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Summary

Heart valve replacement by a mechanical or biological prosthesis represents a com-
mon surgical therapy for end-stage valvular heart diseases. A critical drawback of
these prostheses is the inability to grow, repair and remodel in response to changes in
the tissue’s environment. Tissue engineering represents a promising alternative tech-
nology to overcome the disadvantages of the heart valve replacements currently used.
The goal of tissue engineering is to create an autologous living tissue with properties
that resemble those of the native tissue. The concept of tissue engineering is based
on seeding autologous cells onto a biodegradable scaffold material and delivering the
appropriate environmental cues to culture the construct. This technique is relatively
successful and tissue-engineered heart valves have been placed at the pulmonary side
in animal models. However, the mechanical properties of these tissue-engineered
constructs are currently insufficient for implantation at the aortic side.

In order to improve the mechanical properties of the constructs, tissue forma-
tion is stimulated via a conditioning protocol. The tissue is exposed to appropriate
biochemical and biomechanical stimuli in a bioreactor system. As the mechanical
properties of the engineered constructs are not yet optimal, the conditioning proto-
cols should be improved and optimized. The load-bearing capacities of the aortic
valve are mainly determined by a well organized network of collagen fibers which
withstands the pressures during the cardiac cycle and transmits the forces into the
aortic wall. For that reason, the conditioning protocol should focus on the deposition
of sufficient amounts of properly organized collagen fibers. In these conditioning pro-
tocols mechanically induced tissue adaptation and remodeling play a crucial role. To
optimize the protocols and to improve the mechanical properties of the tissue, it is
desired to gain insight into these processes. However, the interaction between tissue
remodeling and the mechanical loading condition is complex because these are highly
coupled. Therefore, mathematical models are desired to study this interaction and to
predict the tissue’s response to mechanical stimuli.

The objective of this work is to gain insight into tissue remodeling due to mechan-
ical stimuli. In this thesis, mathematical models are formulated that 1) describe the
mechanical loading condition in the tissue, and 2) account for the effects of tissue
remodeling on the mechanical behavior of the construct. The application of these
models focuses on the aortic valve, but the models are also applied to arteries since
these contain a specific architecture of collagen fibers as well. The starting point
of this research is the formulation of remodeling laws which are based on the hy-
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xii Summary

pothesis that the collagen fibers orient towards the strain field. The predicted fiber
directions agree very well with experimental data from native aortic valves. However,
the formulated hypothesis appears to be inadequate to describe the helical collagen
orientation that is found in arterial walls. Subsequently, the hypothesis is successfully
modified and the predicted fiber directions represent the architecture that is present
in native arteries. The modified hypothesis is then applied to the aortic valve and this
yields an improved prediction of the collagen architecture in the aortic valve. Next,
a structurally-based constitutive model is presented to give an accurate description
of the mechanical behavior of the tissues. This model contains structural parame-
ters that describe the amount and orientation of collagen fibers and enables us to
incorporate experimentally measured fiber distributions. Finally, the structural con-
stitutive model is coupled with the hypotheses for collagen fiber remodeling. In this
way, the evolution of the collagen fiber distribution and the mechanical properties of
tissue-engineered cardiovascular tissues can be studied and predicted.



Chapter 1

General introduction

The overall objective of the work presented in this thesis is to gain insight into the ef-
fects of mechanical stimuli on remodeling of the collagen architecture in cardiovascular
tissues. This insight is desired in order to improve and optimize mechanical condition-
ing protocols in tissue engineering strategies for load-bearing cardiovascular tissues. It
focuses on remodeling of the collagen network, as the load-bearing properties of these
cardiovascular tissues are mainly determined by a well organized collagen architecture.
The main emphasis is on the aortic valve, but arteries are also considered since these
contain a specific organization of collagen fibers as well. As the interaction between
collagen remodeling and the mechanical loading condition is complex, computational
models are employed that 1) describe the mechanical behavior of the tissues and 2) ac-
count for changes in the collagen architecture due to mechanical stimuli. In this chapter
general background information is given about the aortic valve, tissue engineering, tissue
composition and remodeling, and an outline of the thesis is provided.

