocytes, and smooth muscle cells, have been developed. These models 

are called bio-chemo-mechanical models, and they incorporate the internal biology, 

chemistry, and mechanics of single mechanocytes. Deshpande et al. are the first ones to 

develop these types of models [34]. Verenery and Farsad then followed the approach and 

expanded it to describe more complex intracellular phenomena [39]. Their bio-chemo-

mechanical models as well as numerical techniques used are presented here. 

2.2.1 DESHPANDE’S BIO-CHEMO-MECHANICAL MODEL 

Deshpande et al developed the model of a mechanocyte that incorporated 

contractile stress fibers, their remodeling, and formation of adhesion complexes [34]. The 
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model was used to simulate the development of stress fibers and contractile behaviors of 

various types of cells, such as smooth muscle cells, fibroblasts, mesenchymal stem cells 

[35], chondrocytes [36], and osteoblast [37]. The general framework of their model is 

shown in Figure 2.1. They considered the cell as a solid mixture of passive and active 

elements, which were assumed to act in parallel. Thus, their displacement are equal and 

total stress within the cell is the sum of the stress from these elements (Figure 2.1 (e)). The 

passive elements consist mainly of the intermediate filaments of the cytoskeleton that are 

attached to the nuclear and plasma membranes [34]. The active elements consist of the 

stress fibers that generate stress in each direction by actomyosin motor activity. They 

assumed that the stress fiber polymerization and depolymerization depend on: 

1. An activation signal that triggers the formation of stress fibers 

2. A fiber association rate, which depends on the activation signal, coupled 

with the dissociation rate, which depends on the tension. 

3. A contraction rate (contractility) for the stress fiber that depends on the 

tension through the cross-bridge dynamics 
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Figure 2.1 – General framework of Deshpande’s bio-chemo-mechanical model [36].  

Next, they define the activation level η (0≤η≤1) of the stress fibers, where η=1 

indicates maximum activation and η=0 indicates no activation. Based on the assumptions 

above, they developed the first order kinetic equation to model the activation level: 

 
 

       
  

f bf

0

TCk k
(1 ) 1

T
  (2.1) 

where Tf represents the tension of the stress fiber, T0=Tmaxη represents the  isometric 

tension at activation level η, fk   and bk represents the association and dissociation rates, 
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and C represents the activation signal, which is assumed to decays exponentially over time 

(Figure 2.1 (a)). Thus, the model of the stress fiber (2.1) indicates that the stronger the 

stress fiber tension, the more that stress fiber polymerizes in that direction (Figure 2.1 (c)). 

They then defined the stress fiber contraction model based on Hill’s muscle 

contraction model [60].  
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1 0

T k

1 0

  (2.2) 

where the   is the fiber contraction/extension strain rate, and  vk  is the Hill-type constant, 

representing the fractional reduction in fiber stress upon decreasing the stretch rate by 0 . 

The model assumed that the each stress fiber generate constant active stress while 

stretched, but the active stress linearly decrease when the stress fiber is compressed, up to 

the value  v/ k  (Figure 2.1 (b)). The total active stress was calculated by spherically or 

cylindrically integrating the contribution from every direction, depending on 2D or 3D 

simulations, i.e. 

   active 0 f

A

T T dA   (2.3) 

and the total Cauchy stress is the sum of the passive and active components: 

     passive active   (2.4). 
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Note that the passive Cauchy stress was modeled using isotropic neo-Hookean material 

model. 

Their bio-chemo-mechanical model was implemented in finite element method on 

ABAQUS (ABAQUS Inc., Providence, RI) via a user-defined material subroutine 

(UMAT). The stress fiber remodeling and contractility was solved in 240 evenly spaced 

directions in 3D to estimate the total contributions of these elements at each integration 

point in the finite element mesh (Figure 2.1 (d)). 

Using their developed model framework, they simulated the contractility and 

remodeling of the stress fibers of different types of cells under various mechanical 

conditions. For example, they extended the model to capture the formation of adhesion 

complexes, which affect the stress fiber formation, contractility, and dissociation [61] 

(Figure 2.2). Then they studied the effect of substrate stiffness to the adhesion complex 

formation and stress fiber formation within smooth muscle cells, fibroblasts, and 

chondrocytes. Using the model, they could compute the local activation level and preferred 

orientation of the stress fibers within the cell. 
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Figure 2.2 – Local activation level η and preferred orientation of the stress fibers within 

the cell adhered on a flat substrate [61]. 

2.2.2 VERNEREY AND FARSAD’S CONSTRAINED MIXTURE MODEL 

Farsad and Vernerey developed a similar bio-chemo-mechanical model to simulate 

the contractile behavior of fibroblasts [39]. They considered a cell as a constrained mixture 

of four phases: 1) porous and passive cytoskeleton, 2) fluid cytosol 3) dissolved globular 

actin (G-actin) monomers (superscript m), and 4) network of contractile stress fibers 

referred by the superscript (Figure 2.3). The cytoskeleton, cytosol, G-actin, and stress fiber 

phases were represented by superscripts s, f, m, and p, respectively. The volume fraction 

of these phases are represented by: 

 


 
V

( ,t)
V

x   (2.5) 
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where Vα represents the unit volume of α phase contained in a unit volume V of mixture at 

a material point x in the current configuration. Obviously, the volume fractions satisfy the 

following condition: 

        s f m p 1  (2.6). 

 
Figure 2.3 - Verenerey and Farsad’s constrained mixture model framework. A contractile 

cell is considered as a constrained mixture of cytoskeletal network, G-actin monomers, F-

actin polymers, and cytosol [39]. 

In order to represent the orientation density of the stress fibers, they used the 

structure tensor: 
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  (2.7) 

where 
p

 represents the orientation density of the stress fiber in the direction θ. 

Using the structure tensor and volume fractions, the mass balance of each phase 

was modeled: 
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  (2.8), 

for solid cytoskeleton, fluid cytosol, G-actin monomer, and stress fiber phase, respectively. 

In (2.8), v represents the velocity of the cytoskeleton phase, Jα represents the relative flux 

of α phase with respect to cytoskeleton phase, Γp represents the production of stress fibers, 

and Γm represents the production of the actin monomers. Here, they used the material time 

derivative with respect to solid phase, i.e. 

 



  


D A A
A

Dt t
v   (2.9), 

where ∂/∂t is the spatial time derivative and implicitly assumed that D/Dt=Dα/Dt. Note that 

in (2.8), the relative flux of α phase is: Jα=φα(v-vα), and the tensor Γp can be interpreted as 

the anisotropic rate of mass creation of stress fiber per unit volume. 

The fluid flux through the solid cytoskeleton is modeled by Darcy’s Law: 

   


fJ p
K

  (2.10), 

where K is a permeability tensor of the solid cytoskeleton, μ is the dynamic viscosity of 

the fluid cytosol, and p is the hydrostatic pressure. 

The G-actin monomer flux is assumed to arise from two mechanisms: (a) 

convection with the cytosol and (b) diffusion: 
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m m
m f

f f
J p D   (2.11) 

where κ represents permeability of the solid cytoskeleton to G-actin monomers, and D 

represents the diffusion coefficient. Thus, the first term in the right hand side of (2.11) 

represents the convection and the second term represents the diffusion of the G-actin 

monomers. 

They assumed the rate of stress fiber polymerization was influenced by the 

following biochemical and biomechanical processes: (a) the chemical reaction between G-

actin and F-actin described by a first-order kinetic equation and (b) magnitude of 

contractile stress in that particular direction. Using the structure tensor with those 

assumptions, they developed the first order kinetic equation to model the association and 

dissociation of the stress fibers: 

 
 

     
 

p m
f f p d p p

0 1 0f

D 1
k k k

Dt 2

Φ
I T Φ Φ v   (2.12) 

where I is the identity tensor, 
f

0k represents the stress fiber formation in absence of 

contractile stress, 
f

1k  represents the increase in polymerization rate with contraction Tp, and 

d

0k  represents the dissociation rate, and v represents the velocity of the stress fiber phase. 

Note that on the right hand side, the first term represents the force-dependent stress fiber 

formation, the second term represents the dissociation, and the third term represents the 

volume change of the stress fiber phase. Similar to Deshpande’s model [34], Farsad and 

Vernerey’s model assumes that the stronger the stress fiber tension, the more the stress 

fiber develops in that direction. 
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Figure 2.4 – Decomposition of the Cauchy stress into stress fiber, solid cytoskeleton, and 

fluid cytosol contributions. The Cauchy stress in the G-actin monomer phase was assumed 

zero. 

They ignored the inertial force due to slow movement of a contractile (non-motile) 

cell that they consider. Thus, the conservation of linear momentum yields: 

   T b 0   (2.13) 

where b is the body force acting on the cell. Then they modeled the Cauchy stress within 

the cell as a sum of contributions from different components: 

    s f m pT T T T T   (2.14) 

where T is the total Cauchy stress and Tα is the Cauchy stress in α phase (Figure 2.4). They 

ignored the Cauchy stress in the G-actin monomer phase (Tm) due to the low concentration 

of the monomers in cytosol. The Cauchy stress in the fluid cytosol arises from the 

pressurization: 

  f fpT I   (2.15). 

The cytoskeleton phase was assumed as a hypoelastic isotropic material with 

Jaumann rate of the Cauchy stress is: 
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  (2.16) 

with stiffness matrix represented in terms of Lame constants λ and μ: 

       J

ijkl ik jl ij klC 2   (2.17). 

In the stress fiber phase, the stress in each direction was assumed to arise from two 

contributions: length-tension relationship and velocity-tension relationship: 

 
   pT Tf( )g( )   (2.18) 

where 

pT is a uniaxial contractile stress in the direction θ, T  is the isometric contraction 

associated with a single SF in its original length (  =0) and a vanishing strain rate (  =0). 

The functions f and g in (2.18) represents the length-tension relationship and velocity-

tension relationship, respectively, which depends on the strain (  ) and strain rate (  ) in 

direction θ. 

At constant strain rate (  =0), the actomyosin contraction was assumed to reach 

maximum at the undeformed state (  =0) and decays exponentially as the length of 

sarcomere deviates from its original length, which was observed by Edman [62]. In 

addition, there exists a passive elastic stress within each stress fiber. Then the length-

tension relationship was modeled as: 
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where 0 represents how quickly contraction decays as strain deviates from zero and 1
 

characterizes the passive strain hardening of the stress fibers. 

The rate at which the stress fiber shortens is known to affect the stress fiber 

contractility. Thus, the velocity-tension relation of the stress fiber was modeled as a Hill-

type equation [60]: 
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  (2.20) 

where 0  characterizes how quickly stress increases/decreases as strain rate deviates from 

zero. 

The Cauchy stress in the stress fiber phase (Tp) was derived from average the stress 

in each direction defined in (2.18): 
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where 
p  is the volume fraction of the stress fiber in direction θ. Note that the strain and 

strain rate of the stress fibers in direction θ  were calculated as: 
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  (2.22) 

where E  and E  are the Green-Lagrange deformation tensor and its material time 

derivative, respectively. 

Using the model that they developed, they simulated the evolution of two-

dimensional contractile cell adhered on an elastic substrate. The model developed was 

numerically implemented using the extended FEM (XFEM) and the level set method, with 
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detailed implementation described in [63]. The cell and substrate were discretized on a 

single, regular finite element mesh, and the cell geometry was defined in terms of a level 

set function, which is independent of discretization. The discontinuities that occur at the 

cell membrane were naturally enforced using the enriched shape functions used in the 

XFEM formulation. The developed cell model captured the stress fiber orientation and 

density observed in experiments for different cell morphology well (Figure 2.5). The stress 

fibers formed in directions that were restricted in terms of elongation.  

 
Figure 2.5 – The computed stress fiber orientation and density for three different shapes 

and comparison to experimental observations of fibril distribution in cardiomyocytes. 
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CHAPTER 3 SOLID MIXTURE MODEL 

The mathematical model proposed in this dissertation is capable of predicting the 

behavior of a VIC in a typical micropipette aspiration (MA), atomic force microscopy 

(AFM), and microindentation (MI) experiments (Figure 3.1). It is further extended into a 

down-scale modeling framework in Chapter 8. Our model is based on the solid mixture 

framework involving two phases: 1) large-deformation hyperelastic model of the 

cytoplasm; 2) a constitutive model for the description of the stress fibers. The stress fibers 

were assumed to generate internal stress along their directions from different mechanisms 

such as passive elastic response, active contractile response, and viscous response. A 

nucleus was included as a separate mechanical component of a VIC in AFM and MI 

simulations, as the underlying nucleus was hypothesized to influence the outcome of the 

AFM and MI experiments. 

3.1 Mixture model formulation 

A cell is a highly complex and dynamic material consisting of varieties of 

organelles and other interacting constituents, which may be solid (F-actin, intermediate 

filaments, and microtubules) or fluid (cytosol). Assuming that the length-scale of these 

constituents is significantly smaller than the cell size, and that fluid component is negligible 

for the length- and time-scales of our study, a cell can be considered as a solid mixture. 

Thus, the cell can be described within the framework of mixture theory. Here, a solid 

mixture model formulation for a general deformable cell is derived. 
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Figure 3.1 – General VIC mechanical model framework. The nucleus is considered as an 

incompressible neo-Hookean material while the cytoplasm is considered as a solid mixture 

of the isotropic basal cytoskeleton and the actively contracting, oriented stress fibers. The 

stress fibers can generate internal stress from various mechanisms. 

3.1.1 KINEMATICS OF CELL DEFORMATION 

Let the open bounded domain 
  d

0 , d=3, with boundary 
0  be the undeformed 

reference configuration for the α-constituent, and let 𝐗𝛼 indicate the position of an α 

particle in 
0 . The position of the particle in the current configuration 

t  at time t 0  is 

given by 

 
       ( , t) ( , t) ( , t)x X X X u X   (3.1), 



30 

 

 

 

 

 

where       0 t, t :  is an orientation-preserving, continuously differentiable one-to-

one mapping for all times t 0 , and    u x X  denotes the displacement of the particle. 

The deformation gradient  F  and its determinant J  are defined as, 
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  (3.2). 

The right Cauchy-Green deformation tensor C  and the Green-Lagrangian strain tensor E  

are defined as, 
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  (3.3). 

The velocity of the α-constituent particle as the material time derivative of the current 

particle position with respect to 0  is given by 
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while its spatial velocity can be described as, 
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u
v x x x x   (3.5). 

3.1.2 MIXTURE VOLUME FRACTIONS 

The volume fraction 
  represents the ratio of α-constituent volume to total 

mixture volume. We then have, 

 




  1   (3.6) 
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The α-constituent density 
  is defined as the ratio of α-constituent mass to the total 

mixture volume and is related to the true density 
  (which is the ratio of α-constituent 

mass to current α-constituent volume) as follows, 

 
       ( , t) ( , t)x x   (3.7). 

Assuming the conservation of mass and incompressibility of each α-constituent, the 

following equation is derived, 

 


 




   0

0
J

  (3.8). 

3.1.3 MIXTURE BALANCE LAWS 

In this study, the cytoskeleton and stress fiber phases are assumed to occupy the 

same volume for  0t . For simplicity, the domains 
f

t  and s

t  are henceforth referred to 

as t . Then, the mass balance equation for the incompressible α-constituent is: 

 


 
      


t( 0)    in (0,T)

t
v   (3.9). 

Using (3.8) and (3.9), the continuity equation for the solid mixture material with two 

incompressible constituents reduces to, 

  



 
 

 
     t0   in (0,T)v   (3.10). 

In the absence of body and inertial forces, the conservation of momentum equation for each 

phase is, 

     T π 0   (3.11). 
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where T  and π  are the Cauchy stress tensor and the momentum exchange vector for the 

α-constituent, respectively. The momentum exchanges between different phases satisfy the 

following condition due to the balance of momentum: 

 




π 0   (3.12). 

 of the whole mixture:  s fπ π 0 . 

3.1.4 SOLID MIXTURE FORMULATION OF VIC CYTOPLASM 

The VIC cytoplasm is considered as a solid mixture of two phases: 1) the 

underlying (basal) cytoskeleton, and 2) stress fibers. The cytoskeleton phase and stress 

fiber phase are expressed by superscript cyto and sf, respectively. Note that the 

“cytoskeleton” phase actually includes every mechanical structures of the VIC except 

stress fibers and nucleus, such as cell membrane and other organelles. The mixture is 

assumed incompressible, inert (no production/destruction of phases), and has no body 

force. Also, the inertial contribution is currently neglected due to slow time scales of cell 

motion. Moreover, the fluid movement was not considered in this study as the fluid 

movement was assumed to cause negligible effect in the overall mechanical responses of 

VICs under experimental setup used. Using (3.10), the continuity equation of the cytoplasm 

is derived, 

        cyto cyto sf sf

t0   in (0,T)v v   (3.13). 

The conservation of momentum equations of the cytoskeleton and stress fiber phases are 

derived from (3.11), 
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T π 0

T π 0
  (3.14), 

The cytoskeleton and fiber phases are assumed tightly bound together and do not 

mechanically interact with each other. Thus, their displacements are equal, and their stress 

are additive, i.e. 

 
 

 

cyto sf

cyto sf

u u u

T T T
  (3.15). 

Note that because the displacements of cytoskeleton phase and stress fiber phase 

correspond, we can drop sf and cyto superscript from (3.1)-(3.5). Also, using the first 

equation in (3.15), (3.13) can be further simplified, 

     t0   in (0,T)v   (3.16). 

3.2 Constitutive model of underlying cytoskeleton 

The incompressible and nearly incompressible hyperelastic material formulations 

is first described, and the material model for the underlying cytoskeleton phase is defined 

in this section. 

3.2.1 INCOMPRESSIBLE HYPERELASTIC MATERIAL FORMULATION 

If a material is hyperelastic and incompressible, then the constitutive equation of 

the second Piola-Kirchhof stress can be derived [64] as 
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where  is the deviatoric strain energy density function and p is the hydrostatic pressure. 

The   is defined as, 
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C C
  (3.18). 

where C  is the deviatoric part of the right Cauchy-Green deformation tensor. Note that J=1 

in (3.18) for incompressible case, but keeping J in (3.18) has an advantage for nearly 

incompressible case. 

3.2.2 NEARLY INCOMPRESSIBLE HYPERELASTIC MATERIAL FORMULATION 

The nearly incompressible hyperelastic material constitutive equation can be 

formulated by adding a volumetric energy component U(J) in (3.18): 

    ( ) ( ) U(J)C C   (3.19). 

Then, the second Piloa-Kirchhoff stress can be derived by a standard manner, 
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  (3.20). 

Here, the hydrostatic pressure p is defined as   p U / J . Various definition of U have 

been proposed. For example, Bonnet and Wood proposed [64] 

   21
U(J) K(J 1)

2
  (3.21), 
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where K is a penalty parameter to enforce incompressibility, but also can be considered as 

a bulk modulus. In this study, the following formulation was used [65] 

  21
U(J) K(lnJ)

2
  (3.22). 

Using the definition of volumetric energy component (3.22), the pressure can be derived, 

 
lnJ

p K
J

  (3.23). 

Furthermore, the second Piola-Kirchhof stress of a nearly incompressible hyperelastic 

material in (3.20) can be derived, 

   1 2/3pJ J Dev( )S C S   (3.24) 

where fictitious second Piola-Kirchoff stress tensor S  [66] in (3.24) is defined by, 

 





2S
C

  (3.25), 

and Dev( )  in (3.24) is the deviator operator in reference configuration and is defined by, 

        11
Dev( ) ( ) ( ) :

3
C C   (3.26). 

The corresponding Cauchy stress can be determined by a push-forward operation: 

 


 

T1

J

p dev( )

T FSF

I T

  (3.27), 

where fictitious Cauchy stress tensor T  [66] in (3.27) is defined by, 
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  (3.28) 
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and dev( )  in (3.28) is the deviator operator in current configuration and defined by, 

      
1

dev( ) ( ) ( ) :
3

I I   (3.29). 

3.2.3 CYTOSKELETON PHASE AS A NEARLY-INCOMPRESSIBLE NEO-HOOKEAN 

MATERIAL 

The cytoskeleton phase is assumed as an isotropic hyperelastic material and molded 

using a nearly-incompressible neo-Hookean material, where the strain energy density 

function is defined as 

     cyto 2

1

cyto 1
I 3 K(lnJ)

2 2

μ
  (3.30). 

Here, μcyto and K are the shear and bulk moduli of the cytoskeleton, respectively, and 

  2/

1

3JI tr C  is the first invariant of the deviatoric part of the right Cauchy-Green tensor. 

Using the derivation developed in Section 3.2.3 and (3.28), the Cauchy stress tensor of the 

cytoskeleton phase is derived, 

 
     

      
    

cyto cyto
cyto

1

2 1
p I

J 2 3 2
T I b I   (3.31), 

where the deviatoric part of the left Cauchy-Green deformation tensor is  2/3Jb b . In order 

to enforce the incompressibility constraint, we typically set K/μcyto=10,000, at which the 

change in volume ratio is numerically confirmed to be less than 1%. 
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3.3 Constitutive model of stress in stress fiber phase 

The stress fiber phase can generate internal stress from various mechanisms 

including passive elastic response, active contractile response, and viscous response. Here, 

the continuum representation of distributed fiber orientations is derived. The stress fiber 

model will be extended for different studies in the subsequent chapters. 

The direction of each fiber in its initial state is represented by a unit vector m0. The 

vector m0 can be characterized using two angles  [0, ]  and  [0,2 ]  

           0 1 2 3, sin cos sin sin cosm e e e   (3.32), 

where e1, e2, and e3 represent       0 0( , ) sin d dm sent the unit normal basis vector for 

the 3D Cartesian coordinates. Next, the existence of an orientation density function 0 0( )m  

is assumed. The orientation density function (ODF) describes the distribution of the fibers 

in reference configuration 0 . The ODF is defined so that  represents the normalized 

number of fibers (no. of fibers/total no. of fibers) within the range        [( , d ),( , d )]  

and 0 0( )m  satisfies the symmetry and normalization requirements 

 
 

 

   

         

0 0 0 0

0 0

2

0 0

, sin d

( ) ( )

d 1

m m

m
  (3.33). 

The stress within stress fiber can be calculated by integrating the contributions from 

every direction, 

  
  

        
 

  0 0

2

sf s T

0

f

0 0

1
( ) T ( ) , sin d d

J
mT x x mF F   (3.34), 
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where 
0

sfT ( )m x  represents the 1D Cauchy stress within the stress fibers that orient along 

initial direction m0 at current position x. Note that the second Piola-Kirchhof stress is first 

derived in the reference configuration (inside brackets in (3.34)), and push forwarded into 

the current configuration to compute the Cauchy stress in (3.34). The detailed constitutive 

equation of 
0

sfT ( )m x  depends on different models of VICs, and will be described in the 

subsequent chapters. 

3.4 Boundary conditions 

The traction T and prescribed displacement u are prescribed as boundary 

conditions. We decomposed the boundary t  of t  into D
 and N

. Thus, we get, 

         t D N D N,   (3.35). 

The following Neumann boundary condition is prescribed on N
: 

   N onT n t  (3.36), 

where t  is a  prescribed traction on  N
. Also, the following Dirichlet boundary conditions 

is prescribed on D
: 

  Don  u u   (3.37), 

where u  is a prescribed displacement on N
. 

3.5 Contact Boundary Conditions 

The contact boundary condition between a VIC and a rigid body is discussed in this 

section. The contact boundary was used to model the contact between a VIC and rigid 
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body, such as glass micropipette in MA experiment or indenter for AFM and MI 

experiments. The contact model derived here is a special case of the contact theory of two 

poroelastic deformable bodies developed by Ateshian, et al. [67]. Here, the deformable 

body is represented by superscript (1), and the rigid body is represented by superscript (2). 

3.5.1 GAP FUNCTION 

In order to define contact, the points where the two bodies are in contact with each 

other have to be identified. The contact boundaries (1)  and (2)  of bodies of bodies (1)  

and (2)  are defined, respectively (Figure 3.2). Then, for any point    


2 2

cx , one can 

define the closest point (1) (1)x  according to the closest points projection, 

 
        

   


  

1 2 2 1

11
c

argmin
x

x Pr x x x   (3.38) 

Here, Pr is a bijection from  


2

c
 to  

c

1 . It means that there is one and only one closest 

point for any  2
x  on  


2

c
. Now, the gap function g is defined such that, 

       
  

2 1 1
g x x n   (3.39) 

where  1n  is the unit outward normal vector to the primary surface  
c

1  at  1x  Because 

the projection of  2
x  onto  

c

1  is normal to  
c

1 , 

      
 

2 1 1
gx x n   (3.40) 

Note that g is positive when two surfaces  
c

1  and  


2

c
 are separated, and is negative when 

they penetrate each other. 
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Figure 3.2 – Contact between two deformable bodies. 

3.5.2 CONTACT TRACTION WITH A RIGID BODY 

No friction between the VIC and the rigid body is assumed in this study. Thus, the 

normal component of the contact traction 
nt  is considered, 

      


1 1

ntt X n    (3.41) 

where 
nt  is negative in compression. The contact constraints are stated in terms of the 

Kuhn-Tucker optimality conditions [68], 

 

 


  
 

n

(1)

c0

n

t 0

g 0

t g 0

X   (3.42) 

The first inequality condition of (3.42) enforces that all contact interactions must be 

compressible. The second inequality of (3.42) states the impenetrability condition. The 

third equation of (3.42) requires that the contact stress can only be generated when g=0. 

When g>0, this condition requires that nt 0 . Here, in order to enforce the constraints 

(3.42), we use the penalty method on 
nt , 
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n

n

g g 0
t

0 g 0
  (3.43) 

where n 0  is the penalty parameter for the traction. 

Other types of constraint enforcement methods can be used, such as the Lagrange 

multiplier method or the augmented Lagrange multiplier method [67, 68]. 
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CHAPTER 4 NUMERICAL METHODS 

The system of partial differential equations derived in Chapter 3 was discretized in 

space by the finite element method. In order to do so, a weak formulation of the initial 

boundary-value problem is derived, and the Newton-Raphson scheme is used to solve for 

the solution of the nonlinear system. Note that throughout most of our study, quasi-static 

model is assumed, and time-dependency is introduced through the boundary conditions: 

(3.36) and (3.37).  Thus, the displacement field (as well as other model parameters) are 

updated at each time step in response to the changes in boundary conditions. 