1



2 Chapter 1

1.1 Introduction

The heart can be considered as two separate pumps: a left heart that pumps blood
through the peripheral organs and a right heart that pumps blood through the lungs.
The left and right heart are basically pulsatile two-chamber pumps, composed of a
ventricle and an atrium. The ventricle supplies the main force that propels the blood
through the systemic or pulmonary circulation, whereas the atrium functions as a
primer pump for the ventricle. The heart contains four valves (Fig. 1.1) that act as
one-way doors, allowing forward flow and preventing backward flow. Heart valves
can be abnormally formed as congenital defects or can be damaged by e.g., rheumatic
fever, infection, inherited conditions and aging. As a consequence, a stenosis develops
or insufficiency occurs. Severe and end-stage diseases of the heart valves are com-
monly treated by valve replacement. Annually, approximately 275,000 heart valve
replacements are performed worldwide (Schoen, 2001; Sacks and Schoen, 2002)
whereas in the United States this surgical procedure is performed at least 85,000
times each year (American Heart Association, 2004). The heart valve replacements
used at the moment are mechanical prostheses and bioprostheses. Mechanical heart
valves have a relatively long lifetime, but suffer from thrombogenicity requiring pro-
longed anticoagulation medication. Bioprosthetic heart valves, on the other hand, are
less thrombogenic, but suffer from calcification and consequent valve failure (Schoen
and Levy, 1999). A critical drawback of these replacements is their inability to grow,
repair and remodel in response to changes in the tissue’s environment. The ability
to grow is especially important in growing paediatric patients, whereas the ability to
remodel is necessary to adapt to changes in the tissue’s environment. In the absence
of tissue repair it is thought that excessive tissue wear could occur as a result of the
stresses in-vivo (Deck et al., 1998). Tissue engineering represents a promising al-
ternative technology to overcome the disadvantages of the heart valve replacements
currently used.

1.2 Tissue engineering

The goal of tissue engineering is to create an autologous living tissue that resembles
the properties of the native tissue and has the ability to grow, repair and remodel. The
key processes in the general paradigm of tissue engineering are shown in Fig. 1.2.
Typically, autologous cells are seeded on a pre-shaped biodegradable carrier (the
scaffold) and placed in a bioreactor system to deliver the appropriate environmental
stimuli (conditioning) in order to culture the engineered tissue. This includes the ap-
plication of biomechanical and biochemical stimuli that favor matrix production and
tissue remodeling (see Section 1.4). In this way, a functional tissue can be obtained
that can be implanted in the patient or used as a model system. This approach is rel-
atively successful, but tissue engineers have faced major challenges when producing
replacement tissues that serve a predominantly biomechanical function (Butler et al.,
2000). Tissue-engineered heart valves have been placed at the pulmonary position
in animal models (Sodian et al., 2000a; Hoerstrup et al., 2000; Rabkin et al., 2002)
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aortic valvepulmonary valve
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Figure 1.1: Schematic cross section of the heart showing the valves, ventricles and
atria.

where the engineered tissue is subjected to smaller loads compared with the aortic
position. However, the mechanical properties of these tissue-engineered constructs
are currently insufficient for implantation at the aortic position (Mol and Hoerstrup,
2004) and these properties have to be improved. Mechanical stimuli are important
modulators of cell physiology (Streuli, 1999; Chiquet, 1999; MacKenna et al., 2000)
and it is hypothesized that these may be used to improve and accelerate matrix pro-
duction and tissue remodeling. In order to improve the mechanical properties of
the engineered tissues, the effects of different conditioning protocols including shear
stress (Jockenhoevel et al., 2002), tensile strain (Mol et al., 2003) and flexure (Engel-
mayr et al., 2005) on tissue formation in engineered cardiovascular tissues have been
systematically investigated. As the mechanical properties of the engineered tissues
are not yet optimal, these conditioning protocols should be optimized to further im-
prove and stimulate tissue formation and remodeling. However, in order to achieve
this, it is necessary to gain more insight into the structure-function properties of the
(engineered) tissue and the complicated processes of tissue remodeling in response
to mechanical conditioning protocols.



4 Chapter 1

cells
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functional
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Figure 1.2: Key processes in the general paradigm for tissue engineering of load-
bearing structures. Mechanical conditioning of the cell-seeded scaffold is
essential to enhance matrix synthesis and tissue remodeling (gray box).

1.3 Tissue composition and structure-function proper-
ties

1.3.1 Tissue composition

Soft connective tissues, including cardiovascular tissues, are composite materials con-
sisting of cells and extracellular matrix (ECM). The matrix is frequently more plentiful
than the cells and mechanical functioning of the tissue is determined by the extracel-
lular matrix and the interactions between the cells and matrix. Variations in the
relative amounts of matrix molecules and the way they are organized in the ECM
gives rise to a diversity of forms in order to fulfill the functional requirements of the
specific tissue (Alberts et al., 1994). The matrix proteins are mainly produced locally
by the cells and these cells also help to pattern the ECM. The two main classes of
matrix molecules are: 1) polysaccharide chains of the class called glycosaminogly-
cans (GAGs), which are usually found covalently linked to proteins in the form of
proteoglycans and 2) fibrous proteins of two functional types; mainly structural (e.g.,
collagen and elastin) and adhesive (e.g., fibronectin and laminin). The proteoglycans
are negatively charged and attract water to form a highly hydrated gel-like struc-
ture in which the fibrous proteins are embedded. This gel resists compressive forces
and the collagen fibers provide tensile strength. The elastin network gives the tissue
resilience so that it can recoil after being stretched.