4.1 Weak Formulation 

Finite element formulation is used to solve the system of partial differential 

equations (3.36) and prescribed boundary conditions (3.36)-(3.37). For the sake of clarity 

in the notation, the subscript t is dropped from t . The boundary value problem derived 

in Chapter 3 is presented here: 

  

   

  

 

N

D

in 

on 

on 

T 0

T n t

u u

  (4.1). 

Note that the time-dependency is introduced through the prescribed traction ( t ) and 

displacement ( u ) boundary conditions in (4.1). 

In order to derive the weak formulation of above problem in the reference 

configuration 0  these forms below are introduced: 
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0

N

0

B( ; ) : dV

F( ; ) dS

u w S E

u w t w
  (4.2). 

We denote by X, the spaces of admissible solutions for the displacement u, and by X̅, the 

corresponding space of test functions (independent of time). The weak formulation of 

problem (4.1) with boundary conditions (3.36)-(3.37)  then reads: 

 

Find Xu such that  

      B ;  F ; ( ) Xu w u w w   (4.3) 

4.2 Newton-Raphson Method 

The variational problem presented in (4.3) is highly nonlinear, thus Newton-

Raphson iteration is employed to seek the solution. First, we define the residual functional 

R associated (4.3) as, 

        R ; B ; F ;u v u v u v v   (4.4). 

In order to solve the nonlinear equation: R 0  for u X , we utilized Newton-Raphson 

iteration procedure. One starts from an initial guess 0u , and in each iteration, a linearized 

problem is solved for the variation u  and updated the solution state, such that, 

 



 

  

k k

k 1 k

D [R( ; )] R( ; )u u v u v

u u u
  (4.5), 

where 
D [ ]u  represents the linear Gâteaux operator with respect to the incremental 

displacement field u , and 
ku  denotes the solution state at k-th iteration. The iteration 
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process is continued until convergence is reached. In this study, the tolerance criteria is 

determined as below: 

 



 

k 1

u

u
  (4.6), 

where ε=0.001 is typically used. 

4.3 Linearization of weak form 

The Gâteaux derivative  kD [R( ; )]u u v  around 
ku  in (4.5) can be expressed as: 

  



    
0

kD [R( ; )] D [: : C :D dV]u u uu v ES E E   (4.7), 

where 
 D [ ]u E  is the Gâteaux derivative of E  around 

ku  in the direction of u , 
D [ ]u E  is 

the directional derivative of E  around 
ku  in the direction of u , S is the second Piola-

Kirchhof stress, and C is the material elasticity tensor. Here, if the traction is assumed not 

to depend on the displacement, then, the Gâteaux derivative of F in (4.2) is zero. The 

material elasticity tensor C can be derived: 

 





C 2
S

C
  (4.8). 

Also, the spatial elasticity tensor ( c ) can be derived using push-forward operation [64], 

 








 

   

c C

C
3

iI jJ kK lL
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1

IJKL i j l
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1

J [ ]

J e e eFF F eF
  (4.9), 
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where  * [ ]   is a push-forward operator, ei’s are the Cartesian basis vectors, and   is the 

tensor product (defined in (4.11)). 

4.3.1 ELASTICITY TENSOR OF THE CYTOSKELETON PHASE 

The spatial elasticity tensor of the cytoskeleton phase can be derived [65], 
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1

3
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I I I I

  (4.10). 

Note that binary tensor product operators in (4.10) produce forth order tensors from two 

second order tensors A and B such that, 

 

 

  T T T

( ): ( : )

1
( ): ( )

2

A B X B X A

A B X A X B A X B
  (4.11) 

are true for any second order tensor X. 

4.3.2 ELASTICITY TENSOR OF THE STRESS FIBER PHASE 

The second Piola-Kirchhof stress within stress fibers is simply the term inside the 

brackets in (3.34): 

  


          0

sf

0

2

sf

0 0

0T ( ) , sin d dmS mx   (4.12) 

The material elasticity tensor ( sfC ) of the stress fiber phase can be derived as follows 
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  (4.13). 

The derivation of 

 
  0

sf

4I
Tm

 in (4.13) depends on the actual material model of the stress 

fibers, and described in the subsequent chapters as the stress fiber material models are 

introduced. In the actual finite element implementation in FEBio, the material elasticity 

tensor (4.13) was push-forwarded to the spatial description using the operation in (4.9). 

4.4 Discretization 

Under the finite element formulation, the discretized solution 
hu  to the variational 

problem (4.3) is determined, with discretize test functions 
hw . To this end, the domain   

is divided into finite elements and shape functions are introduced to each element. The 

discretized trial and test functions are expressed as the sum of the products of shape 

function and corresponding degree of freedom. 

For the linearized forms described in Sec. 4.2, the following global system of 

equations is derived, 

  kK u L  (4.14), 

where the superscript k denotes the iteration number of Newton-Raphson method. 
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4.4.1 INTEGRATION OF STRESS FIBER COMPONENTS 

In order to calculate the second Piola-Kirchhof stress in (4.12) and material 

elasticity tensor in (4.13) of the stress fiber phase, the spherical integration at each 

integration point needs to be calculated. To this end, the numerical integration is used to 

compute the integration, i.e. 
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S x m

m
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x

x   (4.15), 

where wi is the numerical integration weight and N is the number of integration points. 

Throughout the study, equally spaced integration points with N=200~1,000 are typically 

used on the sphere, where sufficient accuracy is observed. Also, it is likely that (4.15) is 

more accurate representation of the reality, as there exists a finite number of fibers inside 

the cell opposed to continuous fiber orientation distribution. 

4.5 Implementation 

The general problem posed in Chapter 3 is further extended to simulate the 

mechanical responses of VICs under different experimental setup, biomechanical 

conditions, and loading conditions in the subsequent chapters. Then the problems are 

solved primarily by the open source library/software package FEBio [69] using the 

numerical implementation described in this chapter. FEBio is an implicit, nonlinear finite 

element solver that is specifically designed for applications in multiphase mixtures in 
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biomechanics. The functionality of FEBio is extended using material plugins for the 

specific problems. The detailed setups for specific problems are described in the following 

chapters. In addition, convergence of the algorithm has been numerically observed against 

the finest-mesh, smallest-time-step (“overkill”) solutions. 
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CHAPTER 5 MA-AFM MODEL 

5.1 Preface 

It is known that the expression levels of α-SMA in the VIC are correlated with 

enhanced stiffness and contractility. However, it remains unclear how the expression and 

contraction of the α-SMA fibers, which vary among different VIC types, contribute to the 

overall VIC mechanical responses, including the nucleus and cytoskeleton contributions. 

In this chapter, the general VIC model framework presented in Chapter 3 was extended by 

incorporating the oriented stress fibers with passive elastic and active contractile response 

and a hyperelastic nucleus1. The model was implemented in a full 3D finite element 

simulation of a VIC based on known geometry. Moreover, the respective mechanical 

responses of aortic and pulmonary VICs (AVICs and PVICs, respectively) were examined. 

AVICs and PVICs are known to have different levels of α-SMA expression levels and 

contractile behaviors. To calibrate the model, the mechanical responses of VICs under 

micropipette aspiration (MA) and atomic force microscopy (AFM) were simulated against 

the experimental data. These two states were chosen as the VICs were under significantly 

                                                 

This part of dissertation has been previously published as: Sakamoto, Y., R.M. Buchanan, 

and M.S. Sacks, On intrinsic stress fiber contractile forces in semilunar heart valve 

interstitial cells using a continuum mixture model. J Mech Behav Biomed Mater, 2016. 54: 

p. 244-58. 

 

YS: Co-developed the research approach, developed the computational tools, re-analyzed 

the MA and AFM data, and co-wrote the paper. RMB: provided additional experimental 

data and assisted in cell physiological interpretations. MSS designed the overall research 

program, closely guided the theoretical formulation and computational implementation, 

co-wrote the paper, and provided funding. 
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different mechanical loading conditions and activation states, with the α-SMA fibers 

inactivated in the MA studies while fully activated in the AFM studies. The mechanical 

properties of a nucleus was also studied using AFM data. Model validation was done by 

simulating a traction force microscopy experiment to estimate the forces the VICs exert on 

the underlying substrate. This VIC computational biomechanical model is a first step in 

developing a comprehensive, integrated view of the VIC pathophysiology and interactions 

with the valve ECM micro-environment based on simulation technologies. 

5.2 Methods 

5.2.1 OVERVIEW 

In order to study the mechanical responses of VICs under different activation states 

and loading conditions, we used two sets of extant experimental data: micropipette 

aspiration (MA) [11] and atomic force microscopy (AFM) [14]. We first simulated the 

mechanical response of the VICs during MA experiments to determine their mechanical 

properties in the inactivated state. The MA experimental data included the measurements 

from all four types of the VICs: aortic VIC, mitral VIC, pulmonary VIC, and tricuspid VIC, 

(AVIC, MVIC, PVIC, and TVIC, respectively) where they each exhibited the different 

expression levels of the -SMA fibers [11]. Then, we simulated the mechanical response 

of VICs during the AFM experiments to determine their mechanical properties in the 

activated states. The AFM experimental data included the measurements of the AVICs and 

PVICs, with different expression and contraction levels of -SMA fibers [14]. 
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5.2.2 EXPERIMENTAL PROCEDURES. 

Methods for both studies have been previously presented [11, 14]. Briefly, for the 

VIC MA studies were obtained from ovine hearts, with cells from each valve were divided 

into two groups for mechanical testing and protein quantification.  Cells were trypsinized, 

pelleted, and resuspended in media prior to testing. Pressures were applied to the surface 

of a VIC through the micropipette via a custom-built water reservoir with an in-line 

pressure transducer having a resolution of 1 Pa. While pressure was applied, digital images 

of the cell aspiration were recorded.  Cells were aspirated and the applied pressure and 

aspirated length recorded. The effective stiffness, E, of the cell was determined with a half-

space model (so-called Theret’s model), referred to as the punch model, which assumes 

that the cell is an isotropic, elastic, incompressible, half-space material [70]. This model 

assumes the VIC to be a homogeneous material while ignoring discontinuities (organelles, 

nucleus, etc.) and viscous effects from the cytosol. Hence, as an elastic model, it was 

chosen to demonstrate the intrinsic stiffness of cell populations and was not intended to 

fully characterize the mechanical behavior of the cells. In this study, we used the aspiration 

length vs applied pressure relationship to calibrate the cytoskeleton and stress fiber shear 

moduli, which will be explained in Sec 5.4.1.  

For the AFM studies, porcine AVICs and PVICs were isolated from the same 

animal. A monolayer of seeded VICs were prepared for each cell type. Collagen was then 

placed on the cover slip surface and left overnight before being rinsed with PBS. VICs 

were trypsinized, plated on the cover slips, and allowed to attach for 3 hours. VIC height 

maps were made by AFM using tapping mode. For each VIC, approximately 70 indentions 

were made over the surface of each cell using a rectilinear grid sampling pattern.  These 
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measurements were carried out on a total of 7 cells from each cell type (AVIC and PVIC), 

for a total of 14 cells measured. The apparent stiffness of the cell, E, was calculated based 

on the Hertzian model of the AFM probe modeled as a conical tip with a probe opening 

angle of 35 degrees. In this study, we used the indentation depth vs force relationships at 

each point to calibrate the stress fiber contraction strength and nucleus shear modulus, 

which will be explained in Sec 5.4.2. 

5.3 Mathematical Formulations 

Overall, we considered the VIC cytoplasm to be a solid mixture of isotropic 

cytoskeleton and oriented α-SMA fibers, which generate both passive elastic stress against 

stretch and active contractile stress in the direction of the fibers. The nucleus was 

considered as a distinct structural component. In addition, we assumed that the VICs were 

under quiescent conditions during the course of simulations, where no dynamic structural 

changes occurred within the VIC that affected the cell response. 

5.3.1 GOVERNING EQUATIONS 

We idealized a cell as an open bounded domain   3

0  with boundary 0  as the 

undeformed reference configuration. Assuming the absence of body and inertial forces, 

here we restate the conservation of linear momentum equation  

    tin (0,T)T 0   (5.1), 

where T is the Cauchy stress tensor. 
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5.3.2 STRESS IN THE -SMA FIBER PHASE 

In order to model the stress in the stress fiber phase, we first define the fiber stretch 

λ along initial direction m0 as 

     04 0I m mC   (5.2). 

We can also represent the direction of the fibers initially oriented along m0 in their 

current state by m, 

   1

0Fm m   (5.3). 

The Cauchy stress in the stress fiber phase Tsf, is given by integrating the 

contributions from every direction: 
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p sf a

0 4 0

s

0

T

0

f

0

0

1
H I 1 μ , , f, , sin d d

J
F m T C m T C mT F   (5.4) 

where Tp and Ta are the 1D stresses due to passive stretch and active contraction, 

respectively, of the fibers initially oriented along m0, and Γ0(m0) represents the initial 

orientation distribution of the fibers with respect to the initial direction m0. A Heaviside 

step function H was introduced to enforce that the passive stress arises only from fiber 

stretch. We introduce two constants, μsf and f, which describes the intrinsic shear modulus 

of the stress fibers and the strength of the active contraction, respectively. 

5.3.3 PASSIVE FIBER STRETCH 

We model the passive component of individual α-SMA fibers initially oriented 

along m0 as a transversely isotropic material with the axis of symmetry m0, whose stress 
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arises only from the axial stretch. Thus, we define the strain energy density function

sf sf

p p 4ψ ψ ( I ) , that captures the mechanical response of the α-SMA fibers 

    
sf

2

p 4 4

sf

sf μ φ
ψ I (I 1)

2
  (5.5) 

where μsf is the shear modulus of the α-SMA fibers, and 
sf

φ  is the effective expression 

levels of the α-SMA fibers, which is assumed uniform within the VIC. Here, we assumed 

that 
sf

φ  is proportional to the -SMA protein levels within each VICs, which were 

experimentally measured previously [11]. We used the “effective” expression because only 

the actual protein levels of the α-SMA fibers are currently known. Thus, 
sf

φ  was 

normalized by the maximum value (
sf

φ  of AVICs is one in Table 5.1). Note that as we 

considered the stress fibers as a homogenized phase too, the number, length, and thickness 

of the stress fibers are incorporated into the parameter 
sf

φ . Also, no interactions between 

fiber and solid phases were considered.  

The 1D stress Tp can be obtained by 

 


 


sf

0 0

pp sf

4

0

ψ
(μ , , ) 2

I
mT m mC   (5.6), 

where   denotes the tensor product. 

 

VIC type Aspiration length 

(μm) 

Tare pressure 

(Pa) 

Applied pressure 

(Pa) 

Normalized 

-SMA protein levels 

Symbol L ∆P0 ∆P1 
sf

φ  

AVIC 2.10 ± 0.15 58 267 ± 3 1.00 ± 0.0036 

MVIC 1.80 ± 0.21 62 260 ± 2  0.99 ± 0.0043 

PVIC 2.55 ± 0.25 60 261 ± 3 0.80 ± 0.0038 

TVIC 3.10 ± 0.25 63 274 ± 4 0.59 ± 0.0079 
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Table 5.1 -  MA experimental data, [11] 

5.3.4 ACTIVE FIBER CONTRACTION 

The contraction of the stress fibers within a cell has been modeled using the tension-

velocity relationship [63, 71-73], which states that the contraction strength decreases as the 

fiber shortening rate increases. Here, we assume that the AFM indentation speed is slow 

enough so that the fiber shortening rate does not influence the contraction strength. Thus, 

fibers exert maximum contraction along their current direction m with contraction strength 

f. Also, we hypothesized that the higher the -SMA protein levels within the VIC, the more 

contractile the VIC becomes due to the presence of more contractile units. Thus, we assume 

that the active contraction strength is proportional to the VIC protein level 
sf

φ . We then 

derived the active 1D stress Ta of the stress fiber 

  
sf

a

0 0 0(f, , ) f φT C m m m   (5.7). 

Note that f is the intrinsic contraction strength per unit protein level. 

5.3.5 MATERIAL ELASTICITY TENSOR OF THE STRESS FIBER PHASE 

The second Piola-Kirchhof stress within stress fibers were modeled using the 

following passive elastic and active contractile. From (5.4), the material elasticity tensor in 

stress fiber phase can be derived: 
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  (5.8). 
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Therefore, we need to derive three derivatives:  p

4T / I  and  a

4T / I  

1. The passive part of the elasticity tensor is 

 





p

4

sf

tot

4

T
2μ I

I
  (5.9). 

2. The active part of the elasticity tensor is 

 





a

4

T
0

I
 (5.10) 

since Ta does not depend on the displacement. 

In the actual finite element implementation in FEBio, the material elasticity tensor (5.8)

was push-forwarded to the spatial description. 

5.3.6 THE NUCLEUS 

The cell nucleus has been reported to be 2 to 10 times stiffer than the rest of the 

cell, and is typically modeled as a neo-Hookean material [73-76]. We thus model the 

nucleus as a nearly incompressible neo-Hookean material whose strain energy density 

function has the same form as (3.30), with the shear modulus μnuc. Therefore, the strain 

energy density function for nucleus is, 

     
nuc

nuc 2

1

1
I 3 K(lnJ)

2 2

μ
  (5.11). 

We further assume that there is no slip between the nucleus and cytoplasm, as it is 

completely bonded to cytoskeleton. 
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5.4 Simulation procedures 

We determined four parameters: cytoskeletal shear modulus μcyto, fiber shear 

modulus μsf, contraction strength of the -SMA stress fibers f, and shear modulus of a 

nucleus μnuc as follows. In order to avoid the complexity of determining these four 

parameters simultaneously, we used the following step-by-step process (Figure 5.1). First, 

we used the micropipette aspiration experimental data to estimate shear moduli of 

cytoskeleton and the passive -SMA stress fibers (μcyto and μsf, respectively), assuming 

that the VICs were in inactivated state and nucleus did not contribute to the mechanical 

response. We then used these parameters in the AFM simulations and determined the 

contraction strength of the -SMA stress fibers f and shear modulus of a nucleus μnuc. 

During the AFM parameter estimation process, the contraction strength was determined 

first using the indentation data at peripheral regions, where no nucleus deformation occurs. 

Then, shear modulus of the nucleus was calibrated using the indentation data at the central 

regions.  

  



58 

 

 

 

 

 

 
Figure 5.1 – The step-by-step calibration process. 1. The cytoskeletal shear modulus (μcyto) 

and α-SMA fiber shear modulus (μsf) were calibrated using the micropipette aspiration data 

for different types of VICs with different expression levels of α-SMA fibers. 2. Using the 

AFM indentation data on the cell peripheral regions, the fiber active contraction strength 

(f) were calibrated for AVICs and PVICs. 3. Using the AFM indentation data on the cell 

central region, the shear modulus of nucleus (μnuc) were calibrated for AVICs and PVICs. 

The parameters in red represents the ones that are being calibrated in the step, the 

parameters in gray represents the ones that are assumed not contribute to the mechanical 

response of the VICs (hence ignored) in the step, and the parameters in black represents 

the ones that are already calibrated from the previous steps and integrated into the model. 
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5.4.1 MICROPIPETTE ASPIRATION SIMULATIONS 

Using the relationship between the applied pressure (∆P) and aspiration length (L) 

of the different types of VICs with different levels of -SMA expressions, we calibrated 

the values of the cytoskeletal shear modulus (μcyto) and fiber shear modulus (μsf) (Figure 

5.1, Calibration Step 1). The experimental data was obtained from the previous 

micropipette aspiration study by Merryman et al. [11]  (Table 5.1). The initial shape of a 

VIC was assumed to be a sphere with radius 8 μm, and the pipette radius set to 4 μm to 

mimic the experimental setup. In order to represent the realistic geometry of a micropipette 

inner corner and for improved numerical stability, we chose a circular shape with the radius 

of 0.2Rp, where Rp is the inner micropipette radius. This “smoothing” of the micropipette 

corner has been done for other micropipette aspiration finite element simulation studies, 

such as [28]. A contact-traction was applied on the boundary between the VIC and the 

micropipette using a penalty method for a sliding without any friction. We first applied ~60 

Pa “tare” pressure, then the pressure was increased to ~260 Pa to mimic the experimental 

procedure. The aspiration length, L, was measured as the z-displacement at the tip with 

respect to “tared” state ( 

Figure 5.2). The VICs were assumed in an inactivated state (f=0), and nucleus was 

ignored since it does not contribute to the mechanical responses of a cell during 

micropipette aspiration. Thus, the differences in the mechanical responses of different 

types of VICs arose from the different expression levels of their -SMA fibers 
sf

φ , which 

was proportional to the experimentally measured -SMA protein levels (Table 5.1). We 

used the initially isotropic fiber orientation distribution (Γ(Θ,Φ) = 1/4π ) since no fiber 

directionality was observed. Thus, we simulated the VICs with different 
sf

φ values to 
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match the experimental results with the applied pressure vs. aspiration length relationship 

using the nonlinear regression technique. 

The total Cauchy stress used in the MA study is thus given by 
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 (5.12). 

We thus calibrated two parameters, μcyto and μsf, by minimizing the least square 

error between the simulated aspiration lengths and the experimental aspiration lengths, 

given the applied pressure (∆P) and normalized -SMA expression (
sf

φ ) values (Table 

5.1). 
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Figure 5.2 – Micropipette aspiration simulation geometries. The negative pressure ∆P was 

applied on the boundary of the VIC in the micropipette while zero-pressure was prescribed 

on the boundary outside. The slip with zero friction contact boundary condition was 

prescribed between the VIC surface and micropipette wall. The applied pressures were, 0 

Pa (initial configuration), ~60 Pa (tared configuration), and ~260 Pa (aspirated 

configuration) for A, B, and C, respectively. The aspiration length was determined as the 

difference in the z-displacement of the cell front tip between the aspirated and tared 

configurations, represented by an arrow in the figure. 

5.4.2 ATOMIC FORCE MICROSCOPY SIMULATIONS 

Using the relationship between the indentation depth and reaction force during the 

AFM, we calibrated the contraction strength of the -SMA stress fibers (f) and shear 

modulus of a nucleus (μnuc) at each indentation location for the AVICs and PVICs, as 

previously reported by Merryman et al. [14]. The AFM simulation domains are composed 

of three subdomains: the indenter, VIC cytoplasm, and nucleus. The indenter was 

considered as a rigid body with a prescribed displacement. The VIC cytoplasm and nucleus 

are considered as distinct mechanical structures with different mechanical properties. A 
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sliding frictionless contact boundary condition was applied between the VIC and the 

indenter, with no slip between the cytoplasm and nucleus on the interface boundary and 

any contributions of the cell membrane was ignored. The bottom of the VIC was attached 

to the plate with no displacement resulting from perfect adhesion (i.e. perfectly bonded). 

We used the cytoskeleton and stress fiber shear moduli (μcyto and μsf, respectively) obtained 

by the previous MA calibrations, and incorporated the α-SMA expression levels data 

(Table 5.1). 

The simulations were carried out in the simplified VIC geometry whose dimensions 

were taken from the VIC height and stiffness, as well as the nucleus dimensions taken from 

new microscopy data (Figure 5.3). We idealized the shape of the VIC as a half-ellipsoid 

and the shape of a nucleus as a full-ellipsoid. The simulation of the AFM experiment 

consisted of two steps: 1) the VIC starts from the undeformed configuration and evolves 

to a fully contracted state, 2) the indentation was then applied. The calibration processes 

were also two-step. We first calibrated the contraction strength f of each VIC using the 

indentation data at the cell peripheral region, where no nucleus deformation occurs (Figure 

5.1, Calibration Step 2). Then, we calibrated the nucleus stiffness μnuc using the calibrated 

contraction strength and indentation data at the central region, where the nucleus 

deformation occurs (Figure 5.1, Calibration Step 3). 
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(a) 

 

(b) 

 
(c) 

 
Figure 5.3 – Atomic force microscopy simulation setup with finite element mesh. We used 

a simplified geometry of the VIC and its nucleus, whose dimensions were taken from the 

experimental data. (a) The volume ratio of the nucleus was taken from the microscopy 

image of a VIC within the ECM. A scale bar represents 1 μm.  (b) The dimension of the 

VICs were taken from the height map generated during the AFM experiments. The color 

represents the height at the point in μm and the scale bar represents 10 μm. The mesh was 

refined around the indentation region, with typically 10,000~50,000 linear tetrahedron 

elements. Note that this is a cross-section of the geometry, but we simulated the whole cell. 

It has been observed that the VICs seeded on a flat collagen substrate exhibit a 

flattened morphology, with stress fibers orient largely parallel to the bottom surface (Figure 

5.5). Thus, we used the (locally) cylindrically symmetric assumptions for the initial 
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orientation of the -SMA stress fibers (Figure 5.4, left), assuming that the VICs do not 

exhibit any polarity in this study. For the cylindrically symmetric orientation, Γ=1/2π was 

used, where the orientation density function is only defined on the local 2D surface that is 

perpendicular to the symmetry axis. The symmetry axis of the fibers was determined as a 

height-weighted average of the surface normals on top and bottom of the VIC. Thus, the 

fibers generally orient along the tangential direction of the top and bottom surfaces, 

depending on how close to the top or bottom. To probe the sensitivity of the VIC 

mechanical response to the fiber orientation, we also used the spherically symmetric initial 

fiber orientation assumptions (Figure 5.4, right). For the spherically symmetric orientation, 

Γ=1/4π was used uniformly in the VIC. 
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Figure 5.4 – Two types of initial fiber orientations considered. (a) Left: initially cylindrical 

symmetric fiber orientation. At each point, the fiber orient uniformly on the plane whose 

normal is parallel to the normal vector of the top surface (represented by a blue arrow). 

Thus, the fibers orient along the tangential directions of the top surfaces. Right: initially 

spherically symmetric fiber orientation. Note that the figure is not drawn in scale. The 

actual VICs exhibit a very flat morphology. 

 
Figure 5.5 – Typical VIC geometry and fiber orientation seeded on a flat collagen gel. A 

nucleus (blue) was stained by DAPI while F-actin (green) was stained by phalloidin-FITC. 

The actin fibers primarily orient parallel to the surface. 
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The total Cauchy stress used in the AFM study is thus given by 
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within the nucleus. We thus calibrated two parameters, f and μnuc, by minimizing the least 

square error between the simulated and experimental indentation depth vs force curves 

(Figure 5.9) at each indentation location. 

5.5 Numerical Methods 

The system of partial differential equations presented earlier was solved by the open 

source finite element package FEBio [77]. The fiber passive and active stresses were 

implemented as a plugin extension to FEBio. The derivation of the elasticity tensor needed 

for the implementation is described in Section 5.3.5.  The simulations were quasi-static, 

where the applied pressure ∆P for MA and indentation depth d for AFM were varied over 

time, and the static solutions were calculated at each time step. The convergence of the 

algorithm has been numerically observed against the finest-mesh (“overkill”) solutions for 

both MA and AFM simulations. About 50,000 ~ 10,000 linear tetrahedron (TET4) 
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elements were used for the typical computations, where we observed the sufficiently 

accurate results. 

5.6 Statistical analysis 

The parameter estimation was carried out using non-linear least square 

minimization technique, which was implemented by a custom Python script. For the MA 

simulations, values of μcyto and μsf were calibrated using the aspiration length stiffness and 

the (normalized) -SMA expressions of the VICs from experimental data. For the AFM 

simulations, values of f and μnuc were calibrated using the indentation depth and force 

experimental data at different locations of the AVICs and PVICs. Thus, the means and 

standard errors of these values for each VIC type were calculated. In addition, the statistical 

significance of the difference in mean values of two sample populations was analyzed using 

the Student’s t-test, with p-value < 0.05. 

5.7 Results 

5.7.1 MICROPIPETTE ASPIRATION SIMULATIONS 

The μcyto and μsf values were calibrated by minimizing the L2 norm of the residuals 

between the simulated and experimental aspiration lengths. The μcyto and μsf values 

obtained were 5.0 Pa and 390.0 Pa, respectively, where the L2 error reaches the minimum 

(Figure 5.6). The coefficient of determination (r2 value) for this calibration is 0.87. Using 

the calibrated values, we simulated the MA of different types of VICs with different applied 

pressures and compare the results to the experimental data (Figure 5.7). The simulation 

predicts the applied pressure vs aspiration length relationship within a reasonable range 
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from the experimental data. As the expression levels of α-SMA increases, the stiffer the 

VIC becomes, which decreases the aspiration length for a given pressure. 

 
Figure 5.6 – The error surface generated by plotting the L2 norm of the residuals between 

the simulated and experimental aspiration lengths for different μsf and μcyto values. A clear 

global minimum occurs at μsf = 390 Pa and μcyto = 5.0 Pa, represented by a star. 
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Figure 5.7 – Comparison of the applied pressure to the aspiration length to the experimental 

data. Data points shows the experiments data from Table 5.1, where the error bar represents 

the standard error. The VICs become stiffer as the expression levels of -SMA stress fibers 

increases, causing the aspiration length to decrease for the same applied pressure. 

5.7.2 ATOMIC FORCE MICROSCOPY SIMULATIONS 

5.7.2.1 Deformation due to AFM indentation 

We first computed the deformation purely due to the AFM tip indentation as the 

difference in the displacement before and after the indentation, excluding the displacement 

due to contraction (Figure 5.8). The deformation due to AFM indentation was indeed 

localized around the indentation region. The indentation at the central region significantly 

deforms the nucleus while the indentation at the peripheral regions does not. In fact, the 
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indentation depth vs force curves are significantly influenced by the underlying nucleus for 

both experimental data (Figure 5.9). Using the FEM simulation with calibrated parameters 

(which will be explained later), we successfully reproduced the indentation depth vs force 

curve in both the central and peripheral locations (Figure 5.9). 

 
Figure 5.8 – The deformation contour due to for the central (left) and peripheral (right) 

indentations. Note that the deformation of the VIC is localized around the indentation 

region, yet the indentation at the central region indeed deforms the nucleus while the 

indentation at the peripheral region does not. Thus, the AFM indentation with sufficient 

depth can be used to analyze the nucleus mechanical properties.  
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Figure 5.9 – Typical indentation depth vs force curve from the AFM experiment (dots) and 

simulation (lines) for the indentation on a cell central region and peripheral region. It is 

clear that the reaction force from the AFM indentation is significantly larger in the central 

region than the peripheral region, and the FEM simulation accurately capture the 

indentation depth vs force relationship in both regions. 

5.7.2.2 Active contraction strength 

We first calibrated the active fiber contraction strength f of the AVICs and PVICs. 

Under the cylindrical symmetric fiber orientation assumption, the calibrated active 

contraction strength were 35.27 ± 3.42 kPa (n=22) and 3.86 ± 0.61 kPa (n=21) for AVICs 

and PVICs, respectively with the p-value of 0.01 (Figure 5.10 (a)).  Under the spherical 

symmetric fiber orientation assumption, the calibrated active contraction strength the α-

SMA fibers were 29.64 ± 3.58 kPa (n=22) and 1.74 ± 0.42 kPa (n=21) for AVICs and 

PVICs, respectively with the p-value of <0.01 (Figure 5.10 (b)). Generally, the 
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cylindrically symmetric orientation yielded larger active contraction strength values than 

spherically symmetric orientation. We speculated that this is due to that fact that under the 

cylindrical symmetry orientations the fibers can only resist against the AFM indentation 

under certain directions while under the spherical symmetry orientations, the fibers can 

resist against any deformation. Nevertheless, these two different fiber orientations yielded 

the same trend: the AVICs contracts significantly stronger than PVICs, as the p-values 

represents. Thus, while we will require quantified 3D stress fiber geometry in future 

simulations, the current results suggest that our results are at least qualitatively correct. The 

ratios of the active contraction strength from the PVICs to AVICs are about 5 to 1 and 6 to 

1 for cylindrically symmetric and spherically symmetric assumptions.  

5.7.2.3 Nucleus shear modulus 

We next estimated the nucleus shear modulus μcyto of the AVICs and PVICs using 

the AFM indentation data from the central regions. Under the cylindrical symmetric fiber 

orientation assumption, the calibrated nucleus shear moduli were 15.64 ± 2.46 kPa (n=9) 

and 16.06 ± 2.19 kPa (n=10) for AVICs and PVICs, respectively, with the p-value of 0.90 

(Figure 5.10 (c)). Under the spherical symmetric fiber orientation assumption, the 

calibrated nucleus shear moduli were 14.91 ± 2.32 kPa (n=9) and 16.13 ± 2.30s kPa (n=10) 

for AVICs and PVICs, respectively, with the p-value of 0.73 (Figure 5.10 (d)). It is clear 

that the fiber orientation, at least for spherical or cylindrical symmetry assumptions, does 

not affect the measurement of the nucleus shear moduli for different types of VICs. In 

addition, the p-values indicate that for both assumptions, there are no statistically 



73 

 

 

 

 

 

significant differences in the nucleus shear moduli between AVICs and PVICs even though 

these VICs exhibit significant difference in their active contraction strengths. 
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Cylindrical Fiber Orientation Spherical Fiber Orientation 

(a)

 

(b)

 
(c) 

 

(d) 

 
Figure 5.10 –  Top: Contraction strength of the α-SMA fibers in the AVICs and PVICs 

under spherically symmetric fiber orientation (a) and cylindrically symmetric fiber 

orientations (b). About 9:1 ratio in the contraction strength was observed from AVICs to 

PVICs with cylindrical symmetry while 16:1 ratio was observed in spherical symmetry. 

Although the calibrated values of the contraction strength are different for different fiber 

orientation assumptions, the general trend is the same: the AVICs exhibit significantly 

stronger contraction than PVICs. Bottom: Shear moduli of the AVICs and PVICs under 

spherically symmetric fiber orientation (c) and cylindrically symmetric fiber orientation 

(d). The shear moduli of the VICs irrelevant to the fiber orientation assumptions or the 

fiber contraction activities. 
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5.8 Discussion 

5.8.1 PRIMARY FINDINGS 

In the present study, we investigated how major functional aspects of VIC -SMA 

fibers, such as their orientation, expression levels, and active contraction strength, 

contributed to the VIC effective mechanical properties. A solid mixture constitutive model 

was developed that captured VIC mechanical responses in various activation states and 

under different loading conditions. We used the finite element method to implement the 

model and simulated the mechanical responses of VICs during MA and AFM experiments. 

During MA simulation, the VICs were assumed to be in an inactivated state and thus 

exhibited no contraction. On the other hand, during AFM simulation, the VICs were in an 

activated state, exhibiting maximum contraction. Thus, by combining the experimental 

data from these two studies we were able to determine the mechanical properties of the -

SMA fibers, both passive and actively contracted.  In addition, we were able to determine 

the mechanical properties of the underlying cytoskeleton and nucleus. Thus, a novelty of 

this study is the use of the unified model of a VIC that integrated the data from various 

experiments to develop a more unified picture of VIC function.  

It is interesting to note that the correlation between the expression levels of the α-

SMA fibers and stiffness of the VICs were initially estimated using linear elastic models 

[11, 14]. However, in these studies, the models were inadequate to separate the mechanical 

response of the VICs due to α-SMA fiber activations, basal cytoskeleton, nucleus, and cell 

geometry. The stiffness values measured by AFM is typically 100 times larger than the 

ones measured by MA. Using our new model, we attributed the discrepancy in the stiffness 
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values to the difference in the activation state of the VICs. This study is consistent with our 

result that the AVICs exhibit 9 or 16 times stronger contraction strength than PVICs, 

depending on the fiber initial orientation assumptions.  Moreover, gel contraction 

experimental studies indicated that when seeded on a collagen gel, AVICs contracted the 

surrounding gel significantly more and faster than the PVICs [14].  

We also included the nucleus in our model for the AFM analysis.  In related studies 

using the localized nature of the AFM measurements, it has been shown that AFM can be 

used to measure the stiffness of the underlying actin bundles [78]. Moreover, a plate 

compression experimental technique with finite element simulations have been used to 

analyze the mechanical property of the nucleus [74]. Thus, as long as the AFM indentation 

depth is large enough, local variations in the indentation depth vs force relationship can be 

used to derive the mechanical property of the underlying nucleus, as we observed in our 

simulations (Figure 5.8). To our knowledge, this is the first study to calibrate the effective 

modulus of the nucleus within a cell from the AFM indentation data. The derived linearized 

stiffness of the nucleus in this study was around 45 kPa, which is relatively large compared 

to the previously reported values of 1 to 10 kPa for different cell types and experimental 

techniques [74, 79, 80]. The AFM study of the same VICs used the Hertz model and yielded 

the stiffness of the VICs within 10 kPa to 140 kPa range [14]. Assuming that this result 

effectively homogenized the cytoplasm and nucleus, our value of 45 kPa is within a 

reasonable range. 

In the AFM analysis, we assumed that the initial fiber orientations are either locally 

cylindrically or spherically symmetric (Figure 5.4). The visual observation of the 

contractile fibroblasts and myofibroblasts indicates that the -SMA fibers usually run 
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laterally, with visually strong preferred directions (Figure 5.4(b)). Thus, we assigned the 

cylindrically symmetric fiber distributions, using the spherically symmetric fiber 

distributions to explore the model sensitivity to -SMA fiber orientation. We also assumed 

that the VICs were non-polarized, based on the observation that during the gel contraction 

the VICs contracted the gel uniformly [14]. Interestingly, regardless of the exact fiber 

orientation distribution used, the estimated contraction strengths reveal similar trends: That 

the AVICs exhibits significantly stronger contraction than PVICs. Also, the determined 

shear modulus of the nucleus was not influenced by the fiber orientation assumptions.  

In this study, we assumed that the VICs are in a steady-state condition, where no 

dynamic structural changes occur within the VIC during the course of measurements and 

simulations. Observations of VICs during MA experiment suggested that the VICs were in 

inert condition, where no stress fiber development occur. In addition, during the AFM 

experiment, the stress fibers were fully developed before the indentation, and each 

indentation only lasts less than a second. Thus, it is unlikely that any biomechanical or 

biochemical changes occur during each indentation. Thus, we argue that our assumption is 

valid at least for simulating the VIC mechanical responses during MA and AFM 

experiments.  

To better understand how VIC interact with the underlying substrate, we calculated 

the 2D traction field on the bottom of the cell (Figure 5.11b). For a spherically contracting 

VICs, the traction is uniformly zero on the bottom due to symmetry. For cylindrically 

contracting VICs, the magnitude of the traction is maximum on the cell edge. This roughly 

corresponds to the gel-contraction experimental results, where the VICs seeded on the 

collagen gel contracted uniformly, exerting traction force on the gel towards the center of 
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the cell [14]. Similar behavior was observed by circular contractile human tendon 

fibroblasts by traction force microscopy experiments, where the cells pull the substrates 

inwards and exhibit maximum traction strengths on the edge (Figure 5.11a) [81]. For a 

cylindrically contracting VICs, the maximum traction force calculated by our simulations 

were: ~1 kPa for the PVICs and ~10 kPa for the AVICs, where the previous traction force 

microscopy studies reported the maximum traction forces of various cells as: 0.2 kPa to 

2.0 kPa [81-85]. Thus, the cylindrically symmetric fiber orientation assumption captures 

the realistic VIC traction behaviors, although there are inevitable differences in the 

magnitude of traction resulting differing cell types.  
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(a) 

 

(b) 

 
Figure 5.11 –  (a) Traction field of a circular human tendon fibroblast obtained by the 

traction force microscopy method [81]. (b) Traction field of a contractile AVIC obtained 

by the simulation for cylindrical fiber orientation (left) and spherical fiber orientation 

(right). The color represents the magnitude of the traction while the arrows represent the 

directions. The spherically contracting VIC does not exert any traction on the substrate due 

to symmetry while the cylindrically contracting VIC pulls the substrates inward with 

maximum traction around the cell edge. The simulation of a cylindrically contracting VICs 

predicted very similar traction force pattern to the traction force microscopy experiments. 

The maximum traction force by cylindrically contracting VICs calculated are: ~1 kPa for 

the PVICs and ~10 kPa for the AVICs, where the typical traction force microscopy studies 

reported the maximum traction forces of various cells as: 0.2 kPa to 2.0 kPa [81-85].  

In order to verify the consistency of our model with previous small strain measures, 

we simulated the AFM on an AVIC with very small indentation depth with different 

contraction strength (Figure 5.12).  Using the indentation depth vs reaction force 

relationship from the simulation, we calculated the Hertz stiffness of the VIC: 

 
 


  

2

Hertz

F(1 )
E

( )
  (5.15), 

where F is the indentation force, δ is the indentation depth, ν is the Poisson’s ratio, and φ 

is the function that depends on the shape of the tip. The resulting relationship between the 

contraction strength and the Hertz stiffness clearly shows that increase in contraction 

strength stiffen the VIC as expected (Figure 5.12b). Obviously, the increase in the 
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contraction strength corresponds to more resistance against the deformation that stretches 

the individual fibers. Hence the “apparent” stiffness increases. In fact, the correlation 

between the stiffness measured by oscillatory magnetic cytometry and pre-stress, which is 

generated by the contraction of actin fibers, was observed in human smooth muscle cells 

[86]. The y-intercept in Figure 5.12b was around 400 Pa, which corresponds to the “pure” 

Hertz stiffness of the VIC, which combines the stiffness of the cytoskeleton phase, -SMA 

fiber phase, and underlying nucleus without any contractile activity. Because the Hertz and 

Theret models use the same linear elasticity and infinitesimal deformation assumptions, 

this “pure” Hertz stiffness should correspond to the Theret stiffness measured in MA 

experimental study. Thus, we simulated the AFM indentation of a noncontractile VICs 

(f=0) with different expression levels of -SMA. We then compared the Hertz stiffness 

values with Theret stiffness values from the MA experimental data from [11]. The results 

are shown in (Table 5.2). These two types of stiffness values correspond well. Thus, we 

conclude that our model is consistent in two different simulation setups and can be used to 

simulate VICs under different mechanical loading conditions and activation states. 
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(a) 

 
 

(b) 

 

Figure 5.12 –  Simulation of an infinitesimal AFM indentation. (a) The geometry before 

(top) and after (bottom) the indentation. (b) The relationship between the contraction 

strength and Hertz stiffness calculated from the simulated indentation depth vs reaction 

force relationship. Our simulations suggest that the more contractile cells exhibit higher 

stiffness values. Similar observations have been reported by previous studies: where the 

contractile cells exhibit higher stiffness values than non-contractile cells [14, 86]. Also, at 

no contraction (f=0 kPa), the Hertz stiffness converges to 400 Pa, which is consistent to 

Theret stiffness value measured by the MA study [11]. 
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VIC type Hertz stiffness 

(Pa) 
Theret stiffness 

(Pa) 

MVIC 515 499 

AVIC 395 479 

PVIC 340 276 

TVIC 279 285 

Table 5.2 - Comparison of the Hertz stiffness derived from the AFM simulation and Theret 

stiffness measured by an MA experiments [11]. 

5.8.2 LIMITATIONS 

Although our model successfully predicted the key responses of the VICs, it also 

has some limitations. First, we assumed that the initial α-SMA fiber orientations are 

cylindrically or spherically symmetric, and the fibers are uniformly expressed throughout 

the cytoplasm (i.e. -SMA protein level is spatially uniform). However, currently we do 

not have quantitative data of the orientation and spatial density of the -SMA fibers. We 

are planning to visualize the 3D geometry of -SMA fibers and integrate the results to our 

VIC model. Secondly, we homogenized the intracellular structures, excluding the stress 

fibers and nucleus, into a single isotropic “cytoskeleton” phase. It is possible that these 

intracellular structures exhibit some anisotropic response or do not share the same 

displacement as the stress fiber phase. However, the analysis in Figure 5.12(b) indicates 

that the stress fibers are the main contributor of the VIC mechanical responses to the 

external stimuli (excluding the effect of nucleus). Thus, we argue that even if the 

cytoskeleton phase exhibits some anisotropy, its effect would be minimal. Thirdly, we only 

considered two cases of contraction: None (MA) or maximum contraction (AFM). The 

time-dependent process of fiber contraction, remodeling, and re-orientation in response to 

biochemical or biomechanical signals should also be modeled as information on these 
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phenomena become available for VICs.  Largely unique to VICs, they undergo very large 

and highly dynamic deformations within the native tissues over the cardiac cycle [1, 87].  

We also know VICs can behave as a viscoelastic materials [12], yet have relatively little 

knowledge how these relate to in-vivo function. Finally, we modeled the cell adhesion 

during the AFM simulations using a zero-displacement boundary condition. It is known 

that the extracellular matrix rigidity influences the activation states of contractile 

myofibroblasts through the development of focal adhesion complexes. While sufficient for 

stable states as studied herein, it may be important to consider the adhesion processes in a 

complete VIC model. 

5.8.3 SUMMARY AND CONCLUSIONS 

In conclusion, we have developed a novel solid mixture model of a VIC that 

consists of the different mechanical constituents that captured modulating mechanical 

responses of the VICs resulting from different activation states and loading conditions. 

Using the simulations, we revealed that α-SMA fiber expression and contraction was the 

major modulator of the overall mechanical response of the VIC.  In addition, we found that 

the activation states do not influence the mechanical behavior of a nucleus. We also showed 

that our model could be used to simulate the stiffening of the cell due to contractile 

activities and to analyze the traction that the VICs exert on the substrates. Our model 

elucidated that in inactivated state, the -SMA fiber stiffness dominates over the 

underlying cytoskeleton stiffness, and that the significant increase in the stiffness of the 

VICs in activated states from inactivated states is due to the contraction of the -SMA 

fibers.  Interestingly we determined that AVIC -SMA fiber stiffness is intrinsically higher 
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that in PVICs. Thus, in order to understand the VIC mechanics more accurately, we need 

to understand the intrinsic stiffness and contractile force development of the stress fibers.  

We hope that our model can provide more holistic view of the physiology of the VICs. In 

addition, while we took a continuum approach, this will allow us to easily incorporate it 

within a larger multiscale model of the entire valve. Then, our model can be used to study 

the mechanics of diseased heart valve tissues and the variations in the mechanical 

properties of the different heart valves.  
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CHAPTER 6 STRESS FIBER MODEL 

6.1 Preface 

In Chapter 5, the intrinsic contractile forces of stress fibers in aortic VICs (AVICs) 

and pulmonary VICs (PVICs) were studied [88]. The simulation results predicted that the 

stress fibers within VICs indeed exhibited significantly stronger intrinsic contractile force 

than the ones in PVICs [88] by a ratio of about 9 to 1, suggesting intrinsic differences 

between these two VIC types at the sub-cellular component level. However, the model 

used in Chapter 5 did not consider the stress fiber length-tension relationship [89] nor the 

3D stress fiber geometry. In addition, the model only considered the expression levels of 

α-SMA, although stress fibers are composed of actin bundles cross-linked by α-actinin with 

double-headed myosin II motor protein [90], with α-SMA only one of different 

components. Moreover, only two states of the VICs were analyzed: inactivated state used 

in micropipette aspiration experiment and activated state used in AFM. In order to assess 

the biomechanical properties of the VICs more accurately, there is a need for data from 

different activation states, especially those that simulate pathological states.  

In this chapter, using a new set of experimental data, the stress fiber mechanical 

responses under various activation states were studied. Specifically, insight into how F-

actin and α-SMA coordinate to affect VIC cell-level stress biomechanics was studied.  The 

objectives in this chapter were to: 1) develop an improved computational model of a VIC 

by incorporating a more realistic stress fiber model, inspired by recent development in 

computational cell mechanics [34, 39] and micromechanical experimental observations 

[34, 39], and 2) to derive the insight in how the stress fibers in the VICs adapt to different 
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activation states. To this end, novel data from microindentation force-displacement, stress 

fiber orientation, and α-SMA and F-actin expression level studies for different activation 

levels was used. The VIC activation levels were modulated using Cytochalasin D, KCl 

molar concentration, and TGF-β1, which mediates pathological processes. Simulation of 

the mechanical responses of contractile VICs under different activation levels provided us 

with the insight on how α-SMA and F-actin expression levels influenced stress fiber 

passive elastic and active contractile responses. Validation of the model was performed by 

determining the total force that the VIC exerted on the underlying substrate and compared 

to traction force microscopy studies. This is the first step towards understanding how the 

biomechanical changes in subcellular structure influence the mechanical interaction 

between VICs and surrounding tissues. 

6.2 Materials and Methods 

6.2.1 EXPERIMENTAL GROUPS 

The experimental design focused on modifying VIC activation states biochemically 

to alter the biomechanical state of the stress fibers. We chose the following five 

experimental conditions: Cytochalasin D pretreated group (CytoD), Control groups with 5 

mM and 90 mM KCl treatments (C5 and C90 groups, respectively), and Transforming 

growth factor-beta1 (TGF-β1) pretreated groups with 5 mM and 90 mM KCl treatments 

(T5 and T90 groups, respectively). The details of each group are provided in the following: 

1. CytoD group. Cytochalasin D is a potent inhibitor of actin polymerization. By 

disassembling the actin network of the VICs, microindentation can be used to 

measure the baseline global stiffness of the nucleus and cytoplasm and serve as a 
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negative control throughout the study. The resulting stiffness is hypothesized to be 

similar to that which has been measured using micropipette aspiration in previous 

studies (0.45 kPa) [45]. 

2. C5 and C90 groups. Testing in 5mM KCl mimics a normal physiological 

environment, creating a passive stiffness in the VIC cytoskeleton. Addition of 

90mM KCl during microindentation testing initiates active contraction within the 

VIC cytoskeleton and mimics a hypertensive physiological condition. VICs 

cultured in standard low serum media also served as a second negative control for 

the TGF-β1 treated VICs in the following. 

3. T5 and T90 groups. TGF-β1 is a prolific growth factor and has been shown to 

initiate calcification in vitro and accelerate valvular stenosis in vivo [91, 92]. 

Immunohistochemical studies revealed the presence of high levels of TGF-β1 in 

calcified human aortic valves when compared to noncalcified [93]. It has been 

shown to mediate differentiation of VICs into active myofibroblasts in vitro, 

determined by a significant increase in α-SMA, a gold standard marker for 

identifying myofibroblasts, and augmentation of stress fiber formation and 

alignment, and increases VIC contractility [94]. Testing in 5mM KCl represents a 

normal physiological environment, enabling the measurement of VIC 

biomechanical properties in myofibroblast-like VICs under normal state, and the 

addition of 90mM KCl will allow the measurement in myofibroblast-like VICs 

under hyperactive state. 

6.2.2 VIC PRETREATMENT CULTURE: ALTERING EXPRESSION LEVELS OF Α-SMA AND 

F-ACTINS 

Glass bottom culture dishes (MatTek, Ashland, MA) were coated with collagen 

type 1 (BD Biosciences, San Jose, CA) in 0.02N acetic acid at a concentration of 10ug/mL. 
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The solubilized collagen solution was incubated on the glass for 1 hour at 37°C. Excess 

solution was aspirated and coated dishes were left to dry under UV overnight and then 

rinsed with PBS. Aortic valve VICs were generously provided by Dr. Ferrari’s group at 

University of Pennsylvania, where the isolation of VICs was performed using a 

modification of the method described by Branchetti et al. [95].  Primary VICs were thawed 

and cultured in Dulbecco’s Modified Eagle Medium (DMEM) with high glucose and 10% 

fetal bovine serum) at 37°C and 5% CO2 until reaching 80% confluence in monolayer. 

VICs (P2-P4) were lifted from tissue-culture treated flasks and seeded on the collagen 

coated coverslips at a concentration of 7,000/cm2 and cultured in Dulbecco’s Modified 

Eagle Medium (DMEM) with high glucose and low-serum (LS) medium (1% FBS 

supplemented). VICs were treated for a period of 5 days with additional TGF- β1 (5ng/mL) 

(Sigma-Aldrich, St Louis, MO) and control cells were cultured in plain media (all 

conditions were LS). Cultures were replenished with TGF-β1 and fresh media every 48 

hours.  

6.2.3 MICROINDENTATION STUDIES 

An atomic force microscope (MFP-3D, Asylum Research, Santa Barbara, CA) with 

cantilevers with a borosilicate glass sphere (5μm diameter, Novascan Technologies, Ames, 

IA) were used for all testing. The cantilever spring constant (typically 0.027 N/m) was 

determined from the spectral density of the thermal noise fluctuation prior to testing. 

Microindentation testing started by having the cantilever probe positioned over each VIC 

nuclei to maintain consistency of measurements due to varying cell shapes. Each VIC was 

indented at a constant velocity of 2.0 μm/s until a trigger force (2.5nN) was reached, the 
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approach of the cantilever stopped and immediately retracted at the same velocity as the 

approach. The resulting force throughout the indentation protocol as well as the indenter 

position were recorded. In order to calculate the actual indentation depth from the indenter 

position, the indenter-cell contact point was determined by method based in part on Guo 

and Akhremitchev [96]. The indenter position at which the force started rising was 

identified by fitting the modified Hertz model [97] to the indenter position vs force curve. 

After 5 days of incubation, the TGF-β1 and non-treated VICs were first tested under 

normal physiological levels of 5mM KCl at 37°C. The same VICs were then incubated at 

37°C for 10 minutes in hypertensive levels of KCl (90mM) and retested. Finally, the same 

VICs were treated with 20μM Cytochalasin-D (Sigma-Aldrich, St Louis, MO) for 10 

minutes at 37°C to cause complete depolymerization of the actin network and tested using 

microindentation a third time. To ensure CytoD concentration and incubation time was 

effective, samples were given CytoD supplemented with 90mM KCl and measured using 

microindentation. There was no measured increase in stiffness between the 5mM and 

90mM controls when delivered with CytoD (data not shown). Immediately after the 

indentation on a VIC, the substrate very next to the VIC was indented to determine the cell 

height from the difference in the contact points. 

6.2.4 FLUORESCENT MICROSCOPY 

Immediately following microindentation measurements, VICs were washed twice 

with PBS to remove excess media then fixed in 4% Paraformaldehyde (Electron 

Microscopy Sciences, Hatfield, PA) in PBS for 15 minutes. Following fixation, VICs were 

permeabilized using 0.1% Triton-X-100/PBS and nonspecific binding was blocked using 
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1% BSA for 30 minutes. VICs were incubated for 1 hour with α-SMA  monoclonal 

antibody (1:125, mouse anti-porcine, ThermoFisher Scientific, Waltham, MA). The 

primary antibody was removed through PBS washes and VICs were incubated with a FITC 

conjugated secondary antibody (1:125 goat anti-mouse, Millipore) and TRITC-conjugated 

Phalloidin (1:100, Millipore, Billerica, MA)  to stain for filamentous actin (F-actin). VIC 

nuclei were counterstained with DAPI (Life Technologies, Carlsbad, CA) for 5 minutes 

prior to mounting with ProLong Diamond Antifade mountant (ThermoFisher Scientific). 

Note that F-actin exists in the stress fibers [90] while α-SMA can exist inside the cytoplasm 

or within the stress fibers, collocalized with F-actin [16]. 

Fluorescent images were taken from each of the five experimental groups. A 

minimum of 10 images was taken from each group (20x objective, TRITC, FITC, DAPI 

filters) with a fluorescent microscope (Zeiss Axiovert 200M, Zeiss, Germany). Exposure 

time remained constant to allow for a relative quantitative analysis between groups. The 

average signal intensities of F-actin within VICs were determined from the florescent 

images using in-house Python script. The florescent images of the F-actin and α-SMA of 

the same VICs were overlaid to determine the collocalization of α-SMA with F-actin. Then, 

using the same Python script, the average signal intensities of α-SMA collocalized with F-

actin were determined. 

6.2.5 CONFOCAL MICROSCOPY 

Z-stacks were taken from all five experimental groups (minimum 5 cells each) 

using confocal microscopy to determine the appropriate VIC and nucleus geometries and 

stress fiber orientations for each activation state (Zeiss LSM 710, Zeiss, Germany). The 
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length and width of each VIC were measured visually from the confocal images (Figure 

6.1, top-view). The VICs on a flat substrate typically exhibited elongated morphology. 

Thus, we defined the length as a distance between cell tips in the elongated direction, and 

width as a maximum distance between cell edges in the direction parallel to the length-

direction. The nucleus within the VICs also exhibited an ellipsoidal morphology. Using the 

same length- and width- directions, we measured the length and width of the nucleus. We 

also measured the height of the nucleus from the cross-section image produced by z-stacks 

(Figure 6.1, side-view). Stress fiber orientation was measured using top-view images, with 

F-actin visualized by florescence as previously described. We used the directionality plugin 

of Fiji image processing package [98] to extract the orientation histogram for each VIC. 

Then, we set the preferred direction of the fibers to 0 degrees, which corresponded to the 

VIC elongation direction. We averaged the orientation histogram from each VIC for the 

same experimental groups (Figure 6.2) and used the constrained von-Mises distribution to 

fit these average histograms (described in Section 6.3.3). 
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Figure 6.1 – Geometric quantity measurement of a VIC from a typical confocal microscopy 

image. F-actin and nucleus were visualized by fluorescent tags (green and blue, 

respectively). Cell length and width and nucleus length, width, and height were measured 

for VICs in each experimental group. The mean values of these geometric quantities were 

used for simulation. Note that the cell height was measured by microindentation, as we 

could not measure it from the confocal microscopy images alone. 
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Figure 6.2 – The orientation histogram and corresponding fit of the constrained von-Mises 

distribution to CytoD (left) and C5 (right) groups. 

6.3 VIC Computational Model 

In Chapter 3, we developed the general framework of the VIC computational 

model. Then in Chapter 5, we extended the model to capture the VIC’s mechanical 

responses under micropipette aspiration (suspended in a fluid, stress fibers inactivated) and 

AFM (plated on a flat substrate, stress fibers activated) [88]. In the following, we improved 

on this model by: 1) incorporating a realistic stress fiber geometry, 2) incorporating the 

fiber length-tension relationship, and 3) developing the stress fiber contraction model with 

contributions from different constituents of stress fibers (F-actin and α-SMA).   Details are 

provided in the following. 
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6.3.1 VIC DOMAINS AND BOUNDARIES 

We simulated a representative VIC as being plated on a flat substrate with two 

subdomains Ωcyto and Ωnuc that represent the cytoplasm and nucleus, respectively (Figure 

6.3). The spherical indenter was considered as a rigid body with domain Ωind. The substrate 

was not explicitly modeled as the VICs were cultured on thin-layered collagen substrates 

on a glass, and VICs developed strong adhesion with the substrate [99]. Thus, the substrate 

deformation should be negligible. Under these assumptions, we prescribed the no-slip 

boundary condition on the bottom of the VIC (Γbottom ,  Figure 6.3). A sliding frictionless 

contact boundary condition was applied between the top boundary of the VIC (Γtop, Figure 

6.3) and the rigid indenter. We assumed that the VICs did not produce any adhesion with 

the indenter because the indenter only touched the VICs for less than a second. The 

cytoplasm and nucleus were assumed tightly connected so that there is no the displacement 

between their interfaces. We prescribed the zero displacement, zero residual stress initial 

conditions. In addition, we prescribed the stress fiber ODF measured from experiment as 

the initial fiber orientation. 
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Figure 6.3 - VIC model. The computational domain consists of three subdomains: Ωcyto, 

Ωnuc, and Ωind, which represent the cytoplasm, nucleus, and rigid spherical indenter, 

respectively. The cytoplasm was considered as a solid mixture of basal cytoplasm (green 

network in the inset) and oriented stress fibers (black oriented lines in the inset). The basal 

cytoplasm was modeled as a nearly incompressible neo-Hookean material. The stress fibers 

were modeled as the ensemble of oriented 1D fibers with passive elastic and active 

contractile responses with their orientation described by a continuum orientation 

distribution function. The substrate was not explicitly modeled, as the no-slip boundary 

condition was prescribed on Γbottom. The contact between the indenter and VIC was 

modeled by no-penetration, no-slip contact boundary condition. 

6.3.2 MODEL COMPONENTS 

The general framework used in this study was the same as the one in Chapter 5. 

The conservation of linear momentum equation (5.1) was used. For the material models of 

the cytoskeleton phase and nucleus, nearly incompressible neo-Hookean model was used 

(3.30) with appropriate shear moduli. The cytoskeleton phase shear modulus determined 

from the previous study was used: 5 Pa. Also, the previous study in Chapter 5 showed that 

the nucleus shear modulus was unaffected by the type of VICs or stress fiber orientation 
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assumption [88]. Thus, the nucleus shear modulus determined from the previous study was 

used: 15 kPa. 

6.3.3 STRESS FIBER ODF 

Stress fibers were modeled as the ensemble of oriented 1D fibers with passive 

elastic and active contractile responses with their orientation described by a 2D continuum 

orientation distribution function Γ. In Chapter 5, we used the spherically symmetric ODF 

or cylindrically symmetric ODF, as we did not have any data on stress fiber orientation 

[88]. In this study, we had the stress fiber visualized by staining F-actin within the VICs. 

Thus, we developed a more accurate representation of the stress fiber orientations. Here, 

we used a constrained von-Mises distribution for the ODF [100], which is a weighed 

mixture of semi-circular uniform distribution and semi-circular von-Mises distribution 

    
   

                 

2

1 f
0 0 f p

0 f 0 f

I (k )1
( ) ( ) exp k cos 2( ) ,

I (k ) I (k )
m m   (6.1), 

where θ is the direction of the m0, θp is the preferred direction of the fiber, kf is the fiber 

concentration factor, and I0 and I1 are the modified Bessel function of the first kind with 

order 0 and 1, respectively. The examples of the constrained von-Mises distributions are 

shown later with the actual orientation distribution histogram of the VICs (Figure 6.2). 

Also, note that this is a 2D distribution. Thus, in order to describe the stress fibers within 

the 3D space, we needed to define the local plane on which the ODF lies. We defined the 

local plane using the local vector that is orthogonal to the plane. On the top surface, the 

plane normal corresponded to the surface normal of the VIC.  On the bottom surface, we 

defined “adhesion regions” which span from the cell top to the 1/3 of the ellipsoid radius 
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towards the center (Figure 6.4). In the adhesion regions, the pane normal was assumed 45 

degrees from the bottom surface, which was the angle that the stress fibers exert maximum 

2D traction force on the substrates. In the non-adhesion regions, the plane normal on the 

bottom surface corresponded to the surface normal of the top surface directly above. Once 

we defined the plane normal for top and bottom surfaces, we linearly interpolated the 

normal inside the cell in z-direction. In addition, we defined that the x-direction is the 

preferred direction the stress fiber orientation (θp) as visualized in (Figure 6.4). Thus, θp is 

zero when the fibers are oriented in x-direction. 
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Figure 6.4 - 3D orientation of the stress fibers and specification of adhesion regions. The 

stress fiber orientation distribution functions were defined on local 2D planes, whose 

normal vector depends on the position within the VIC. On the top surface, the plane normal 

corresponds to the surface normal of the VIC (without y-component). On the bottom 

surface, we defined “adhesion regions”, which span from the cell tip to the 1/6 of the cell 

length towards the center. In the adhesion regions, the plane normal is defined 45 degrees 

from the bottom surface. In the non-adhesion region, the plane normal correspond to the 

surface normal of the ellipsoid directly above (without y-component). Once we defined the 

plane normal for top and bottom surfaces, we calculated the plane normal inside the VIC 

by linearly interpolate the top and bottom normal vectors. Thus, moving from the bottom 

to top surfaces of the VIC, the plane normal transitions smoothly. The preferred orientation 

of the fibers (θp) corresponds to the x-direction. 

6.3.4 STRESS FIBER MODEL. 

The stress fibers were modeled using the following passive and active components 
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J
T F m m m m m F   (6.2), 

where the integration is performed over   [ , ]
2 2

, m0(θ) specifies the initial direction 

of the fibers, and Tp and Ta represent the 1D passive and active stresses, respectively. Note 

that the integration was performed on the local plane on which the ODF is defined (Figure 
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6.4). The function Γ(m0) in (6.2) represents the referential orientation distribution function 

(ODF) of the fibers with respect to the direction m0. Note that Γ was defined on the local 

plane, which depends on the location within the VIC, as described in 6.3.3. 

6.3.4.1 Passive stress  

The passive elastic response of the stress fibers was modeled by assuming that each 

stress fiber was as a 1D elastic rod 

   p

F actinsf 4T 2μ (I 1)   (6.3), 

where μsf is the shear modulus of the stress fiber and F actin  is the expression level of the 

F-actin in the VIC. We assumed that 1D passive stress of the stress fibers should be 

proportional to the intrinsic shear modulus of the fiber (μsf) and the amount of the stress 

fibers ( F actin ).  

6.3.4.2 Active stress 

We represented the stress fiber active contractile tension level (Ta in (6.2)) as a 

product of two components; the maximum contractile strength and length-tension 

relationship. As far as we know, there are currently no studies that describe how the stress 

fiber tension varies over different stretch level within a living cell. However, the classical 

muscle fiber length-tension relationship  indicates that the stress fiber contraction peaks at 

some stretch level and decreases as the fibers lengthen or shorten [89]. We thus assumed 

that the stress fibers within the VICs follows this relationship. In addition, previous studies 

on contractile myofibroblasts indicated that incorporation of α-SMA into stress fibers 

enhanced their contractility [101]. Assuming that there exists basal contractility on the F-
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actin without α-SMA due to actomyosin motor activities, we modeled that maximum 

contractile strength depends on both the expression levels of F-actin and α-SMA, and that 

the shape of the length-tension relationship curve is scaled by the maximum contractile 

strength. We further modeled the maximum contractile strength f0, as the linear 

combination of the F-actin and α-SMA expression levels, based on the following 

observations and assumptions: 

1. F-actin is the main component of the stress fibers. Thus, the F-actin expression level 

represents the amount of stress fibers within the cell. Assuming that each actin 

building block of the stress fibers contract with the same manner, the higher the F-

actin expression level, the stronger the VIC contracts. 

A number of studies reported that the incorporation of α-SMA into the stress fibers 

enhanced the contractility of the myofibroblasts or fibroblasts [19, 46, 102, 103], and the 

correlation between the α-SMA expression to the contraction strength seems linear [19]. 

Based on these assumptions, the stress fiber active contractile tension was defined 

as 

          a

SMA F actin 0 SMA F actin lT ( , , ) f ( , )f ( )  (6.4), 

where f0 represents the maximum contractile strength, which depends on the expression 

levels of F-actin and α-SMA (  and , respectively), and fl represents the length-

tension relationship, which only depends on the stretch (λ). Our maximum contraction 

model is thus 

          F actin SMA F actin SMA0 F actin SMAf ( , ) f f  (6.5). 

F actin SMA
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Here, we introduced two constants, fF-actin and fα-SMA, which represent the contraction 

strength of the stress fibers per unit expression level of F-actin and α-SMA, respectively. 

These values were assumed constant over VICs for different activation states. 

For the length-tension relationship model, we used the following length-tension 

relationship model inspired by Farsad and Vernerey [39] 

 
        

  

* * 2

l 0 0

4

f ( , , ) exp( (( ) / ) )

(I 1) / 2
 (6.6), 

where ε is the fiber strain, ε* represents the strain level at which the maximum contraction 

occurs, and ε0 represents how fast the contractile strength decays about ε*. We confirmed 

that the choice of ε* had little effect the simulation result as long as |ε*| < ε0. Thus, we 

assumed that the maximum contraction occurs at ε*=0, and that the representative value of 

ε0 was 0.1, which produced the length-tension relationship similar to the original muscle 

fiber tension study by Edman [39, 62].  

In summary, the final version of the VIC biomechanical model is 
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6.4 Material elasticity tensor of the stress fiber phase 

Similar to Section 5.3.5, we derive the material elasticity tensor for the stress fiber 

phase. The second Piola-Kirchhof stress within stress fibers were modeled using the 

passive elastic and active contractile components. From the second and third lines in (6.7)

, the second Piola-Kirchhof stress tensor for the stress fiber phase is, 
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And the material elasticity tensor can be derived: 
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  (6.9). 

Therefore, we need to derive three derivatives:  p

4T / I  and  a

4T / I . 

1. The passive part of the elasticity tensor was already derived in (5.9). 

2. The active part of the elasticity tensor is 

 
    

    
     

a 2

0 2 2

4 0 0I
2

T
f exp   (6.10), 

where   4(I 1) / 2 . 

In the actual finite element implementation in FEBio, the material elasticity tensor (6.9) 

was push-forwarded to the spatial description. 
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6.5 Numerical solution 

The system of partial differential equations presented above was solved by the open 

source finite element package FEBio [69]. The fiber passive and active stress models were 

implemented as a plugin extension to FEBio. The derivation of the elasticity tensor needed 

for the implementation is described in Section 6.4. The simulations were quasi-static; the 

indentation depth of the rigid indenter was prescribed over time, and the static solutions 

were calculated at each time step. At each integration point, in order to integrate the stresses 

from every direction in (6.2), numerical integration was carried out with ~200 different 

directions on the local plane where the ODF was defined. The convergence of the algorithm 

has been numerically observed against the finest-mesh (“overkill”) solution. Specifically, 

we checked whether the reaction force from the VIC to the indenter converged to some 

value for different indentation depth and model parameters. About 50,000 linear 

tetrahedron (TET4) elements were used for the typical computations, where we observed 

the sufficiently accurate results. Mesh was refined around the indenter-VIC contact region 

(Figure 6.5). 
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Figure 6.5 – The actual simulation geometry and mesh. The simulation was carried out in 

the quarter-domain by utilizing symmetry. The mesh was refined around the indenter-VIC 

contact region. 

6.6 Simulation setup and parameter estimation strategy 

We used a simplified geometry for the microindentation simulation. We idealized 

the initial shape of the VIC as a half-ellipsoid, and the shape of a nucleus as a full-ellipsoid. 

The average width and length of the VIC were measured from the confocal microscopy, 

and average height of the VIC was measured by microindentation. The indenter was 

modeled as a rigid sphere with 5 μm diameter. The average width, length, and height of the 

nucleus were measured by the confocal microscopy too. The actual simulation took place 

in a quarter domain using symmetry (Figure 6.5). The simulation consists of two steps: 1) 

the VIC starts from the undeformed configuration and evolves to a fully contracted state, 

and 2) the indentation was applied. The reaction force to the indenter for each indentation 
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depth was calculated. Then, from the indentation depth vs force relationship, we calibrated 

the model parameters using nonlinear least squares with the Levenberg–Marquardt 

algorithm. Because we did not have analytical form of the objective function, the numerical 

gradient was calculated for the optimization procedure with forward difference 

approximation. Here, at each iteration, the objective function was calculated, with each 

parameter slightly varied, and the difference in the solutions were used to compute the 

gradient. 

Next, we utilized the following step-by-step approach to estimate one parameter at 

a time to determine parameters in (6.7). We used two parameter value from the previous 

study in Chapter 5: basal cytoskeletal shear modulus (μcyto) and nucleus shear modulus 

(μnuc) [88]. We set μcyto and μnuc as 5 Pa and 15 kPa, respectively. The expression levels of 

α-SMA ( ) and F-actin ( ) as well as the stress fiber ODF (Γ) were measured 

from experiments.  In summary, our parameter estimation strategy steps were as follows 

1. Determine μsf value from CytoD group, assuming that the contraction strength (f) 

is zero.  

2. Use the determined μsf value for the rest of the steps. 

3. Determine f0 values from C5, C90, T5, T90 groups. 

4. Using multilinear regression, determine fα-SMA and fF-actin values from , 

, and f0 values for different experimental groups 

The underlying assumption for the step 4 was that fα-SMA and fF-actin are constant 

over different experimental groups, and that the changes in the force were due to changes 

in the expression levels of F-actin and α-SMA. For each group, the mean and standard error 

SMA F actin

F actin

SMA
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of the estimated or measured values were calculated. In addition, the statistical significance 

of the difference in mean values of two sample populations were analyzed using the 

Student’s t-test, with p-value < 0.05. 

6.7 Results 

6.7.1 CELL AND NUCLEUS DIMENSIONS 

The cell lengths, widths, and heights were obtained from confocal images and 

microindentation experiments (Figure 6.6). Generally, VICs flattened and elongated when 

activated by KCl and/or TGF-β, and undersent greater elongation when treated with 90 

mM KCl. In contrast, VICs exhibited increased heights when treated with CytoD. Since 

we only had a limited number of confocal images of nucleus, and the dimension of nucleus 

seems unaffected by the activation state of the VICs, we only used the one, uniform 

measurements for the nucleus dimension. The mean length, width, and height of the 

nucleus with standard errors are 20.1±0.8 μm, 10.8±0.71 μm, and 2.71±0.23 μm, 

respectively (n=27 each). 
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Figure 6.6 – Means and standard errors of the length and width (left) and the height (right) 

of the VICs for each group. The average lengths of the VICs were: 60.1±5.2 μm (n=12) 

111.9±7.0 μm (n=13), 144.7±9.2 μm (n=7), 91.5±5.5 μm (n=11), and 105.2±6.2  μm 

(n=14) μm for CytoD, C5, T5, C90, and T90 groups, respectively. The average widths of 

the VICs are: 20.8±1.3 μm (n=12), 22.6±0.9 μm (n=13), 28.2±3.3 μm (n=7), 22.1±1.8 μm 

(n=11), and 28.5±2.7 μm (n=14) for CytoD, C5, T5, C90, and T90 groups, respectively. 

The average heights of the VICs are: 10.1±0.4 μm (n=89), 6.9±0.4 μm (n=88), 6.1±0.1 μm  

(n=88), 6.9±0.1 μm (n=83), and 5.9±0.2 μm (n=90) for CytoD, C5, T5, C90, and T90 

groups, respectively. 

6.7.2 FIBER EXPRESSION LEVELS QUANTIFICATION 

The expression levels of F-actin and α-SMA within each VIC in different groups 

were quantified using their signal intensities (Figure 6.7).  For each measurement, the 

expression levels were normalized by the one for CytoD group. The KCl treatment 

increased the expression levels of F-actin and α-SMA in a dose-dependent manner. C90 

group had higher expression level than C5 group, and T90 group had higher expression 

level than T5 group for both proteins. TGF-β1 influenced the expression levels in a similar 
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manner. However, when TGF-β1 treatment and 90 mM KCl treatments were combined, no 

or little increase in the F-actin expression was observed (Figure 6.7 left). Unlike F-actin, 

combination of TGF-β1 treatment and KCl 90mM treatment significantly increased the 

expression level of α-SMA (Figure 6.7 right). 

 

  
Figure 6.7 – Normalized expression levels of F-actin (left) and α-SMA (right). The 

expression levels were normalized by the one for CytoD group. The TGF-β treatment 

and/or KCl treatment activated the VICs, expressing higher level of F-actin and α-SMA.  

6.7.3 STRESS FIBER ODF QUANTIFICATION 

The values of kf in (6.1)  for different groups were determined using orientation 

histograms (Figure 6.2). The kf values of the CytoD group was 1.59 while that of other 

groups was around 3.0 (Table 6.1). Thus, VICs in CytoD group had less directionality than 

other groups. We observed some remaining fiber structure even after CytoD treatment. The 
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R2 values of the fit is mostly above 0.95 (Table 6.1), and the constrained von-Misses 

distribution qualitatively captured the stress fiber orientation distribution (Figure 6.2).  

 

group k
f
 n R2 

CytoD 1.59 18 0.97 

C5 3.22 17 0.99 

C90 3.07 11 0.97 

T5 3.00 12 0.88 

T90 2.95 28 0.99 

Table 6.1 – Stress fiber ODF quantification 

6.7.4 MODEL PARAMETER ESTIMATION (WITH Ε0=0.1) 

We first estimated the value of the stress fiber shear modulus (μsf) using the 

indentation data of CytoD group. The determined μsf
 value was 195.1±24.0 Pa (n=39). 

Since the shear modulus of the stress fibers was determined from the non-contractile VIC, 

this value is independent of the active contraction model, or the value of ε0. Using the μsf
 

value and expression levels of F-actin for each group, we calculated the total shear modulus 

of the stress fibers ( ), which were 195.9±24.0 Pa, 301.9±37.1 Pa, 

1379.9±169.8 Pa, 904.9±111.3 Pa, and 1410.3±173.5 Pa for CytoD, C5, C90, T5, and T90, 

respectively (Figure 6.8 left). Using the indentation data, we determined the maximum 

contraction strength (f0) values for C5, C90, T5, and T90 groups. Note that f0 value was 

assumed 0 Pa for CytoD group. The determined values were 399.7±49.1 Pa (n=36), 

sf
F actintot sf   
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695.6±102.3 Pa (n=27), 798.4±225.9 Pa (n=33), and 1276.7±164.8 Pa (n=26), for C5, C90, 

T5, and T90 groups, respectively (Figure 6.8). 

  
Figure 6.8 – (left) Total shear moduli of the stress fibers ( ) of the stress fibers. The 

treatments of TGF-β1 and 90 mM of KCl significantly increased the expression level of F-

actin, enhancing the total shear modulus of the stress fibers. (right) The maximum 

contraction strengths (f0) of the stress fibers. The treatments of TGF-β1 and KCl enhanced 

the contractile strength, and their effects can be combined. 

6.7.5 QUANTIFICATION OF FF-ACTIN AND FΑ-SMA VALUES 

Using the maximum contraction strength (f0) obtained in Section 6.7.4 and the 

expression levels of F-actin and α-SMA for each group, we derived the contribution of the 

F-actin and α-SMA to the contraction strength of the stress fibers. The data from these four 

groups combined with the equation (6.5) yielded the four linear equations with two 

unknowns. Thus, we used multilinear regression to estimate the values of fF-actin and fα-SMA, 

sf
tot
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which were 76.7 Pa and 96.8 Pa, respectively, with R2 values of 0.7. The positive fα-SMA 

value means that the incorporation of α-SMA into the stress fibers indeed enhance the 

contraction of the stress fibers, as reported previously [19, 46, 102, 103]. Once the values 

of fF-actin and fα-SMA were established, we calculated the contributions of the F-actin and α-

SMA to the overall contractile strength as follows 

      F actin SMA0,estimated F actin SMAf f f  (6.11), 

using the  and values, we estimated  and values from each group 

(Figure 6.9). Although the increase in F-actin expression can explain some increase in the 

contraction strength of VICs (Figure 6.9), incorporation of α-SMA into the stress fibers 

was clearly the dominant effect (Figure 6.9).  

F actinf  SMAf F actin SMA
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Figure 6.9 – Contributions of the F-actin and α-SMA to the maximum contraction strength 

(f0) for each group. Red columns represent the maximum contraction strength values (f0) 

originally determined from the simulations (Figure 6.8) with 95% confidence interval. The 

stacked green/blue columns represent the estimated maximum contraction strength values 

(f0,estimated) calculated from the equation on the bottom, using fF-actin and fα-SMA values. The 

corresponding equation (6.11) to calculate f0,estimated values is shown, with blue box 

representing the F-actin contribution and green box representing the α-SMA contribution. 

F-actin does contribute to the contraction strength, but α-SMA has the dominant effect on 

the contraction strength. The multilinear model roughly estimate the contraction strength, 

but as the R2 value of 0.7 indicates, the multilinear model cannot explain all of the 

contraction behavior of the stress fibers. 
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6.7.6 PARAMETRIC STUDY – EFFECT OF Ε0: CONTRACTION LENGTH-TENSION 

PARAMETER TO F0 VALUES 

As stated above we used 0.1 for the value of ε0, which controls how fast the 

contraction strength decays when the stress fibers lengthen or shorten. The larger the value 

of ε0, the less sensitive (or more constant) the contraction strength gets for different stretch. 

We carried out a parametric study to see how the value of ε0 affect the f0 values calibrated. 

We used the values for ε0= 0.01, 0.1, 1.0, 10.0, 1000.0 (Figure 6.10). Note that if we 

decreased the value of ε0 too much, the length-tension relationship became a “spike”, where 

the stress fiber generated tension in a very narrow range, and it made the simulation 

unstable due to discontinuity of the stress. Thus, we limited the value of ε0 to be equal or 

greater than 0.01. The results indicated that the maximum contraction strengths of the VICs 

(f0 values) estimated were relatively unaffected by the length-tension behavior of the stress 

fibers controlled by ε0 values. The trends stayed the same, and there were some increase in 

the estimated f0 values as ε0 value decreased, meaning that stress fibers only generated 

tension in a narrower range. Thus, in order to compensate the fact that the stress fibers can 

only generate tension in a narrow range, its maximum contraction strength needed to be 

larger. However, this effect was minimal. 
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Figure 6.10 – Parametric study: effect of the length-tension parameter values (ε0) to the 

estimated maximum contraction strength (f0) values. The ε0 values used were: (a) 0.01, (b) 

0.1, (c) 1.0, and (d) 10.0. There are slight increase in the estimated f0 values as ε0 value 

decrease, the trend stays the same, and the f0 values are relatively unaffected by ε0 values. 
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6.8 Discussion 

6.8.1 PRIMARY FINDINGS 

In this study, we investigated how the two major mechanical components of VIC 

stress fibers, F-actin and α-SMA, contributed to the VIC cell-level mechanical responses. 

We extended the existing VIC solid mixture model [88] by incorporating the length-tension 

relationship and contributions of the F-actin and α-SMA components of the stress fibers. 

We then used the finite element method to implement the computational model and 

simulated the mechanical responses of VICs to microindentation, with varying activation 

states controlled by biochemical stimuli. Combining the experimental data of the VICs 

under different activation states, we investigated how the incorporation of α-SMA into the 

stress fibers contributed to the increase in the contraction strength, and the mechanical 

interaction between VICs and substrates. This is the first study to quantify how the different 

components of the stress fibers contribute to the overall contraction strength. 

We utilized the data from various experimental measurements, including 

cell/nucleus dimensions measured from 3D confocal z-stacking, fiber orientation 

distribution obtained from confocal images, and expression levels of F-actin and α-SMA 

collocalized in the stress fibers determined from fluorescent images. The VIC dimensional 

data from different groups indicated that the stronger the contraction, the more the VIC 

flattened and elongated (Figure 6.1). The elongation of the myofibroblasts and VICs by 

TGF-β1 treatment was previously observed by other experimental studies [17, 104]. The 

F-actin expression quantification indicated that the two groups treated with 90 mM of KCl 

(C90 and T90) have nearly the same expression levels of F-actin (Figure 6.7). It is possible 
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that the VICs ran out of the actin monomers within the cytoplasm after the treatment of 

TGF-β1, and adding 90 mM of KCl did not have any effect. We utilized a microindenter 

with a 5 μm diameter. In our previous study, we used the atomic force microscopy data 

with a nano indenter, which has a conical shape. The conical indenter was useful to extract 

the local mechanical properties of a VIC. For example, we used the difference in the 

mechanical responses of the VICs on central and peripheral regions to extract the stiffness 

of the nucleus in our previous study [88]. However, in this study, we used the micro scale 

indenter, hoping to extract more global mechanical response of the VICs. 

Previously, the intrinsic contractility of the stress fibers within VICs and PVICs 

were determined from micropipette aspiration and AFM experiments [88]. However, how 

the different components of stress fibers influenced the contractility were largely unknown. 

In this study, we further investigated this theory by splitting the contraction strength into 

two parts: F-actin contribution and α-SMA contribution. Here, we assumed that there 

existed a basal contractile force within F-actin bundles due to actomyosin motor activities, 

and incorporation of α-SMA into the stress fibers enhanced the contractility. The fact that 

α-SMA contribution is positive means that the addition of the α-SMA into stress fibers 

indeed enhanced its “intrinsic” contractility, or the contractility of the stress fibers per its 

unit volume. Using the model, we showed that the contribution of α-SMA to total 

contraction strength of the stress fibers was substantial (Figure 6.9), which is consistent 

with the previous study of myofibroblasts [15-20]. In other words, the increase in F-actin 

content alone could not explain the increase in the contraction strength of the VICs in 

activated states. The multilinear model successfully predicted the maximum contraction 
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strength (f0,predicted) within the 95% confidence intervals of the means (Figure 6.9) except 

C5 group.  

In our previous study, we used the expression levels of α-SMA within the entire 

VICs [88], assuming that the expression levels of α-SMA within the VICs were 

proportional to the expression levels of α-SMA within the stress fibers, which may not be 

completely accurate, as the α-SMA can associate and dissociate from the stress fibers [16, 

105]. Also, in our previous study, we considered the expression levels of α-SMA as the 

measure for the relative expression level of the stress fibers. Again, this is not the most 

accurate representation of the expression level of stress fibers because the stress fibers can 

exist without any α-SMA content, and α-SMA can exist outside of the stress fibers [16]. In 

the present study, we used the relative expression level of F-actin to represent the 

expression level of stress fibers. We believe that the relative expression level of F-actin is 

more accurate representation of the amount of the stress fibers within the VIC, as stress 

fibers are merely contractile actin bundles cross-linked by α-actinin with double-headed 

myosin II motor protein [90]. 

We also incorporated the length-tension relationship to the stress fiber contraction 

model based on the assumption that the contraction strength should be maximal at the 

undeformed state and diminish when the fiber lengthens or shortens. We hypothesized that 

this was more biophysically realistic model than the constant contraction model used in 

our previous study. However, the length-tension relationship yield little difference in the 

estimated maximum contraction value (f0). Thus, the current experimental data is not 

adequate to study the length-tension relationship of the stress fibers. Moreover, we derived 

the mechanical properties of the stress fibers from VIC’s response to the indentation 
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loading. Thus, in order to study the mechanical properties of individual fibers, one may 

need to use AFM nanoindentation to directly indent an individual fiber just beneath the cell 

membrane [96], extract an individual fiber and test its properties [106, 107], or use laser 

nanoscissors to sever an individual fiber and study its recoil behavior [108]. Nevertheless, 

we included the length-tension relationship in our model because it can dominate the 

mechanical response of the VICs under certain conditions, especially within physiological 

environment, where rapid loading and unloading occurs during valve opening and closure. 

6.8.2 COMPARISONS WITH TRACTION FORCE MICROSCOPY. 

As an additional means to validate our approach and better understand the 

interaction between the VIC and the substrate, we calculated the 2D traction on the bottom 

of the VICs. We used the VIC with f0=1200 Pa (similar contraction strength to T90 group) 

and visualized the traction field (Figure 6.11). Clearly, the traction force was localized at 

the very edge of the VIC, near adhesion region (Figure 6.4). The VIC pulled the substrate 

one-dimensionally in the length-direction towards the center. A very similar localization 

and direction of the traction force was observed in the TFM experiments on elongated 

fibroblasts [19, 20, 109].  
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Figure 6.11 – Traction field on the bottom of the VIC with f0 = 1200 Pa calculated from 

the simulation. Tractions are concentrated around the adhesion region. The VIC pulls the 

substrate one-dimensionally towards the center. 

We also calculated the total force that a VIC exerted on the substrates using 

 


 
bottom

totF ( ) dAT x  (6.12), 

where T is the 2D traction of the VIC on the substrate. The calculated total forces were 0 

nN, 71.8 nN, 86.6 nN, 142.6 nN, and 158.5 nN for CytoD, C5, C90, T5, and T90 groups, 

respectively (Figure 6.12). The total force for the CytoD group was 0 nN due to the 

assumption: f0=0. The treatment with TGF-β1 and 90mM KCl increased the total force as 

expected. This trend directly corresponded with the maximum contraction strength (f0) of 

the stress fibers within the VICs (Figure 6.8, right).  Next, we compared our simulation 

results with the total forces determined from the TFM experiments reported by Cirka, et 

al. [104]. The total forces from TFM experiments were 41±8.1± nN (n=21), 519±86.3nN 

(n=20), and 1130±482.52 nN (n=6), respectively for blebbstatin treated, control, and TGF-

β treated groups. Note that blebbstatin disrupts the stress fiber structure, just as CytoD does. 

Although the total forces calculated in this study were smaller than the TFM data, the trends 

were consistent. The relative increase of the total force from the C5 to T5 group in this 



120 

 

 

 

 

 

study was 2.0 while the relative increase of the total force measured by TFM from the 

control to TGF-β treated group was 2.2. The total force that we calculated from our 

simulation was about 1/4 ~ 1/6 smaller than the measured values from actual TFM 

experiments. It is possible that the stress fibers exhibited stronger contractile force near the 

ends of the VIC, as observed for fibroblasts [90, 110]. Because we determined the 

contraction strength of the stress fibers from the indentation at the center of the VICs, we 

did not consider the local variations in the stress fiber levels. In the other words, it is 

possible that the stress fibers contract 4~6 times stronger, the volume fraction of the stress 

fibers is 4~6 higher, or combination of both happened in peripheral region than in central 

region. Regardless, in order to improve the model to account for this discrepancy, we need 

to gain more information on how the stress fibers are connected to the substrates through 

adhesion complexes and the local variations of the stress fiber structures and contraction 

strength. 
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Figure 6.12 – Total force exerted by an VIC calculated from the traction force map. The 

total forces are 71.8 nN, 86.6 nN, 142.6 nN, and 158.5 nN for C5, C90, T5, and T90 groups, 

respectively. Relative increase of the total force from the C5 to T5 group in this study was 

2.0. 

We further investigated the effects of the F-actin and α-SMA expression levels to 

the maximum traction force of the VICs (Figure 6.13). The traction force on the bottom of 

the VICs were calculated for each F-actin and α-SMA expression levels, and maximum 

values were investigated. The α-SMA expression levels were varied from 0 to 10 for F-

actin expression levels of 1.0, 2.0, 4.0, and 7.0. Note that the F-actin expression levels of 

1.0, 2.0, 4.0, and 7.0 roughly corresponded to those of CytoD, C5, T5, and C90/T90 groups, 

respectively. Clearly, there were linear relationship between the expression levels of α-

SMA and the maximum traction force for the same F-actin expression levels. This result 
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showed that the stress fiber intrinsic contraction strength (or the contraction strength per 

unit volume of the stress fibers) increased as the α-SMA is incorporated into the stress 

fibers, and the VICs exerted stronger traction force on the substrates. The same linear 

relationship between the cell traction force and the expression level of α-SMA was 

observed experimentally by Chen previously [19]. Thus, this result validated the use of 

multi-linear model of the stress fiber contraction strength. 

 
Figure 6.13 – The effects of the F-actin and α-SMA to the maximum traction forces on the 

bottom of the VICs calculated from simulation results. The normalized F-actin expression 

levels of 1.0, 2.0, 4.0, and 7.0 roughly correspond to the values of CytoD, C5, T5, and 

C90/T90 groups, respectively. There are linear relationships between the maximum 

traction force and normalized α-SMA expression levels, which correspond to the 

observation by Chen [19]. 
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6.8.3 LIMITATIONS 

Although our model has a number of improvements from the previous model, there 

remain limitations. First, the model is quasi-static with no time-dependency considered. 

We assumed that the speed of indenter was slow enough so that it did not cause any 

viscoelastic or poroelastic responses, and that the time length of the indentation was short 

enough so that there was no adhesion complex formation or stress fiber remodeling during 

the experiment. We argue that these are valid assumptions for this particular experiment. 

However, in order to study the biomechanics of VICs within the physiological 

environment, we need to incorporate the time-dependency in the model, as the VICs 

undergo very large and highly dynamic deformations within the native tissues over the 

cardiac cycle [1, 87].  We also know VICs can behave as a viscoelastic materials [12], yet 

have relatively little knowledge how these relate to in-vivo function. Thus, for our next 

step, we are planning to study the mechanical response of the VICs under high-speed 

microindentation. Secondly, in our model, the stress fiber connection to the substrates 

through adhesion complexes were not explicitly modeled. It is known that the extracellular 

matrix rigidity, or substrate stiffness affect the activation states of the VICs or 

myofibroblasts. Also, the contractile activity of the VICs can affect the tissue-level 

biomechanical response of a heart valve leaflet [111]. Lastly, we only studied the VICs on 

2D flat substrates, which is not an equivalent condition to the VICs in the physiological 

environment. Especially, VICs in the physiological environments are within 3D ECM, with 

dynamic unloading/loading conditions. VICs in the 3D environment can develop focal 

adhesion complexes all around their surfaces, unlike the ones seeded on the 2D flat surface. 

Thus, it is possible that VICs within the physiological environment exhibit greatly different 
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biomechanical properties than the ones in experiments. Although the microindentation 

experiment coupled with computational modeling gave us insight in the internal 

biomechanics of the VICs, our ultimate goal is to study how the VICs function in the 

physiological tissue and how they are related to pathophysiology. Thus, we are planning to 

extend our VIC model framework to the 3D structure of the VICs and ECM.  

6.8.4 CONCLUSIONS 

In conclusion, we developed the improved computational model of the VICs that 

consists of the different mechanical constituents of the stress fibers, which captured both 

stress fiber passive elastic and active contractile responses for different activation states. 

We incorporated the detailed data of the VIC under microindentation experiment into our 

model to derive the insight in the stress fiber biomechanics, which was previously unable 

to obtain due to the complexity of the mechanisms and difficulty of directly analyzing the 

subcellular mechanics. We found that while the both F-actin and α-SMA contribute to the 

stress fiber force generation, the incorporation of α-SMA into the stress fibers had 

dominant effect on the increase in the stress fiber force generation. Thus, we verified that 

the increase in the intrinsic contraction strength of the stress fibers, as we determined from 

the previous study, was due to the incorporation of the α-SMA into stress fibers. This 

increase in the stress fiber force generation also influenced the traction force that the VICs 

exert on the substrates. Thus, in order to understand how the VICs interact with the 

surrounding environment, not only in 2D flat surface but also within a 3D ECM matrix, it 

is critical to model the stress fiber mechanics with the α-SMA component. We hope that 

our study can provide an improved view of the stress fiber force generation mechanics 
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within the VICs. Also, we hope our VIC model will be the foundation of a larger, multiscale 

model of the valve tissue and eventually the entire valve. Thus, we can uncover the detailed 

mechanics of the pathophysiology of the heart valves. 
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CHAPTER 7 STRAIN RATE MODEL 

7.1 Preface 

In Chapter 6, the stress fiber contraction model was developed and incorporated 

into the VIC model developed in Chapter 3 and Chapter 5. Then, the finite element 

simulations were performed with microindentation experimental data of VICs under 

different activation states to derive the insight in the stress fiber biomechanics to study the 

stress fiber mechanical responses under various activation states. The model predicted that 

while F-actin and α-SMA both contributed to the stress fiber force generation, the 

incorporation of α-SMA into stress fibers had the dominant effect. So far, the loading speed 

used to induce the mechanical response of the VICs was relatively slow. Thus, “static” 

mechanical responses of the VICs were captured. However, under the physiological 

environments, VICs are subjected to rapid loading and unloading conditions due to heart 

valve opening and closing. Currently, little is known about how the VICs response to 

mechanical stimuli under rapid loading conditions (under 0.1 s). Thus, it is important to 

characterize how the external mechanical stimuli translate into and activate the VICs, and 

how the different activation levels affect the VIC’s internal mechanics and their 

interactions to the surrounding tissues.  

In this chapter, the strain rate sensitivity of the VICs under different activation 

states was studied. To this end, the VIC computational model used in Chapter 6 was 

extended further so that it can capture the strain-rate-dependent response of the VICs. The 

model assumed that the strain-rate-dependent response of the VICs originated from the 
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viscous resistance of the stress fibers. The developed model captured the passive elastic, 

active contractile, and viscous responses of the stress fibers. Using the microindentation 

experimental data with slow (2 μm/s) and fast (12 μm/s) loading speed, the strain-rate-

dependent mechanical responses of the VICs studied. Again, the activation states of the 

VICs were modulated by Cytochalasin D, KCl molar concentration, and TGF-β1. 

Simulation of the mechanical responses of contractile VICs under different activation 

levels as well as different indentation speeds provided us with the insight on how α-SMA 

and F-actin expression levels influenced stress fiber passive elastic, active contractile, and 

viscous resistance responses. This is the first study to analyze the strain-rate sensitivity of 

the VICs in subcellular level. It is particularly important because VICs were under very 

rapid loading and unloading conditions in the physiological environments. The predictive 

simulations of the stress fiber one-dimensional stretch were also performed using the 

physiological stretch data of the VICs to understand how the viscous resistance of the stress 

fibers generated stress within the VICs under psychological loading conditions. The 

simulations suggested that the internal mechanical structures as well as mechanical 

response within the VICs could be greatly different when they were activated. 

7.2 Materials and Methods 

7.2.1 EXPERIMENTAL METHODS 

We largely repeated the microindentation experiment carried out in Chapter 6 with 

slow (2 μm/s) and fast (12 μm/s) indentation speeds. Here, we summarized the key points. 

The details of the microindentation experiment was provided in Section 6.2. 
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7.2.1.1 Experimental groups 

The experimental design focused on modifying VIC activation states biochemically 

to alter the biomechanical state of the stress fibers. We chose the following five 

experimental conditions: Cytochalasin D pretreated group (CytoD), Control groups with 5 

mM and 90 mM KCl treatments (C5 and C90 groups, respectively), and Transforming 

growth factor-beta1 (TGF-β1) pretreated groups with 5 mM and 90 mM KCl treatments 

(T5 and T90 groups, respectively). The details of each group were provided in Section 

6.2.1. Moreover, the methodology for the VIC pretreatment to alter the expression levels 

of α-SMA and F-actin were described in Section 6.2.2. 

7.2.1.2 Microindentation studies 

The microindentaiton methodology used in this study was essentially the same as 

the one described in Section 6.2.3 except the speed of the loading. For each experimental 

group, we tested slow (2 μm/s) and fast (12 μm/s) indentation speeds and recorded the 

reaction force indentation depth over time. 

7.2.1.3 Fluorescent and confocal microscopies 

We re-used the fluorescent and confocal miscopy data obtained in our previous 

study in Chapter 6. The fluorescent microscopy provided the (normalized) expression 

levels of F-actin and α-SMA collocalized with F-actin for different groups. The confocal 

microscopy provided the dimensions of the VICs and their nuclei for different groups. Note 

that the height of the VICs were again taken from the microindentation study described in 

7.2.1.2. The confocal microscopy also provided the average orientation distributions of the 
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stress fibers within VICs for different groups, which were fit to constrained von-Mises 

distribution (6.1). 

7.3 VIC Computational Model 

We previously developed the VIC computational model that captured mechanical 

responses of VICs under different activation states in Chapter 6. The model incorporated 

the different subcellular components of VICs such as basal cytoskeleton, stress fibers with 

passive elastic and active contractile responses, and nucleus. We also incorporated the F-

actin and a-SMA expression levels, stress fiber orientation density, and fiber length-tension 

relations. In this study, we further improved our model by incorporating the strain-rate 

sensitivity of the stress fibers by incorporating the stress from “viscous” resistance of stress 

fibers. 

7.3.1 VIC DOMAINS AND BOUNDARIES 

We simulated a representative VIC as being plated on a flat substrate with two 

subdomains Ωcyto and Ωnuc that represent the cytoplasm and nucleus, respectively (Figure 

6.3). The spherical indenter was considered as a rigid body with domain Ωind. We 

prescribed the no-slip boundary condition on the bottom of the VIC (Γbottom ,  Figure 6.3), 

assuming that VICs developed strong adhesion with the substrate [99] as the VICs were 

cultured on thin-layered collagen substrates on a glass. Thus, the substrate was not 

explicitly modeled. A sliding frictionless contact boundary condition was applied between 

the top boundary of the VIC (Γtop, Figure 6.3) and the rigid indenter, assuming that the 

VICs did not produce any adhesion with the indenter because the indenter only touched the 
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VICs for less than a second. The cytoplasm and nucleus were assumed tightly connected 

so that there is no the displacement between their interfaces. We prescribed the zero 

displacement, zero residual stress initial conditions. In addition, we prescribed the stress 

fiber ODF measured from experiment as the initial fiber orientation. 

7.3.2 MODEL COMPONENTS 

The cytoplasm was considered as a solid mixture of two solid components, the basal 

cytoplasm (represented by superscript “cyto”) and the stress fibers (represented by 

superscript “sf”) (Figure 6.3). Stress fibers were assumed to generate tension from the 

following three mechanisms 1) passive elastic response, 2) active contractile response, and 

3) passive viscous response. 

The general framework used in this study was the same as the one in Chapter 5 and 

Chapter 6. Again, the conservation of linear momentum equation from Chapter 5 was used 

(5.1). For the material models of the cytoskeleton phase and nucleus, nearly incompressible 

neo-Hookean model was used (3.30) with appropriate shear moduli. The cytoskeleton 

phase shear modulus determined from the previous study was used: 5 Pa. Also, the previous 

study in Chapter 5 showed that the nucleus shear modulus was unaffected by the type of 

VICs or stress fiber orientation assumption [88]. Thus, the nucleus shear modulus 

determined from the previous study was used: 15 kPa. 

7.3.3 STRESS FIBER ODF 

Stress fibers were modeled as the ensemble of oriented 1D fibers with passive 

elastic and active contractile responses with their orientation described by a 2D continuum 
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orientation distribution function Γ. We used the same stress fiber ODF described in Section 

6.3.3 (Table 6.1). 

7.3.4 STRESS FIBER MODEL 

The Cauchy stress within stress fibers were modeled using the following passive 

elastic, active contractile, and viscous components 

   


 
            

 


sf p a v T

0 4 0 0 0 0 0

1
( ) H I 1 T ( ) T ( ) T ( ) ( ) ( ) d

J
T F m m m m m m F  

 (7.1), 

where the integration is performed over   [ , ]
2 2

, m0(θ) specifies the initial direction 

of the fibers, and Tp(m0), T
a(m0), and Tv(m0) represent the 1D passive, active, and viscous 

stresses in direction m0, respectively. Note that the integration was performed on the local 

plane on which the ODF is defined (Figure 6.4). 

7.3.5 PASSIVE AND ACTIVE STRESSES 

The passive elastic response of the stress fibers was modeled by assuming that each 

stress fiber was as a 1D elastic rod, described in Sec 6.3.4.1. The active contractile stress 

was modeled as a product of two components: the maximum contractile strength and 

length-tension relationship. Again, the details of the active contractile model is described 

in Sec 6.3.4.2. In this study, we only considered the maximum contraction strength (f0) and 

did not consider the contributions from F-actin and α-SMA. 
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7.3.6 VISCOUS STRESS 

The viscous response of the stress fibers was modeled by assuming that each stress 

fiber received resistance force that is proportional to the strain rate 

    v

SMASMAT   (7.2), 

where   is the strain-rate (dε/dt), ηα-SMA is the viscous constant and  SMA is the expression 

level of α-SMA in the VIC. After observing the force vs depth relationship through 

microindentation experiment for slow and fast indentation speeds, we assumed that 1D 

viscous stress of the stress fibers should be proportional to the intrinsic viscosity of the α-

SMA (ηα-SMA) and the amount of the α-SMA inside the fibers (  SMA ). 

In summary, the final version of the VIC biomechanical model is 
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 (7.3). 

7.3.6.1 Approximation of viscous stress 

The viscous stress in (7.2) was approximated using the backward Euler scheme. 

First, we represented the strain rate   as a function of stretch rate  , 
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  (7.4), 

and used the approximation of   using backward Euler scheme, derive the approximation 

of   
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  (7.5), 

where t  is the stretch at current time step, 
t t  is the stretch at the previous time step, and 

t  is the time step size. Finally, we derived the approximation of viscous stress in (7.2), 

 


  
   



v t t t
SMASMA tT

t
  (7.6). 

7.3.7 MATERIAL ELASTICITY TENSOR OF THE STRESS FIBER PHASE 

The second Piola-Kirchhof stress within stress fibers were modeled using the 

following passive elastic, active contractile, and viscous components. From second, third, 

and fourth lines in (7.3), 

    
 

 

           
p

p

/2

sf p a v
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The material elasticity tensor can be derived: 
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  (7.8). 

Therefore, we need to derive three derivatives:  p

4T / I ,  a

4T / I , and  v

4T / I . 

1. The passive part of the elasticity tensor was already derived in (5.9). 

2. The active part of the elasticity tensor was already derived in (6.10). 

3. The viscous part of the elasticity tensor is 
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  (7.9), 

where   4/ I  is approximated as, 

 
 

  
   

t t

4 t

1
1

I t 2
  (7.10). 

Note that the approximation in (7.10) comes from the backward Euler approximation of 

the stretch rate  , which is described in 7.3.6.1, 

In the actual finite element implementation in FEBio, the material elasticity tensor 

(7.8) was push-forwarded to the spatial description. 

7.3.8 NUMERICAL SOLUTION AND SIMULATION SETUP. 

The system of partial differential equations presented above was solved by the open 

source finite element package FEBio [69]. The fiber passive, active, viscous stress models 

were implemented as a plugin extension to FEBio. In particular, the 1D strain-rate of the 

fibers in (7.2) was discretized in time using Backward Euler method. The approximation 
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method of the viscous stress in (7.2) is descried in Section 7.3.6.1. Also, the derivation of 

the elasticity tensor needed for the implementation is described in Section 7.3.7. At each 

integration point, in order to integrate the stresses from every direction in (6.2), numerical 

integration was carried out with ~200 different directions on the local plane where the ODF 

was defined. The indentation depth of the rigid indenter was prescribed over time, and the 

solutions were calculated at each time step. The convergence of the algorithm has been 

numerically observed against the finest-mesh (“overkill”) solution. Specifically, we 

checked whether the reaction force from the VIC to the indenter converged to some value 

for different indentation depth and model parameters. About 50,000 linear tetrahedron 

(TET4) elements were used for the typical computations, where we observed the 

sufficiently accurate results. Mesh was refined around the indenter-VIC contact region 

(Figure 6.5) to ensure solutions that are more accurate. 

We used a simplified geometry for the microindentation simulation by idealizing 

the initial shape of the VIC as a half-ellipsoid, and the shape of a nucleus as a full-ellipsoid. 

The length, width, and height of the VICs and nucleus used for the simulation were taken 

from the experimental measurements described in Section 7.2.1.2 (Table 7.1). The indenter 

was modeled as a rigid sphere with 5 μm diameter. The average width, length, and height 

of the nucleus were measured by the confocal microscopy too. The actual simulation took 

place in a quarter domain using symmetry (Figure 6.5). The simulation consists of two 

steps: 1) the VIC starts from the undeformed configuration and evolves to a fully contracted 

state, and 2) the indentation was applied. The reaction force to the indenter for each 

indentation depth was calculated. 
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group L W H 

CytoD 60.1 ± 5.2 20.8 ± 1.3 10.1 ± 0.4 

C5 111.9 ± 7.0 22.6 ± 0.9 6.9 ± 0.4 

C90 144.7 ± 9.2 28.2 ± 3.3 6.1 ± 0.1 

T5 91.5 ± 5.5 22.1 ± 1.8 6.9 ± 0.1 

T90 105.2 ± 6.2 28.5 ± 2.7 5.9±0.2 

Nucleus 20.1±0.8 10.8±0.71 2.71±0.23 

 

Table 7.1 – VIC geometry quantification (average ± standard error in μm) 

7.3.9 PARAMETER ESTIMATION STRATEGY 

In our study, we estimated three parameters of our model: shear modulus of the 

stress fibers (μsf), contraction strength of the stress fibers (f0) for each group, and the 

viscous constant of α-SMA (ηα-SMA). We gathered the average indentation force vs depth 

curves for 5 different groups (CytoD, C5, C90, T5, and T90) for slow (2 μm/s) and fast (12 

μm/s) indentations. For each parameter estimation step, from he indentation depth vs force 

relationship, we calibrated the model parameters using nonlinear least squares with the 

Levenberg–Marquardt algorithm. Because we did not have analytical form of the objective 

function, the numerical gradient was calculated for the optimization procedure with 

forward difference approximation. 

We utilized the following step-by-step approach to estimate one parameter at a time 

to determine parameters in (6.7). We used two parameter value from the previous study – 

basal cytoskeletal shear modulus (μcyto) and nucleus shear modulus (μnuc) [88]. We set μcyto 
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and μnuc as 5 Pa and 15 kPa, respectively. The expression levels of α-SMA ( ) and F-

actin ( ) as well as the stress fiber ODF (Γ) were measured from experiments.  In 

summary, our parameter estimation strategy steps were as follows 

1. Determine μsf value from CytoD slow indentation data 

a. Assume f0=0 and ηα-SMA=0 

b. Use μsf value obtained for the rest of steps 

2. Determine f0 and and ηα-SMA values for T90 group from slow and fast indentation 

data 

a. Use ηα-SMA value obtained for the rest of steps 

3. Determine f0 values for C5, C90, and T5 groups from slow and fast indentation data 

4. Re-run the CytoD indentation simulation (step 1) for slow and fast speed with ηα-

SMA obtained to make sure that the simulation results are within a reasonable range 

of experimental data. 

7.4 Results 

7.4.1 FORCE-DEPTH CURVES FOR SLOW AND FAST LOADING RATES 

We obtained the force vs depth curves for slow and fast indentation speeds for both 

experiments and simulations (Figure 7.1 and Figure 7.2). C5, C90, and T5 group exhibited 

no strain-rate sensitivity under microindentation experiments. We calculated the p-values 

for the indentation depth at 2.2 nN indentation force, and all of the values are above 0.5, 

indicating there was no statistically significant differences in the indentation depth. T90 

group exhibited strain-rate sensitivity (p<0.01). Our model clearly captured the strain-rate 

sensitivity of T90 group. CytoD group exhibited some degree of strain-rate sensitivity 

(p<0.05), and our model captured the strain-rate sensitivity in reasonable range. While our 

SMA

F actin
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model do predicted that C5, C90, and T5 groups should exhibit strain-rate sensitivity, the 

effect is very small compared to variations within the data that it was not captured by 

microindentation experiment.
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Figure 7.1 – Indentation force vs depth curves for CytoD, C5, C90, and T5 groups for slow (2 μm/s) and fast (12 μm/s) indentation 

speeds. Red curves represent the indentation depth averaged over the same force with error bars representing one standard error. 

Blue curves represent the indentation depth vs force obtained from the simulations with best fit parameters. None of these groups 

exhibited strain-rate sensitivity. 
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Figure 7.2 – Indentation force vs depth curves for T90 group for slow (2 μm/s) and fast (12 μm/s) indentation speeds. Red curves 

represent the indentation depth averaged over the same force with error bars representing one standard error. Blue curves 

represent the indentation depth vs force obtained from the simulations with best fit parameters. Only T90 group exhibited 

significant strain-rate sensitivity, which was captured by our model.
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7.4.2 PARAMETERS OBTAINED 

From the parameter estimations, we obtained three key parameters: shear modulus 

of the stress fibers (μsf), contraction strength of the stress fibers (f0) for each group, and the 

viscous constant of α-SMA (ηα-SMA) (Figure 7.3). Using the shear modulus of the stress 

fibers (μsf), we calculated the total shear modulus of the fibers (    tot

F actinsf sf  ), and using 

the viscous constant of α-SMA (ηα-SMA), we calculated the total viscosity of the stress fibers 

(    tot

SMAsf SMA ) for each group. The total shear moduli values for CytoD, C5, C90, 

T5, and T90 groups are: 175.9 Pa, 272.2 Pa, 1274.9 Pa, 816.2 Pa, and 1272.1 Pa, 

respectively. The contraction strength of the s tress fibers for CytoD, C5, C90, T5, and T90 

groups are: 0.0 Pa, 336.1 Pa, 587.9 Pa, 645.7 Pa, and 1224.7 Pa, respectively. Note that the 

contraction strength of CytoD group is 0 from the no-contraction assumption. Finally, the 

total viscous moduli values for CytoD, C5, C90, T5, and T90 groups are: 38.3 Pa*s, 22.3 

Pa*s, 86.4 Pa*s, 52.0, and 297.8 Pa*s, respectively. 

It is clear that the more the VIC was activated, the stronger it contracted. The large 

tot

sf value in T90 group clearly indicated the source of strain-rate sensitivity in T90 group. 

CytoD, C5, C90, and T5 groups exhibited little or no strain-rate sensitivity due to their 

small 
tot

sf  values compared the one for T90.
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Figure 7.3 – Total shear modulus of the stress fibers (

tot

sf ), contraction strength of the stress fibers (f0), and total viscosity of the 

stress fibers (
tot

sf ) obtained from the parameter estimations. The expression levels of α-SMA contribute significantly to the 

contraction strength as well as strain sensitivity of the stress fibers within VICs. Note that our model predicted that a large 
tot

sf  

value in T90 group was the source of strain-rate sensitivity of T90 group.
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7.5 Discussion 

7.5.1 PRIMARY FINDINGS 

The R2 values of the fit against the indentation force vs depth curves from 

experiments were above 0.96 for all of the fits (Figure 7.1 and Figure 7.2), indicating that 

the model successfully captured the force vs depth relationship under microindentation. In 

order to evaluate the goodness of fit of the model on the all of the groups, we carried out 

chi-square test on the predicted indentation depth at 2.2 nN force. Using the mean and 

standard deviation of the indentation depths from experimental data and predicted 

indentation depth from the simulations, we obtained the reduced chi-square value to be 

0.23. This chi-square value translated into p-value of 0.99, which indicated that if we were 

to repeat the experiments and model fitting, there is 99% chance that we will obtain chi-

square value equal to or larger than 0.23, assuming our hypothesis is correct. Thus, we 

concluded that our model sufficiently captured the mechanical responses of the VICs under 

microindentations for these 5 activation states and under slow and fast indentation speeds. 

In our previous study, we estimated the total shear moduli (μtot
sf ) and maximum 

contraction strength (f0) of the stress fibers using “static” model with slow indentation data 

under the assumption that there is no viscous stress within the stress fibers [112]. Both total 

shear moduli and maximum contraction strengths estimated using the static model 

exhibited very similar values and trend to the ones obtained in this study by our improved 

model (Figure 6.8). The values obtained from this study were slightly smaller than the ones 

obtained in the previous study because the VIC’s viscous response compensated for a part 
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of the force that indenter received. This observation validates our experimental 

methodology as well as our computational model. 

Valve tissues stretch and contract rapidly during cardiac cycles [113]. Lee et al. 

developed an integrated experimental-computational approach and showed that the biaxial 

tension in mitral valve leaflet deformed the VICs within the tissue [114]. Thus, it is natural 

to hypothesize that VICs were subjected to dynamic and rapid loading/unloading 

conditions during cardiac cycles [114]. In fact, Lacerda et al. observed that cyclic tensile 

strain induced the activation of VICs in mitral valve leaflet in the peak-strain-dependent 

manner [115]. Thus, mechanical stimuli of the tissue do translate into the VICs and activate 

them. Although they only used the fixed cycle frequency (0.5 Hz) and connected the peak 

strain to the activation levels of VICs, it is possible that strain rate too can play a role in 

the activation of VICs. Thus, it is important to understand how the VICs respond to the 

external loadings and probe their strain-rate sensitivity. Lee et al. further extended their 

approach to estimate the changes in NAR of the VICs during systolic closure of mitral 

valve [116]. In fibrosa layer, the NAR of the VICs changed from 1:2.6 before the valve 

closure to 1:4.9 after the valve closure within 0.2 s. Assuming that the NAR corresponded 

to the cell aspect ratio as well as the representative fiber stretch within the VIC (Figure 

7.4), we calculated the 1D stretch and stretch rate of the fibers during systolic valve closure 

(Figure 7.5).  
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Figure 7.4 – Schematic of the stretch of a VIC inside mitral valve and corresponding fiber 

stretch during valve closing. Assuming that NAR corresponds to the cell aspect ratio as 

well as representative fiber length, we simulated the 1D fiber stretch and calculated the 

stress. 

 
Figure 7.5 – Stretch (left) and stretch rate (right) of the 1D fiber computed from the NAR 

of VICs within mitral valve during systolic valve closure [116]. 

From the stretch and stretch rate, we then computed the 1D stress within the stress 

fibers during valve closing using the following equation, 

               F actin SMA4 sf 4 4 SMA 0 lH I 1 2μ (I 1) H I 1 f f ( )T   (7.11). 
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In (7.11), we used F actin and  SMA  values obtained from experimental measurements 

(Figure 6.7), and μsf, ηα-SMA, and f0 values obtained from this study (Figure 7.3). Note that 

Equation (7.11) is merely the sum of integrands in (6.7). The simulation predicted that 

stress fibers generated greatly different 1D stress, depending on the activation states of the 

VICs. Only T90 group exhibited noticeable viscous effect, which peaked around 0.12 s 

(Figure 7.6). In order to understand the effect of different mechanical responses of stress 

fibers, we computed the passive elastic, active contractile, and viscous stresses at peak 

stretch rate at t=0.08 (Figure 7.7). The passive elastic response accounted for the most of 

increase in the 1D stress from normal state (C5 group) to activated states (C90 and T5 

groups). The increase in active contractile and viscous responses accounted for the further 

increase in the stress in hypertensive state (T90 group). Viscous response generated 

minimal stresses for CytoD, C5, C90, and T5 group while it generated substantial stress in 

T90 group, which was consistent to the mechanical response of VICs under 

microindentation. 
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Figure 7.6 – 1D stress within stress fibers during systolic closure of mitral valve. The stress 

generated within stress fibers were greatly different due to different passive elastic, active 

contractile, and viscous stresses within the fibers. Only T90 group exhibited significant 

effect of viscous effect, which peaked around 0.12s. 

The result of this study indicated that active contractile and viscous responses were 

significantly upregulated under hypertensive states (T90 group) compared to normal or 

activated states (C5, C90, and T5 groups). The enhanced strain-rate sensitivity of the 

hypertensive state could be the key for the positive feedback loop of the VICs. For example, 

it is known that the cyclic stretch caused the higher activation states within the VIC [115]. 
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If VICs can sense stress within the cell, not only the stretch dependent elastic stress but 

also the stretch-rate dependent viscous stress could enhanced the activation level of the 

VICs. In other words, it is possible that recruitment of α-SMA into stress fibers depend on 

the internal stress of the stress fibers. It is known that the higher transvascular pressure 

caused the higher activation states of the VICs from the study in aortic VICs and pulmonary 

VICs [45]. Thus, it is possible that higher transvascular pressure generates larger stretch 

and stretch rate within the VICs, causing higher activation states. 
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Figure 7.7 – Stress calculated from the simulation of 1D fiber stretch at its peak strain rate 

(Figure 7.4). The stresses from each component was calculated at the point of peak strain 

rate. Passive elastic response explains the most of increase in the stress from normal state 

(C5 group) to activated states (C90 and T5 groups). The enhancement in active contractile 

and viscous responses explain the further increase in the stress in hypertensive state (T90 

group). 
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We found that the incorporation of α-SMA into the stress fibers correlated with the 

strain rate sensitivity of the VIC. However, the source of the strain-rate sensitivity is an 

open problem. The detailed mechanisms of the upregulation of strain-rate sensitivity needs 

to be elucidated in subcellular levels. Possible explanations is that the α-SMA binding 

induced structural changes of the stress fibers, causing the viscous resistance within the 

fibers. Also, we found that the incorporation of α-SMA into stress fibers enhanced the 

contraction strength. Thus, it is possible that α-SMA influenced not only the “static” 

contraction, but also the “dynamic” contraction, which depend on the stretch rate of the 

stress fibers. In fact, Kumar et al used nano-laser to scissor the stress fibers within a living 

endothelial cell and observed their retraction over time [108]. Stress fibers retracted like a 

viscoelastic cable after they were severed, exhibiting creep response, and inhibiting the 

active contraction slowed down the retraction speed as well as decreased the maximum 

retraction distance. Thus, contraction strength of the stress fibers seemed to affect their 

viscoelastic properties. It is also possible that α-SMA expression levels correlate with some 

other mechanisms that enhanced the viscosity of cytoplasm in general. For example, fluid 

movement inside the VIC could be the source of strain rate sensitivity, either due to 

increase in intrinsic viscosity of the fluid, or the more interaction between fluid and solid 

material. However, we argue that the stress fibers are the main structural component of the 

VICs, as we observed by the confocal microscopy with fluorescent tag. Thus, it is highly 

likely that the stress fiber re-organization was the source of strain rate sensitivity from 

normal state to hypertensive state. 

The time scale of the fiber re-organization, or the association and dissociation rates 

of the cross-linker proteins of the cytoskeletal network was reported to be 1 s or longer 
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[117]. In the present study, we ignored the re-organization of the stress fibers during the 

microindentation because the indentation typically lasted 0.5 s for slow and 0.05 s for fast 

loading speeds. Thus, we assumed that there was no or very little structural changes within 

the stress fiber network during the microindentation experiment that influenced our results. 

7.5.2 LIMITATIONS 

Although our model has a number of improvements from the previous model, there 

remain some limitations. First, although our model successfully captured the strain-rate 

sensitivity of the activated VICs by attributing the viscous response to the incorporation of 

α-SMA into stress fibers, the exact biomechanical process of enhanced strain-rate 

sensitivity is not known. Detailed study on the stress fibers in molecular level could 

elucidate the biomechanics of stress fibers. Second, although we studied the mechanical 

response of VICs under high-speed loading condition by indentation, and simulated the 1D 

mechanical response of stress fibers under physiological stretch, we still need to study the 

mechanical responses of VICs under native conditions. We only studied the VICs on 2D 

flat substrates, which is not an equivalent condition to the VICs in the physiological 

environment. Especially, VICs in the physiological environments are within 3D ECM, with 

dynamic unloading/loading conditions. VICs in the 3D environment can develop focal 

adhesion complexes all around their surfaces, unlike the ones seeded on the 2D flat surface. 

Thus, it is possible that VICs within the physiological environment exhibit greatly different 

biomechanical properties than the ones in experiments. It is also known that the 

extracellular matrix rigidity, or substrate stiffness affect the activation states of the VICs 

or myofibroblasts [105]. Although the microindentation experiment coupled with 
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computational modeling gave us insight in the internal biomechanics of the VICs, our 

ultimate goal is to study how the VICs function in the physiological tissue and how they 

are related to pathophysiology.  

7.6 Conclusions 

In conclusion, we developed the improved computational model of the VICs that 

consists of the different mechanical constituents of the stress fibers, which captured stress 

fiber passive elastic, viscous resistance, and active contractile responses for different 

activation states. We incorporated the detailed data of the VIC under microindentation 

experiment with slow and fast loading speeds into our model to derive the insight in the 

stress fiber biomechanics. We found that incorporation of α-SMA into stress fibers 

contribute to not only the enhanced contraction strength but correlates with the enhanced 

viscous resistance of the stress fibers. We claimed that the enhanced strain-rate sensitivity 

in the VICs in hypertensive state (T90 group) was due to the incorporation of α-SMA into 

the stress fibers. We also found that under the physiological stretch and stretch rate, the 

internal stress within the stress fibers were greatly different for different activation states. 

Especially, for T90 group the increase in the 1D stress of the stress fibers was largely 

attributed to the increase in the viscous stress. This result indicated that when VICs become 

hypertensive state, they start to exhibit some strain-rate sensitivity, generating greatly 

higher internal stress within their stress fibers. We hope that our study can provide an 

improved view of the stress fiber force generation mechanics within the VICs under 

different activation states and loading conditions. In addition, we hope our VIC model will 

be the foundation of a larger, multiscale model of the valve tissue and eventually the entire 
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valve. Thus, we can uncover the detailed mechanics of the pathophysiology of the heart 

valves.  

  



154 

 

 

 

 

 

CHAPTER 8 DOWNSCALE MODEL 

8.1 Preface 

So far, the VIC mechanical responses were studied under micropipette aspiration 

(Chapter 5), atomic force microscopy (Chapter 5), and microindentation experiments 

(Chapter 6 and Chapter 7). These studies provided the insights into how the stress fiber 

biomechanics affected the overall mechanical responses of VICs under different activation 

states and loading conditions. However, our ultimate goal is to understand how the VICs 

function in the physiological tissue, and how they are related to pathophysiology of heart 

valve disease. Therefore, development of the VIC model within the native environments is 

the natural next step. In this chapter, the VIC model developed in Chapter 6 was 

incorporated into the downscale model framework developed by Buchanan [118]. Using 

our downscale model, the effect of VIC contraction to the macro level mechanical response 

of the valve tissue was studied. Moreover, the effect of VIC connectivity to ECM was also 

studied. In the downscale framework, the prescribed displacement boundary conditions of 

the micro model was provided from the macro model, and the volume averaged von Mises 

stress of the micro model was matched to the macro model. The macro model simulated 

the flextural testing of aortic valve tissue strip under three activation levels: inactive 

(thapsigargin), normal (norm: 5Mm KCl) and hypertensive (hyper: 90Mm KCl). Predicting 

the physical state of VICs in-situ provided a significant advantage over previous ex-situ 

analysis described in Chapter 5, Chapter 6 and Chapter 7 in that VICs remained in the 

native environments, maintaining essential VIC-ECM coupling. 
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8.2 Background 

The aortic valve (AV) is comprised of three layers (fibrosa, spongiosa, 

ventricularis). The division of these layers is characterized by distinct variations of 

collagen, glycosaminoglycan (GAG), and elastin. It is known that the calcified, or diseased 

heart valves exhibit a large population of the activated VICs that are characterized by an 

increased expression of α-SMA and contractile behaviors. The VICs in activated states 

contribute to the altered extracellular matrix (ECM) composition seen in diseased valves 

[119]. 

It is known that surrounding microenvironments of the VICs play critical roles in 

the disease manifestation throughout the layers. For example, severely stenotic aortic 

valves exhibit calcified nodules almost exclusively on the fibrosa side while the 

ventricularis otherwise appears healthy [120]. To date, there has been little characterization 

of the surrounding VIC microenvironment, however, its role in shaping VIC behavior is 

clearly demonstrated by numerous studies [121-127]. VICs are physically coupled with the 

surrounding ECM, via α2β1 integrins, a major collagen-binding protein. The necessity of 

maintaining VIC-ECM coupling in actin-mediated VIC force generation has been 

demonstrated in mitral valve leaflet tissue [128] and is hypothesized to be as essential in 

the aortic valve.  

VIC culture in 3D synthetic and natural gels have provided valuable insight and 

aided in characterization of VIC healthy and diseased phenotypes [22, 129, 130]. The 

advantage to these simple systems is their tunability, allowing tailoring for each study to 

answer specific biological questions. However, gel systems lack the complexity of native 
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tissue, and is inadequate to study the VICs in the native environment. In particular, Butcher 

et al. reported that the VICs exhibited significantly reduced level of α-SMA in 3D collagen 

gel compared to the one on 2D substrates [131]. This observation indicated the importance 

of studying the interaction between the ECM and VICs that modulate the VIC phenotype. 

Similarly, as we discovered in Chapter 5 aortic VICs (AVICs) exhibited significantly 

higher expression levels of α-SMA as well as contractility than pulmonary VICs (PVICs). 

This implies the significance of the VIC microenvironments in dictating their biotechnical 

properties. 

Given the overwhelming body of evidence that VIC microenvironments play a 

critical role in VIC biomechanical state, the need for assessing VIC behavior in its native 

environment is the obvious next step. However, it is impossible to directly observe the 

VICs within native tissue using existing experimental methodologies. So far, we studied 

the biomechanical responses of the VICs and their internal structures using experimental 

data of micropipette aspiration, atomic force microscopy (AFM), and microindentation 

experiments. However, during these experiments, the VICs were not in the native 

environments and their biomechanical states were most likely altered. For example, during 

micropipette aspiration, the VICs were separated from the tissue and suspended in a fluid, 

which effectively cause them to become inactive. On the other hand, during AFM and 

microindentation experiments, the VICs were cultured on top of a flat collagen-coated 

glass, and exhibited greatly different mechanical properties from those from micropipette 

aspiration experiment [45, 46]. It is known that the VIC’s microenvironment, especially 

the stiffness of the surrounding matrix, affect the biomechanics of the VICs [105]. 



157 

 

 

 

 

 

Thus, the development of the computational model of the VIC behavior in its native 

environments would be crucial. The objective of this study is to develop the micro scale 

model of the VICs within a native tissue and use the existing tissue level layer specific 

bending data to estimate contributions of VIC stiffness, contraction, and ECM connectivity 

to the macro level response. To this end, we incorporated our VIC model developed in 

Chapter 6 into the macro-micro downscale model framework developed by Buchanan 

[118]. Using our macro-micro framework, we determined how the contraction strength of 

the VICs in aortic valve and how the connectivity of the VICs to surrounding matrix affect 

the macro level mechanical response of the valve tissue. The development of the 

computational model of the VIC in micro scale would be the first step towards 

understanding the valve pathophysiology in cellular to tissue levels. Predicting the physical 

state of VICs in-situ provides a significant advantage from ex-situ measurements in that 

VICs remain in the native microenvironment, maintaining essential VIC-ECM coupling. 

8.3 Methods 

8.3.1 FLEXURAL TISSUE TESTING 

Examining the leaflet under bending deformation is ideal for several reasons: it is 

physiologically relevant representing the opening and closing of the leaflets, it is 

exquisitely sensitive to low force measurements and most importantly it allows us to 

observe the layer effects of the leaflet which have been shown to be a key contributor to 

bending behavior. Experimental data acquired from [111] were used to develop the macro 

component of the macro-micro model. Briefly as described in [111], viable strips of porcine 

tissue from the belly region of the AV were tested under 3-point bending using a custom 
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flexure testing device [132]. Leaflets were bent with the natural leaflet curvature (WC) and 

against (AC) the natural leaflet curvature under three activation levels: inactive 

(thapsigargin), normal (norm: 5Mm KCl) and hypertensive (hyper: 90Mm KCl). Each 

specimen was first tested in Dulbecco’s Modified Eagle Medium (DMEM) with high 

glucose supplemented with 5 mM KCl. Testing media was then changed to DMEM with 

90mM KCl and specimens were allowed to incubate for 3 minutes prior to testing a second 

time in both WC and AC bending directions using the same procedure. A separate group 

of specimens was incubated overnight in 10µm thapsigargin and tested using the same 

procedure.  

The mean strip thickness, t, was calculated from averaged measurements over the 

strip’s entire length. Between 8 and 12 graphite markers were attached to the cut surface 

nearest the coapting edge using cyanoacrylate. The specimen was held upright with two 

sleeves, which were supported by stationary posts while the bending bar was applied to the 

center of the tissue. In order to determine the deflection of the bending bar during testing, 

a reference rod was attached to the stage that was displaced equivalently with the bending 

bar base. Therefore, with all the aforementioned components, it was possible to record 

while testing, the stationary posts, bending bar, reference rod, and specimen markers. As 

the specimen was deflected, the image was recorded on a VHS tape, which was used for 

data analysis after testing. The marker, post, and bending bar positions were entered into a 

custom Matlab program that calculated the resulting moment, M (mN*mm), about the right 

post from the centrally applied load, P (mN); and the change-in- curvature, Δκ (mm-1), of 

the tissue at small time increments during the loading. The local radius of curvature was 

determined from the parabolic curve fit to the markers. The applied moment M versus the 
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measured change in curvature Δκ is related by the Bernoulli-Euler moment-curvature 

equation: 

  effM E I κ   (8.1) 

where EeffI, or flexural rigidity corresponds to the slope of the measured M-Δκ curve, and 

I is the second moment of inertia defined as: 

 
3

1
I

12t w
  (8.2), 

where t and w refer to the thickness and width of the sample, respectively. The average 

bending response of the tissue was taken for each bending direction and each activation 

state. Outliers were determined as specimens lying outside of 2.5 times the standard 

deviation and not included in the final average in Figure 8.1. 
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Figure 8.1 – Macro-model simulation results of M- Δκ plotted against the experimental AV 

bending data determined for the inactive, normal and hypertensive states and bending in 

both the AC and WC directions. 

The effective modulus, Eeff, was determined from a linear regression of the M vs. 

Δκ plots at the maximum Δκ reached. A one-way Repeated Measures Analysis of Variance 

was performed on the WC group between normal and hypertensive and on the AC group 

between normal and hypertensive since the same samples were treated with both 

conditions. All statistical analyses were performed with SigmaPlot (San Jose, CA, USA). 

Additional pairwise multiple comparison procedures used a one-tailed t-test with an overall 

significance level of 0.05. 
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8.3.2 IMMUNOFLUORESCENCE 

To investigate layer differences in VIC connectivity to the surrounding ECM, F-

actin networks were stained in native AV tissue. Fresh porcine aortic valves were obtained 

from the local abattoir (Harvest House Farms, Johnson City, TX) and transported in 

HypoThermosol FRS (StemCell Technologies, Vancouver, BC) on ice. Within 2 hours of 

sacrifice, fresh pieces of valve tissue were cut into 5mm x 7mm (average thickness of 400 

µm) rectangular sections, fixed in 2% paraformaldehyde (Electron Microscopy Sciences, 

Hatfield, PA) for 30 minutes. Tissue was processed through a sucrose gradient (10%, 20%, 

30%) for 30 minutes each at 4°C. over dry ice in optimum cutting temperature embedding 

compound (Tissue-Tek, Sakura Finetek, Torrance, CA) and shipped to Histoserv 

(Germantown, MD) where they were cryosectioned into 5 micron thick sections 

(transmural) and kept frozen at -80°C until staining. Slides were removed from -80°C, 

brought to room temperature and rehydrated with a series of PBS washes. Sections were 

treated with 0.1% Triton X-100 in PBS for 5 minutes at room temperature to permeabilize 

cells. Sections were washed and blocked from non-specific staining between primary 

antibodies and tissue by incubating in blocking buffer of 10% goat serum in PBS for 45 

minutes. Slides were rinsed and surrounded with a hydrophobic barrier prior to incubating 

with TRITC-conjugated Phalloidin (1:100, Millipore, Billerica, MA), a high-affinity 

filamentous actin (F-actin) probe, for 1 hour at room temperature. AVICs nuclei were 

stained with DAPI (Life Technologies, Carlsbad, CA) for 5 minutes prior to mounting with 

ProLong Diamond Antifade mountant (ThermoFisher Scientific). Fluorescent images were 

taken with a fluorescent microscope using standard TRITC and DAPI filters (Zeiss 

Axiovert 200M, Zeiss, Germany). 
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8.3.3 MACRO-MODEL 

8.3.3.1 Formulation 

Buchanan et al. developed the computational model of the aortic valve (AV) leaflet 

tissue by assuming it as a bilayered bonded unit under bending deformation [133]. They 

demonstrated that their AV leaflet model accurately captured the overall tissue stiffness as 

well as the underlying strain. Accordingly, they developed the macro model of the tissue 

strip in 3D as a bilayered and biomodular neo-Hookean isotropic nearly incompressible 

material (8.3) based on the extensive analysis provided in [133], 

 


 
   

layer

state Macro
1 3W (I 3) p(I 1)

2
  (8.3), 

where layer

state Macro  represents the shear modulus of the Macro material for a given layer (F-

fibrosa and V-ventricularis) under tensile load (+) or compressive load (-) under certain 

state (inactive, normal, hyper). I1 and I3 represent the first and third invariants of the left 

Cauchy-Green deformation tensor (C=FTF), respectively, and p is the Lagrange multiplier 

to enforce incompressibility. It is important to point out the Macro subscript, which 

indicates a material parameter specific to the macro model, not to be confused with the 

subsequent Micro model. This model is used at the continuum level FE simulations to 

represent the bending behavior of AV tissue strips in macro level. 

8.3.3.2 Boundary conditions 

The boundary conditions used in the FE simulation consisted of the left edge of the 

specimen treated as a pin constraint and the right edge subjected to incremental controlled 
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displacement (Figure 8.2). End-loading was used in place of 3-point loading due to the 

necessity of collecting detailed information from representative volumetric elements 

(RVEs) from the center of the specimen, at the point of greatest moment and curvature. 

End-loading constraints avoided the effects of point loads in the vicinity of the RVEs and 

facilitated faster computational time. Practically speaking, future flexural testing of AV 

tissue will also exhibit end-loading as it allows for acquisition of transmural strain at the 

center of the specimen. The value of this additional information is discussed in detail in 

[133]. 

 
Figure 8.2 – Macro-micro model overview depicting the application of boundary 

conditions from the macro nodes to the corresponding micro RVE surface. 

8.3.3.3 Mesh 

The macro mesh represented the native geometry of the experimentally tested AV 

leaflet strips. A bilayered beam slightly bent (0.01 mm-1 curvature) with averaged length 

and thickness of the experimental samples (15mm in length x 4mm width x 0.462mm 

thickness). The fibrosa (F) layer was modeled as 60% of the beam thickness and the 

ventricularis (V) the remaining 40% as previously reported based on native tissue 
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measurements [134] and the determination to model the tissue as bilayered as opposed to 

trilayered [133]. The finalized mesh contained 12,200 isoparametric second order hybrid 

brick elements. A single element of the macro model was representative of the micro RVE 

in each of the layers (RVElayer). 

8.3.3.4 Estimating tissue parameters 

Nodal displacements and elemental and nodal stress and strain fields were output 

from the FE simulations. Parametric simulations were carried out to estimate the shear 

modulus of the bulk tissue for each layer (F and V) at each activation state (inactive, norm 

and hyper). The estimated shear modulus was represented as layer

state Macro . Using displacement 

of nodal “markers” the M-Δκ response was computed for each parametric iteration and a 

MSE was computed against the experimental data M-Δκ response. A custom script was 

written to minimize the MSE using the scipy.optimize Python package. The location of the 

neutral axis was determined by plotting the stretch tensor component along the length of 

the beam (U11) against the thickness of the tissue beginning with the ventricularis side (0.0) 

through to the fibrosa (1.0). The depth of the tissue that coincided with the U11 value of 

unity was the corresponding location of the neutral axis.  

8.3.3.5 Macro RVE averaged stress 

We assumed the macroscopic stress at a material point is equal to the averaged RVE 

stress over the volume of the RVE as follows: 

   
1

(x) dV
v

  (8.4). 
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The average stress of the macro RVE (8.4) was computed using a custom Python script, 

extracting the FE estimated stress at all 27 nodes and numerically integrating using a 3-

point Gauss quadrature in three dimensions. 

8.3.3.6 Numerical methods 

The macro FE models were created in the framework of ABAQUS version 6.14 

(Dassault Systemes, Johnston, RI, USA). All FE simulations were run on a Linux machine 

equipped with 16 core Intel Xeon E5-2650 CPU. 

8.3.4 MICRO-MODEL 

8.3.4.1 RVE geometry and mesh 

Drugan and Willis (1996) identified that to determine the appropriate size of an 

RVE it must be the smallest material volume that statistically represents the microstructure 

[135]. The density and spatial distribution of VICs within the micro mesh were defined 

using data from [134] and [136]. The detailed data was used to establish an appropriate 

size range from statistical dimensional analysis [134, 136]. VICs were modeled as ellipsoid 

inclusions with 14.16 microns along their long axis and 7.49 microns along the short axes 

(Figure 8.3b). A density of 270 million AVICs per mL was maintained in all RVE sizes. 

The orientation of the AVICs had a preferred nuclear direction along the circumferential 

direction in the circumferential-radial plane, with orientation angles normally distributed 

around 9.7 and 5.3 degrees, respectively (Figure 8.3c). Second, using the study by [137] to 

determine the maximum VIC contractile force that may occur under uniaxial isometric 

conditions, in combination with the AV experimental bending data to determine the 
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maximum strain any RVE would experience, a “worst case scenario” condition was 

developed. A maximum contractile force of 100nN per cell was imposed on the VIC 

inclusions embedded within the mesh and the RVE was subjected to 8% uniaxial extension. 

The resulting volumetric stress was then computed. The size of the RVE was increased 

from 20 microns to 120 microns to examine the stress variation within the RVE due to 

increasing cube length (Figure 8.4). The averaged stress was computed by (8.4) and the 

standard deviation of each component of the averaged tensor was determined from the 

stress at each RVE node using (8.5) . Lastly, a scalar index (Frobenius norm in (8.6)) was 

used and minimized to identify the appropriate RVE size without compromising 

computational time. This was determined as the appropriate RVE length when the stress 

variation stabilized. 

  


    
N

2

STD i RVE
i 1

1
(x )

N
  (8.5) 

 
 

  
m n

2

ijF
i 1 j 1

  (8.6) 



167 

 

 

 

 

 

 
Figure 8.3 – Distribution (a) dimensions (b) and orientation angles (c) of AVICs within the 

micro-model based on histological measurements from native AV tissue acquired from 

[20, 22].  

The final RVE size was determined to be 80 μm3 after the stress variation stabilized 

at a constant 0.2% deviation from the mean stress of all nodes (Figure 8.4). The final RVE 

volume contained 138 VIC inclusions and 210,708 first order hybrid tetrahedron elements, 

with some refinements around the interface layer. The volume fraction of AVICs is 

approximately 10%, which corresponds to the established 270 million AVICs/mL density. 
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Figure 8.4 – RVE length vs. stress variation to determine an optimal RVE size of 80µm for 

the micro-model. 

8.3.4.2 VIC model in ECM 

An overview of the micro-model framework is provided in Figure 8.5. The nearly 

incompressible neo-Hookean material was used to model the ECM of the micro model. 

The material model used for the VICs was taken from the contractile VIC model developed 

in Chapter 6 [88]. We did not explicitly model the nucleus here, as we assumed that nucleus 

effect is negligible. To briefly summarize our contractile VIC model, the Cauchy stress in 

the VICs were calculated as, 
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  (8.7), 

where μcyto, μsf, and f0, represent the shear modulus of cytoplasm, shear modulus of the 

stress fibers, and contraction strength, respectively. Note the slight change in the definition 

of fiber orientation distribution function from the previous model. Because in this model, 

VICs were embedded within the ECM, we used the full 3D fiber orientation distribution 

function, which depend both on polar angle (θ) and azimuth angle (ϕ). 

In order to describe the fiber orientation in 3D, we used π-periodic von Mises 

distribution [138], which we would be the 3D counterpart of the constrained von Mises 

distribution that we used in Sec. 6.3.3 [88]. The π-periodic von Mises distribution has a 

following form, 

  
 

2

1exp(2bm )1 b
(b, )

2 erfi( 2b)
m   (8.8), 

where m=(m1, m2, m3) is the orientation, b>0 is the concentration factor. The function erfi 

is so-called imaginary error function, and is defined as, 

   


b

2

0

2
erfi(b) i erf(ib) exp(t ) dt   (8.9), 



170 

 

 

 

 

 

where i is the imaginary unit. Here, we only consider the case where b in (8.9) is real, which 

produced real solution to erfi(b). 

The π-periodic von Mises distribution produced the transversely isotropic fiber 

orientations, as it only depends on one component of the fiber orientation (m1 of m). Also, 

when b=0, it produced isotropic orientation while as b approaches ∞, it produced one-

dimensional orientation. We visualized the π-periodic von Mises distribution for b=0, 0.1, 

0.5, 1.0, 2.0, 4.0 (Figure 8.6). Note that the larger the b value, the more elongated the 

orientation becomes, or more “1-dimensional” the orientation becomes. 

 

 
Figure 8.5 – Micro-model framework. The computation domain was divided into 3 

subdomains: ΩECM, ΩVIC, and Ωint, which represent ECM, VICs, and interface, respectively. 

The boundary of the domain facing outward was represented as ∂Ω. 
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(a) b=0.0 

 

(b) b=0.1 

 

(c) b=0.5 

 
(d) b=1.0 

 

(e) b=2.0 

 

(f) b=4.0 

 
Figure 8.6 – π-periodic von Mises distribution for b=0, 0.1, 0.5, 1.0, 2.0, 4.0. Note that the 

figures are not in the same scale. Also, when b approaches to infinity, the distribution 

becomes a one-dimensional, Dirac’s delta function-like distribution. 

8.3.4.3 Layer-specific connectivity 

Layer-specific microstructural ECM composition was not incorporated into the 

material model of the ECM, however VIC-ECM connectivity differences throughout the 

layers were represented by the addition of a thin interface boundary around each VIC 

(0.650µm). We assumed that this interlayer could also be molded as a nearly 

incompressible neo-Hookean material, whose shear modulus can be tailored by the 
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“connectivity parameter” β, which encompasses a range [0, 1]. When β=1, the VIC is 

continuously bounded to the surrounding material (ECM), and as β approaches zero, it 

becomes less connected. Although it is computationally infeasible, when β=0, the VICs are 

completely detached from ECM. 

Lee et al. discovered that in the mitral valve, VICs are phenotypically similar and 

differences in VIC deformation throughout different layers is a result of varying 

mechanical stimuli due to changes in ECM microstructure and not necessarily VIC 

behavior [139]. In the current model, this assumption was carried over to the micro model 

framework. The level of contractile force (f0) exerted by the VIC on the surrounding matrix 

was held constant for each activation state amongst all the layers. Instead, the connectivity 

parameter β was introduced to emulate VIC-ECM layer differences. This enables the 

macro-micro model to capture the bidirectional behavior discovered experimentally and in 

particular, the stark differences between the AC and WC response to hypertensive 

conditions.  

8.3.4.4 Summary of micro model 

The actual computation domain and mesh is described in Figure 8.5. The Cauchy 

stress was defined in ΩECM, 
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1
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C
  (8.10), 

in Ωint 
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and in ΩVIC, 
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 (8.12), 

where the subdomain ΩECM, Ωint, and ΩVIC represented the ECM, interface, and VICs, 

respectively (Figure 8.5). 

The displacement boundary condition was prescribed on the all 6 faces of the outer-

facing boundaries of the whole domain, ∂Ω: 

  macrou u   (8.13), 

where umacro is the displacement calculated from the macro model, which will be described 

in the next section. 

8.3.4.5 Micro model parameters 

We assumed the shear modulus of cytoskeleton (μcyto) was 18kPa for our 

simulations. It aligns with previous AFM data measurements of AVICs [18] and is the 

value used by Buchanan for her macro-micro study [118]. Also, since the macro model 

indicated negligible contribution of VICs from the layers under compression (Table 8.1), 

parametric studies are only reported for the layers under tension. Under this assumption, 

we calculated the shear moduli of the ECM in fibrosa (
F

ECM ) using the following equation: 
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        F F

inactive Macro cyto VIC ECM ECM   (8.14), 

where VIC   and ECM represented the volume fractions of the VICs and ECM in the RVE, 

respectively. The volume fractions of VICs and ECM used in this study were 10% and 

90%, respectively. The same procedure was used to estimate the shear modulus of 

ventricularis under tension ( V

ECM ). 

 

Activation 

State 

 

𝜎𝑀𝑎𝑐𝑟𝑜
𝐹+  

 

𝜎𝑀𝑎𝑐𝑟𝑜
𝐹−  

 

𝜎𝑀𝑎𝑐𝑟𝑜
𝑉+  

 

𝜎𝑀𝑎𝑐𝑟𝑜
𝑉−  

Inactive 4.58 3.08 3.46 2.76 

Normal 6.92 3.29 4.90 2.89 

Hyper 8.18 3.29 4.90 2.99 

Table 8.1 – Macro homogenized von Mises stress values for each layer under tension and 

compression for each activation state: inactive, normal and hypertensive. Units in kPa. 

8.3.5 MACRO-MICRO COUPLING 

General approach to the macro-micro coupling is described in Figure 8.7. In 

summary, we mapped the displacement from the macro model as boundary conditions to 

the micro model and minimized the difference between the volume averaged von Mises 

stress between macro model and micro model by tweaking micro model parameters. The 

parameters considered were: contraction strength of the stress fibers (f0) and VIC-ECM 

connectivity (β). 
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Figure 8.7 – Macro-micro coupling approach. 

8.3.5.1 Micro-model boundary conditions 

Isoparametric interpolation using the displacement at the nodes of a single macro 

hexahedral element (80 μm3) was used to compute the displacement on the 6,144 surface 

nodes of the refined micro mesh. This procedure was done for the fibrosa layer RVE 

(RVEF) as well as the ventricularis layer RVE (RVEV). Boundary conditions for each 

layer’s RVE were computed using a custom Python script and an ABAQUS input file for 

the micro-model FE simulation was generated (Figure 8.2). We then imported those 

displacement boundary conditions into the FEBio input files and ran the micro simulations 

on FEBio [69]. 
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8.3.5.2 Macro-micro matching method 

The volumetric averaged stress is computed for the micro model RVE (VM

Micro ) and 

macro model RVE (VM

Macro ), 

 

  

  





VM VM

Macro Macro

MacroRVE

VM VM

Micro Micro

MicroRVE

1
(x) dV

V

1
(x) dV

V

  (8.15), 

where VM

Macro  and 
VM

Micro are the von Mises stress in macro and micro RVEs, respectively. 

Note that the volumes of micro and macro RVEs (V in (8.15)) are the same, as the boundary 

displacements of micro and macro RVEs are equal. The von Mises stress in micro and 

macro RVEs were defined as 

    VM 3
' : '

2
  (8.16), 

where σ’ is the deviatoric stress. The difference between the two homogenized von Mises 

stresses was minimized (Figure 8.7). 

8.3.5.3  Systematic error check 

To determine the systemic error of using this macro-micro mapping approach, two 

internal validations were performed. First, a homogenized macro material was mapped 

down to a homogenized micro material mesh using identical material parameters from the 

baseline inactive (thapsigargin treatment) state. This was done for both layer’s RVEs under 

tension and compression and a maximum error was found to be 1.48% between the macro 

and micro homogenized stress amongst all cases. Second, in order to ensure that modeling 
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the macro RVE as a single 27-node hexahedral element was sufficient, a mesh refinement 

study was performed using 1, 27 and 64 element RVEs. The error between the macro and 

micro volume change was examined to ensure the appropriate level of incompressibility 

was maintained in both models. The error was sufficiently low with a single RVE (0.01%) 

and not much improvement was gained with 64 RVEs (0.005 %). To keep computational 

costs low, a single RVE was used in all simulations reported. 

8.3.6 PARAMETER ESTIMATION ALGORITHM  

The parameter estimation was composed of three steps. First, we used the macro 

data of fibrosa under tension to carry out the parametric study on the shear modulus of the 

stress fibers (μsf). Then, using the macro data of fibrosa under tension for normal and hyper 

states with the assumption that VIC and ECM were fully connected (β = 1), we estimated 

the contraction strength of stress fibers (f0) for different fiber orientation distribution 

assumptions (different b values). Finally using the f0 value obtained for the normal state 

with the macro data of ventricularis under tension for normal/hyper states, we estimated 

the VIC-ECM connectivity (β). Since the macro-model indicated negligible contribution 

from the layers under compression, parametric studies were only reported for the layers 

under tension. 

8.4 Results 

8.4.1 RESULTS FROM MACRO MODEL 

Using the macro model with the M-Δκ relationship (Figure 8.1) of the AV tissue 

for the inactive, normal, and hypertensive states, we estimated the shear moduli of the 
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fibrosa and ventricularis for stretch and compression directions (Table 8.2). Note that there 

exists significant difference in the mechanical properties of the AV tissue depending on the 

bending directions. In addition, fibrosa nor ventricularis exhibited any change in their shear 

moduli under compression for different activation states.  Also, ventricularis did not exhibit 

any increase in the shear modulus from normal to hyper state in stretch direction. 

 
Figure 8.8 – Effect of shear modulus to the volume averaged von Mises stress. 
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Activation 

State 
Layer 

 

𝜇𝑀𝑎𝑐𝑟𝑜
+  

 

𝜇𝑀𝑎𝑐𝑟𝑜
−  

Tension/ 

Compression 

Layer Moduli 

Ratios 

 

R2 

 

Neutral 

Axis 

WC 

 

Neutral 

Axis 

AC 

Inactive 

F 206.42 43.76 ~5:1 

 

0.990 

 

0.36 

 

0.75 
 

V 
96.19 24.77 ~4:1 

 

Normal 

F 1496.67 43.76 ~34:1 

 

0.998 

 

0.28 

 

0.87 

V 311.93 24.77 ~13:1 

 

Hyper 

F 2250.78 43.76 ~51:1 

0.989 0.28 0.88 

V 
311.93 24.77 13:1 

Table 8.2 – Estimated moduli values for each layer under tension and compression at each 

activation state: inactive, normal and hypertensive. R2 goodness of fit values as well as 

neutral axis locations are also reported for each activation state. 

8.4.1.1 Macro RVE averaged stress 

Extracted nodal and elemental values for displacement and stress from the 

simulation were taken at 0.15mm-1 change in curvature and provided to the micro-model 

study for AVIC property estimation studies. The homogenized von Mises stresses are 
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reported in Table 8.1. All values are reported within ±0.02 kPa. We used these macro von 

Mises stresses in the stretch direction to match the micro model ( F

Macro   and V

Macro values). 

8.4.2 RESULTS FROM MICRO MODEL 

8.4.2.1 Effect of VIC stress fiber stiffness to the tissue response  

First, we checked whether the shear modulus of the stress fibers (μsf) affected the 

mechanical response of the tissue by varying μsf values and computed the volume averaged 

von Mises stress in fibrosa in inactive state (Figure 8.8). Although we observed some linear 

increase in the von Mises stress, the shear modulus of the stress fibers had little effect on 

the mechanical response of the tissue under the range that we tested. We did not test the 

shear modulus larger than 50 kPa because it is physically unlikely that it goes beyond this 

value. In fact, the shear modulus of the stress fiber determined in the 2D microindentation 

study was about 1 kPa. Thus, we used μsf  = 1 kPa for the rest of the study. 

8.4.2.2 Stress Fiber contractility and orientation in fibrosa layer 

To best of our knowledge, there is currently no study on the stress fiber preferred 

orientation as well as the actual orientation distribution within the VICs in native 

environments. However, the observation from immunofluorescent image of F-actin and 

nucleus in native AV indicated that the VICs and stress fibers align in circumferential 

direction (Figure 8.9). Also, when VICs are plated on the 2D substrate, they develop stress 

fibers generally in their elongated directions. Thus, for our study, we assumed that the 

stress fiber preferred direction was in the x-axis (elongated direction as well as 

circumferential direction). We also varied the b vale in (8.8) to test whether the stress fiber 
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concentration influenced the tissue level response. The b value used were: b = 0.0,  0.1, 

0.5, 1.0, 2.0, 4.0, and ∞. 

 
Figure 8.9 – Immunofluorescent imaging of F-actin in native AV histological tissue 

sections. F-actin stained with TRITC conjugated phalloidin and AVIC nuclei 

counterstained with DAPI (blue). Arrows indicate F-actin positive staining in AVIC 

cytoplasm. 

Now, we increased the contraction strength (f0) from 0 kPa to ~100 kPa and 

calculated the volume-averaged von Mises stress (Figure 8.10). When there was no 

contraction (f0 = 0 kPa) the orientation density did not influence the tissue level response. 

Then, as f0 increased, the von Mises stress increased linearly. Note that the larger the b 

value, the higher the effect of the VIC contraction. It is expected because when the VIC 

contract isotropically (b = 0), the internal pressure negates the isotropic contraction. Thus, 
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the VICs induced little or no deformation in themselves as well as surrounding ECM. On 

the other hand, when the contraction is more asymmetric (b > 2.0) VICs shrank in the 

preferred direction (x-direction) and bulged into the perpendicular directions (y- and z- 

directions), causing a larger deformation in themselves and surrounding ECM with the 

same amount of contraction strength. 

 
Figure 8.10 – The effect of the contraction strength (f0) to the volume averaged von Mises 

stress. The fiber orientation 
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Using the relationship between the contraction strength (f0) and micro von Mises 

stress (VM

Micro ), we estimated the contraction strength of VICs for normal and hyper states 

in fibrosa by matching it with the macro stress (VM

Macro ). The results for different b values 

were summarized in Table 8.3. The larger the b value, the smaller the estimated f0 values 

became, which is consistent with the observation from Figure 8.10. Also, N/A in Table 8.3.  

indicated that VM

Micro  value did not reach the desired VM

Macro values within the f0 value we 

tested in our study. When we increased f0 value too much, too strong contraction crushed 

the VICs, making the simulation to fail. 

 

b 0 0.1 0.5 1 2 4 ∞ 

f0 – normal [kPa] N/A N/A 223 105.5 52.1 35.1 27.4 

f0 – hyper [kPa] N/A N/A 306 156.3 79.9 53.8 42.4 

Table 8.3 – The contraction strength (f0) in kPa of the VICs in normal and hyper states 

determined for different b values. 

We assumed that the stress fibers in 3D environment had similar orientation 

distribution concentration around the preferred direction as in the 2D environment. 

Comparing the 2D constrained von Mises distribution quantified in Chapter 4 and π-

periodic von Mises distribution for different b values (Figure 8.6), we chose b = 2.0 as the 

ball-park estimate of the fiber orientation distribution in 3D. Thus, we used b = 2.0, f0 = 

52.1 kPa for normal state and f0 = 79.9 kPa for hyper state from now on from Table 8.3.. 

Finally, we visualized the von Mises stress distribution on the middle cross section 

of the VIC-ECM domain (Figure 8.11) for different f0 values with b = 2.0. As expected, 

the von Mises stress inside VICs were smaller than the ECM for f0 = 0.0 because VICs 

were softer than ECM in inactivated state. However, as the VICs started to contract, the 

von Mises stress inside the VICs surpass that in the ECM (f0 = 40 kPa and f0 = 80 kPa). 
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Also, the deformation of the VICs due to strong contraction deformed the surrounding 

ECM, generating more stress within the ECM (f0 = 40 kPa and f0 = 80 kPa). Thus, our 

model predicted that the VICs tightened the surrounding tissue together when they 

contracted, likely influencing the macro level tissue mechanical response to external 

loading. 

 
Figure 8.11 – von Mises stress distribution on the middle cross section of the VIC-ECM 

domain for different f0 values. The concentration factor of the fiber orientation distribution 

used was k=2.0. 

8.4.2.3 VIC-ECM connectivity in ventricularis layer 

Using the f0 values for normal state estimated in 8.4.2.2, we studied the VIC-ECM 

connectivity controlled by β value in ventricularis layer. Similar to what we did in 8.4.2.2, 

we varied the β value and calculated the volume average von Mises stress for micro model 

(
VM

Micro ) (Figure 8.12). The weaker the connectivity (smaller β value), the smaller the micro 

von Mises stress became. 
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Figure 8.12 – Effect of VIC-ECM connectivity (β) to the micro von Mises stress.  

We also visualized the von Mises stress distribution on the middle cross-section of 

the VIC-ECM domain (Figure 8.13) to understand what caused the decrease in the micro 

von Mises stress. The smaller the β value, the softer the interface layer became. As a result, 

the VICs contracted more, deforming into more “relaxed” shape. Thus, the von Mises stress 

inside VICs were generally smaller for smaller β value. Also, note that the VICs shrank  

into their elongated direction because of the preferred orientation of the fibers. 
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Figure 8.13 - von Mises stress distribution on the middle cross-section of the ECM-VIC 

domain with varying β value for f0 = 52.4 kPa, b = 2.0. 

Using the relationship between β value and 
VM

Micro , we estimated the β value for the 

ventricularis layer by matching it to VM

Macro  value. The estimated β value was 0.24. Thus, 

there was about 75 % reduction in the connectivity of the VIC to ECM from fibrosa layer 

to ventricularis layer, assuming that the contraction strength of VICs stay the same. 

In fact, immunofluorescent staining of native porcine AV tissue revealed layer 

differences in F-actin content (Figure 8.9). Although F-actin content was present in both 

layers, as expected, there appeared to be far higher concentrations in the fibrosa layer 

relative to the ventricularis, indicating that the VIC-ECM connectivity in fibrosa layer was 

tighter than the one in ventricularis layer. 
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8.4.2.4 Effect of compressibility  

We also tested whether the compressibility (Poisson’s ratio) affected the parameter 

estimations. There have been limited number of studies on the compressibility of the cells, 

but the Poisson’s ratio of the cell was typically reported in 0.4~0.5 range [56, 140, 141]. 

As we discussed in 8.4.2.2, if the Poisson’s ratio was too small compared to the contraction 

strength (f0), the strong contraction crashed the VICs. Thus, we tested the Poisson’s ratio 

above 0.475, assuming VIC cytoplasm as a nearly incompressible material. We found that 

the as long as the Poisson’s ratio was not too high (up to 0.49), it did not affect the f0 and 

β values estimated in this study. Thus, our use of 0.475 as the Poisson’s was validated. 

8.5 Discussion  

8.5.1 PRIMARY FINDINGS 

AV flexure studies eliciting VIC contraction observed substantial differences in 

layered behavior [111] as previously noted. The macro-micro model presented here aimed 

to not only capture this bidirectionality of flexure behavior between states, but also shed 

light on possible differences between VIC contractility as well as VIC-ECM connectivity 

in the layers. The model predicted that the observed changes in the tissue stiffness in the 

macro level were almost entirely due to VIC contraction, with little to no contributions 

from the changes in VIC stiffness, or the stress fiber passive elastic response.  

We also found that the fiber orientation density might affect how the VICs 

contracted and tightened the surrounding tissue together, and caused different macro level 

response of the tissue. Currently there exists no study on the stress fiber orientations within 
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the VICs in the native environment. However, as the imaging of F-actin in the native AV 

tissue (Figure 8.9) indicated, the stress fibers seems to orient primarily along the 

circumferential direction. Thus, we are confident that the stress fiber orientation 

distribution used in this study was a good first approximation of the reality. We hope to 

find more details on the stress fiber orientation as well as how their structure changes due 

to tissue deformation in future. 

The contraction strength (f0) determined in this study was in the range of 20 kPa to 

150 kPa. Considering that the maximum contraction estimated from our 2D 

microindentation study was ~1 kPa, there was a huge increase (x20 ~ x150) in the estimated 

contraction strength from 2D to 3D environments, depending on the assumptions of fiber 

orientation distribution. This difference can be attributed to the physiological environment 

that VICs are in. In 3D, VICs can form adhesion complexes all over the surface while in 

2D, VICs can only form adhesion complexes on the bottom surface, primarily at edges. It 

is previously reported that the number and size of the adhesion complexes enhanced the 

activation state of the myofibroblasts [142]. Thus, it is natural to hypothesize that the VICs 

in 3D environments are more contractile due to increased number of the adhesion 

complexes. 

 We assumed that the VICs contracted at the same strength in fibrosa and 

ventricularis, and the difference in the macro mechanical properties between these two 

layers were due to different VIC-ECM connectivity as well as different ECM stiffness. 

Under these assumptions, we found that there was about 75% reduction in the tissue 

connectivity (β) from the fibrosa layer to the ventricularis layer. When the VIC-ECM 

connectivity was weaker, or the interface layer was softer, the VICs could deform more 
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easily, transitioning into more relaxed configuration. In addition, the softer interface layer 

translate less deformation to the surrounding ECM, and the stress within the ECM was 

generally smaller. Overall, the weaker VIC-ECM connectivity caused the smaller stress 

within the tissue, making the tissue softer in macro level.  

This observation was reinforced by IHC results staining for F-actin networks 

(indicating attachment to the surrounding matrix) which revealed a much more substantial 

cytoplasmic network of F-actin in the fibrosa layer relative to the ventricularis. 

Additionally, it has been reported that the main mechanism by which VICs attach to 

collagen within the mitral valve leaflet are through α2β1 integrins and these connections are 

necessary for KCl-induced force generation to occur [143]. Given that the fibrosa layer is 

primarily composed of type 1 collagen, these previous observations along with the layer 

differences reported in this study strongly suggest that α2β1 mediated force generation is 

occurring in the AV as well, contributing to substantially different layer contributions to 

overall observed tissue behavior under flexure. This observation indicated that the VICs in 

ventricularis did not contract as much as those in fibrosa even when the extra amount of 

KCl (90 mM) was applied.  The microenvironment of the VICs in ventricularis, particularly 

the number of adhesion complexes that VICs formed, could be the limiting factor of the 

VIC contractility. 

8.5.2 CALCULATION OF AVERAGE ABSOLUTE FORCE PER AREA 

The total force generated by each VIC was calculated using a similar methodology 

described in 6.8.2: 
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 totF ( ) dAT x   (8.17) 

where T is the boundary traction of a VIC and Γ is the VIC boundary. The total force (8.17) 

was calculated for each VIC and averaged over 138 VICs in the computational domain. 

Fro the fiber orientation distribution constant b=2.0, the Ftot values calculated were: 0.2 µN 

for normal and 0.35 µN for hyper states, respectively. Buchanan estimated the total force 

was approximately 1.60µN per VIC [118]. The independent study performed by Kershaw 

et al. [137], provided that total force was 1.41µN per VIC. The total force estimated in this 

study was 4~5 times smaller than the one estimated previously. This discrepancy most 

likely came from the stress fiber orientation distribution incorporated in our model. In our 

model, the VICs can induce deformation on the surrounding ECM more effectively because 

the most of the stress fibers orient along a preferred direction. In contrast, in Buchan’s 

study, her model assumed that the VICs contract isotoropically with a nearly 

incompressible neo-Hookean cytoplasm. Therefore, for the same total force, VICs in our 

model can deform more effectively, which yielded smaller total force for a given macro 

von Mises stress. 

The total force calculated in this study was compared to the total force previously 

calculated in the microindentation study in Chapter 6. The 2D total forces calculated in 

Chapter 6 were 70 nN ~ 160 nN from normal to hyper states (Figure 6.12) while the 3D 

total forces calculated in this study were 200 nN ~ 350 nN from normal to hyper states. 

Therefore, the total force estimated in this study was 2~3 times larger than the one 

estimated in microindentation study. We hypothesized that this discrepancy came from the 

fact that during microindentation, the VIC was on 2D flat substrates and only produced 
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adhesion on the bottom surface while within the native environment the VICs in this study 

produced adhesion on their entire surfaces. 

In order to validate this hypothesis, we calculated the average traction on the 

boundary by dividing (8.17) by the surface area of a VIC. The calculated average tractions 

were: 429 Pa and 752 Pa for normal and hyper states, respectively. The 2D traction 

calculated in the microindentation study in Chapter 6 was in 300 ~ 450 Pa for the VIC in 

hyper state (Figure 6.11) for the “adhesion regions” on the edge. Although the traction from 

microindentation was slightly smaller than the one from this study, we concluded that 

whether the VIC was in 2D or 3D environment, the average traction on the adhesion regions 

stay relatively constant. This further implied that, assuming that the density of adhesion 

complexes stay the same for 2D and 3D environment, the force that each adhesion complex 

generated was unaffected by the 2D or 3D environment. 

8.6 Conclusions 

In summary, given the model’s ability to detect small changes in stiffness, we have 

demonstrated that the additional rise in tissue stiffness, measured by the flexure studies, 

was due to an active contraction of the underlying VICs. Realistically, the VICs stiffness 

might have exhibited a slight increase in intrinsic stiffness as they were activated, however 

the model indicated this contribution was negligible relative to contractility. The model 

also predicted that the stress fiber orientation distribution within the VICs affected how the 

VICs induce deformation in the surrounding ECM. Thus, in order to capture the realistic 

biomechanical behaviors of the VICs within the ECM, quantification of the stress fiber 

orientation is necessary. The model also predicted that the VIC-ECM connectivity in 
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ventricularis layer was about 75 % lower than that in fibrosa layer. The difference in the 

VIC connectivity with the shuddering ECM could be the key for the observed differences 

in activation response in different layers. Finally, the estimated total force that each VIC 

produced in this study was 2~3 times larger than the total force estimated in the 

microindentation study. However, when we compared the average traction on the VIC 

surface to the traction estimated in the microindentation study on the adhesion regions, 

these values were very similar. Thus, we concluded that average force that each adhesion 

complex produced was unaffected by whether the VICs were in 2D or 3D environment. 

 This study supports the pressing need for an in-situ approach given the complexity 

of the native ECM and the intricate variation throughout the layers. The comparisons to 

the 2D microindentation study revealed that the although the total force and traction that 

VICs exerted on the substrates were comparable for 2D and 3D studies, the actual 

contraction strengths of the stress fibers were greatly different. Thus, in order to study the 

internal biomechanics of VICs in native environment as well as valve microstructure, the 

3D experimental-computational approach is crucial.  
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CHAPTER 9 CONCLUSIONS AND FUTURE WORK 

9.1 Summary of the full VIC model 

The theoretical framework for describing mechanical responses of VICs was 

developed in Chapter 3. Then, the VIC model was incrementally extended in the following 

chapters (Chapter 5 – Chapter 8) to capture more and more complex physiology of the 

VICs. In order to thoroughly explain the development of the full VIC model, which was 

separated into different chapters, the model development and key assumptions are recapped 

in this section. 

The overall goal of this research is to investigate how the internal mechanics of 

VICs, such as solid cytoskeletal network, contracting α-SMA stress fibers, and cell nucleus, 

affect the mechanical responses of VICs within a native tissue. To this end, the 

computational model of a VIC capable of capturing mechanical responses of VICs under 

various activation states and loading conditions was developed. The development of the 

computational model of a VIC is critical because of the complexity of the mechanisms and 

difficulty of directly analyzing the subcellular mechanics. The computational model in 

conjunction with experimental data provide insight into how the VICs respond within the 

native valve tissue, and how the heart valve disease may initiate. This research is the first 

step towards developing prevention mechanisms and cure for the heart valve disease. 

The general framework for describing mechanical responses of VICs was 

developed in Chapter 3. The VIC computational domain was split into two subdomains 

Ωcyto and Ωnuc that represent the cytoplasm and nucleus, respectively (Figure 6.3). 
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Assuming the absence of body and inertial forces, here we restate the conservation of linear 

momentum equation in   cyto nuc : 

   T 0   (9.1) 

where T is the Cauchy stress within the VIC. 

The VIC cytoplasm was modeled as a solid mixture of two phases: isotropic basal 

cytoskeleton (represented by cyto superscript) and stress fibers with some orientations 

(represented by sf superscript). It was assumed that these two phases were tightly 

connected, and their displacements corresponded. Also, there is no momentum exchange 

between these two phases. This assumption lead to a solid mixture model, which is a 

simpler version of a more general framework of mixture theory. Thus, the followings 

equations are derived in Ωcyto 

 
 

 

cyto sf

cyto sf

u u u

T T T
  (9.2) 

 The basal cytoskeleton phase is modeled as a nearly incompressible neo-Hookean 

material. Thus, its Cauchy stress is 

 
     

      
    

cyto cyto
cyto

1

2 1
p I

J 2 3 2
T I b I   (9.3), 

where 
cyto

 is the shear modulus of the cytoskeleton phase. 

The stress fibers were modeled using orientation distribution function (ODF), and 

their internal stress was calculated by integrating the contributions from every direction. 

Various assumptions for the stress fiber ODF were used. For example, in Chapter 5, the 
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spherically and cylindrically uniform ODF was used. In Chapter 6 and Chapter 7, 2D 

constrained von-Mises distribution was used. Finally, in Chapter 8, π-periodic von-Mises 

distribution was used. We can plug in any type of 2D and 3D distributions to our model. 

The versatility and extendibility of our model is important for the future improvement of 

the model based on experimental observations. 

The stress fibers can generate internal stress in the direction at which they are 

aligned from passive elastic response, active contractile response, and viscous response. 

Thus, the Cauchy stress of the stress fibers can be calculated from its 1D stress and the 

orientation density function, 

   


 
            

 


sf p a v T

0 4 0 0 0 0 0

1
( ) H I 1 T ( ) T ( ) T ( ) ( ) ( ) d

J
T F m m m m m m F  

 (9.4) 

For the passive stress within the stress fibers, we used the simplest model to describe their 

elastic behavior. The passive stress is proportional to the strain of the fiber. Thus, it is 

defined as 

   p

F actinsf 4T 2μ (I 1)   (9.5), 

where sfμ  is the shear modulus of the stress fiber and F actin  is the expression level of F-

actin. Here, we assumed that F-actin is the primary component of the stress fibers that 

control their stiffness. 

The active stress is defined as, 

          a

SMA F actin 0 SMA F actin lT ( , , ) f ( , )f ( )  (9.6), 
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where   0 SMA F actinf ( , )  is the maximum contraction strength, which depend on the 

expression levels of F-actin ( F actin ) and α-SMA (  SMA ), and lf ( )  is the length-tension 

relation of the stress fiber contraction. Previous studies on contractile myofibroblasts 

indicated that incorporation of α-SMA into stress fibers enhanced their contractility [101]. 

Therefore, assuming that there exists basal contractility on the F-actin without α-SMA due 

to actomyosin motor activities, we modeled that maximum contractile strength depends on 

both the expression levels of F-actin and α-SMA, and that the shape of the length-tension 

relationship curve is scaled by the maximum contractile strength. Our maximum 

contraction model is thus 

          F actin SMA F actin SMA0 F actin SMAf ( , ) f f  (9.7). 

For the length-tension relationship model, we used the following length-tension 

relationship model inspired by Farsad and Vernerey [39] 

 
        

  

* * 2

l 0 0

4

f ( , , ) exp( (( ) / ) )

(I 1) / 2
 (9.8), 

where ε is the fiber strain, ε* represents the strain level at which the maximum contraction 

occurs, and ε0 represents how fast the contractile strength decays about ε*. 

After observing the force vs depth relationship through microindentation 

experiment for slow and fast indentation speeds (Figure 7.1 and Figure 7.2), we assumed 

that 1D viscous stress of the stress fibers should be proportional to the intrinsic viscosity 

of the α-SMA (ηα-SMA) and the amount of the α-SMA inside the fibers (  SMA ). The viscous 

response of the stress fibers was modeled by assuming that each stress fiber received 

resistance force that is proportional to the strain rate 
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    v

SMASMAT   (9.9), 

where   is the strain-rate (dε/dt), ηα-SMA is the viscous constant and  SMA is the expression 

level of α-SMA in the VIC. 

 The Cauchy stress in the nucleus (Ωnuc) is modeled by a nearly incompressible neo-

Hookean material model, 

 
     

      
    

nuc nuc
nuc

1

2 1
p I

J 2 3 2
T I b I   (9.10), 

where 
nuc

 is the shear modulus of the nucleus. 

9.2 Conclusions 

The main objective of this dissertation is to develop a novel computational model 

of a VIC capable of describing its mechanical response under different external stimuli and 

activation states. The computational model, finite element simulations, and experimental 

data were used to study how the internal mechanics of VICs, such as solid cytoskeletal 

network, contracting stress fibers, and cell nucleus, affect the mechanical responses of 

VICs within a native tissue. The development of the computational model of a VIC as well 

as its numerical implementation are critical to study the heart valve disease in cellular level 

because of the complexity of the mechanisms and difficulty of directly analyzing the 

subcellular mechanics. The computational model in conjunction with experimental data 

provided insight into how the VICs respond within the native valve tissue, and how the 

heart valve disease may initiate. 
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In Chapter 5, using the computational model as well as experimental data of aortic 

VICs (AVICs) and pulmonary VICs (PVICs) under micropipette aspiration and atomic 

force microscopy, we estimated the shear moduli of the basal cytoskeleton, stress fibers, 

and nucleus. We also estimated the contraction strength of the stress fibers within AVICs 

and PVICs and found that while nucleus shear modulus was unaffected by the type of VICs, 

the AVICs exhibited 9 times stronger contraction than PVICs in their stress fibers. In 

contrast, nucleus shear moduli were found unaffected by the fiber ODF assumptions and 

type of VICs. Thus, the nucleus shear modulus estimated in this study was used for the 

later studies. 

The results in Chapter 5 provided insight into the differences in stress fiber 

contraction strength in different types of VICs. However, it did not give us where the source 

of this difference came from. Thus, the goal in Chapter 6 was to study how the stress fibers 

produced active contractile forces under varying normal and pathological conditions. To 

this end, we developed a VIC computational model that simulated changes in stress fibers 

contraction by incorporating measured stress fiber orientation and expression levels of F-

actin and α-SMA and applied to microindentation experiments. We modulated the 

activation states of the VICs using Cytochalasin D, KCl molar concentration, and TGF-β1. 

These experimental groups allowed us to study how α-SMA and F-actin expression levels 

influenced stress fiber passive elastic and active contractile responses. Our simulation 

results indicated that while both F-actin and α-SMA expectedly contributed to stress fiber 

force generation, the level of α-SMA incorporation into the stress fibers clearly dominated 

force generation. Thus, we verified that the increase in the intrinsic contraction strength of 

the stress fibers, as we determined in Chapter 5, was due to the incorporation of the α-SMA 
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into stress fibers. This increase in the stress fiber force generation also influenced the 

traction force that the VICs exert on the substrates. 

In Chapter 5 and Chapter 6, we used the simulations and experiments to study the 

mechanical responses of VICs under relatively slow loading conditions. However, in 

physiological environments, VICs were subjected to rapid loading and unloading 

conditions due to valve opening and closing. Thus, questions remain as how the VICs 

respond differently to different loading speeds or strain rates. The microindentation 

experimental data of the VICs under slow and fast indentation speeds suggested that the 

VICs, when activated, exhibited significant strain rate sensitivity. Thus, in Chapter 7, we 

developed the computational model of the VIC that incorporated the strain rate sensitivity 

by extending our previous model from Chapter 6. Specifically, we assumed that the strain-

rate sensitivity originated in the viscous resistance of the stress fibers when α-SMA was 

incorporated into the stress fibers. The extended model beautifully explained the difference 

in the mechanical responses of the VICs under fast and slow loading conditions for 

hypertensive state. Using a predictive simulation of 1D stress fiber under physiological 

stretch and stretch rate, we also found that the internal stress within the stress fibers were 

greatly different for different activation states due to their passive elastic, active contractile, 

and viscous stresses. Especially, for the hypertensive state (T90 grouop), the increase in 

the 1D stress of the stress fibers was largely attributed to the increase in the viscous stress. 

This result indicated that when VICs become hypertensive state, they start to exhibit some 

strain rate sensitivity, generating greatly higher internal stress within their stress fibers. 

Because our ultimate goal is to understand the biomechanics of VICs within the 

native environments, it is inadequate to just study the VIC mechanical responses under 
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experimental conditions. Thus, in Chapter 8, we incorporated our model developed in 

Chapter 6 into the downscale model framework developed by Buchanan [118]. Using the 

downscale model, we studied the contraction strength of the VICs and their connectivity 

to surrounding ECM using the experimental data of the valve tissue strip under flexure. In 

the downscale framework, we prescribed the displacements from the macro-model as 

boundary conditions and matched the volume averaged von Mises stress of the micro 

model to the macro model. Our model predicted that the contraction strength of the stress 

fibers in native tissue was 20~150 times larger than the contraction strength on 2D flat 

substrates, depending on the fiber orientation assumptions. The model also predicted that 

the VICs’ connectivity to the surrounding ECM was greatly different for different layers 

of the tissue. Namely, we found that there was about 75% reduction in the tissue 

connectivity from the fibrosa layer to the ventricularis layer. We also compared the average 

traction on the VIC surface to the traction estimated in the microindentation study in 

Chapter 6 and found that these values were very similar. Thus, we concluded that average 

force that each adhesion complex produced was unaffected by whether the VICs were in 

2D or 3D environment. 

In conclusion, the VIC computational model framework developed in this 

dissertation successfully captured various mechanical responses of VICs under greatly 

different biomechanical conditions. For example, the model was applied to simulate the 

VIC suspended in a fluid for MA experiment, (Chapter 5), on the 2D flat substrate for AFM 

and MI experiments (Chapter 5, Chapter 6, and Chapter 7) for different indenter size/shape 

and speed, and embedded within ECM structure (Chapter 8). The model indicated that 

depending on the activation states, VICs could generate greatly different mechanical 
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responses, which primarily originated from their stress fibers. The model also indicated 

that the stress fiber biomechanics was dominated by the level of incorporation of α-SMA 

for both active contractile and viscous responses. The computational model framework 

presented in this dissertation provided the significant breakthrough in the understanding of 

VIC mechanics within the native valve tissue, as it integrated the experimental data into 

the computational model and provided insight into the complex physiology and response 

of VICs from subcellular level to tissue level. 

9.3 Future directions 

The development of the VIC model framework should be considered as a first step 

to understanding the heart valve disease in subcellular and cellular levels. In this 

dissertation, I primarily focused on the mechanical responses of the VICs observed during 

the MA, AFM, and MI experiments and modeled three major components of the VICs: 

basal cytoplasm, stress fibers, and nucleus. However, it is possible that other subcellular 

mechanics influences the overall mechanical responses of the VICs. The primary targets 

for the next modeling effort would be cell membrane and cytosolic fluid. More detailed 

modeling of the subcellular structure should be necessary.  

In our model framework, we assumed that the time-dependent (strain rate 

dependent) mechanical response of VICs only arose from the viscous resistance of the 

stress fibers. However, preliminary experimental studies on the VICs indicated that VICs 

exhibited stress relaxations under microindentation whereas our current model cannot 

capture it. Thus, development of viscoelastic model, such as quasi-linear viscoelastic 

model for stress relaxation is necessary. Also, in our model development, we ignored fluid 



202 

 

 

 

 

 

movements within the VICs as well as inertial forces. However, it is possible that under 

rapid loading and unloading conditions within the physiological environments, these 

phenomena can influence the mechanical responses of VICs. Thus, development of 

poroelastic-type or poroviscoelastic-type models as well as incorporation of inertial term 

may be necessary. 

In our model framework, we did not explicitly modeled the adhesion complex 

formation or stress fiber remodeling, as we assumed that they did not occur within the time-

scale of experiments. However, if in order to study the VICs during disease progression in 

long term, modeling of the adhesion complex formation and stress fiber remodeling is 

critical. Modeling the formation and destruction of the adhesion complexes as well as stress 

fibers requires the mixture theory framework coupled with kinetics-type model, which will 

greatly increase the complexity of the model. Also, the time-scale of theses phenomena is 

10 s or larger while the time-scale of valve movement is 0.1s. Thus, multi-time-scale 

modeling may be necessary. 

Lastly, we used the downscale model framework in Chapter 8 to understand how 

the VIC contractility and well as connectivity to ECM influenced the overall tissue 

response. However, in order to capture the contributions of the VIC more accurately, true 

multiscale model is necessary. Ultimately, our VIC model framework will be a part of a 

larger multiscale model of the heart valves, which captured the heart valve mechanics in 

subcellular level, cellular level, tissue level, and organ level. 
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