The aortic valve consists of three leaflets and in a cross section of a leaflet three
layers are distinguishable, the ventricularis, the spongiosa and the fibrosa (Fig. 1.3),
which have different composition and mechanical properties (Vesely and Nosewor-
thy, 1992). The fibrosa and ventricularis are preloaded due to their attachment to
each other, the ventricularis is under tension whereas the fibrosa is under compres-
sion (Vesely, 1996). The collagen fibers are mainly located in the fibrosa layer, which
is considered to be the main load-bearing structure of the valve (Thubrikar et al.,
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1986). The collagen fibers in the fibrosa predominantly run in the circumferential
direction and in the center more diverging bundles can be observed (Fig. 1.4). The
spongiosa contains sparse collagen fibers oriented radially (Schoen, 1997) whereas
in the ventricularis loose collagen fibers are mainly oriented circumferentially (Scott
and Vesely, 1996). The orientation of the collagen fibers in the aortic valve was mea-
sured quantitatively by Sacks et al. (1997b, 1998) with small angle light scattering
(SALS), whereas Tower and Tranquillo (2001b) and Doehring et al. (2005) used el-
liptically polarized light to measure the collagen structure. The microstructure and
morphology of elastin in the aortic valve was studied by Scott and Vesely (1995, 1996)
using scanning electron microscopy. The ventricularis contains a continuous sheet of
elastin that stretches over the entire layer. In the fibrosa, a matrix of elastin surrounds
the collagen fibers. The elastin in the spongiosa consists mainly of loose fibers that
stretch between the ventricularis and fibrosa. Glycosaminoglycans (GAGs) are mainly
located in the spongiosa layer to form an amorphous extracellular matrix (Schoen,
1997). The other two layers of the heart valve also contain proteoglycans, but these
layers are reinforced with collagen and elastin.

Figure 1.3: Schematic cross section of the aortic valve showing the ventricularis,
spongiosa and fibrosa layer (obtained from Mol (2005) with permission).

1.3.2 Structure-function properties

The mechanical characteristics of the aortic valve have been studied extensively in
literature. Vesely and Noseworthy (1992) measured the mechanical properties of
the fibrosa and ventricularis separately with uniaxial tests. But in order to measure
the mechanical characteristics adequately, biaxial tests should be performed because
these reflect the loading environment of the leaflets in-vivo. The biaxial mechanical
properties of the leaflets are anisotropic and nonlinear, and the extensibility in the
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radial direction is significantly larger than in the circumferential direction (Lo and
Vesely, 1995). In the circumferential direction, the mechanical behavior exhibits the
properties of the collagen fibers, whereas in the radial direction elastin plays a more
significant role. Billiar and Sacks (2000a,b) showed that the local collagen fiber ar-
chitecture is responsible for the complex in-plane biaxial mechanical properties of the
leaflets. In the aortic valve, elastin is mechanically coupled to collagen and it is sug-
gested that the purpose of elastin in the aortic valve leaflet is to maintain the specific
collagen configuration and return the fibers to this state, once external forces have
been released (Vesely, 1998). I.e., in the fibrosa, an elastin matrix surrounds the col-
lagen network and stores energy as it becomes stretched during diastole enabling the
collagen fibers to return to their original state during systole. The elastin sheet in the
ventricularis enables the leaflets to deform smoothly to the point at which the collagen
fibers take over the load. However, the mechanisms through which forces are trans-
ferred between collagen and elastin are not yet fully understood (Scott and Vesely,
1995, 1996). Removing the mechanical contribution of elastin alters the mechanical
behavior of the leaflets and damage to elastin will distend the leaflets, reduce their
extensibility and increase their stiffness (Lee et al., 2001b). The effects of proteogly-
cans on the mechanics of the heart valve have been mainly investigated with respect
to the spongiosa layer. Several functions have been ascribed to this loose spongy con-
nective tissue layer: 1) it confers flexibility to the leaflet, 2) it dampens vibrations and
absorbs shocks associated with leaflet closing and 3) it allows shear to occur between
the fibrosa and ventricularis (Schoen, 1997). The bending and shear properties of
aortic valve leaflets were measured by Vesely and Boughner (1989), and Talman and
Boughner (1995, 1996, 2001). Vesely and Boughner (1989) hypothesized that inter-
nal shearing is a likely mechanism through which valve leaflets reduce tensile and
compressive stresses during leaflet bending.

Figure 1.4: Fiber architecture in the native aortic heart valve leaflet (obtained
from Sauren (1981) with permission).

Due to the complex mechanical properties and the biomechanical environment of
the aortic valve, computational models can be employed to study the mechanical be-
havior and gain insight into the structure-function properties of heart valves. Krucin-
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ski et al. (1993) simulated the opening and closing behavior of heart valves in order
to estimate the stresses present in the material. Li et al. (2001), Luo et al. (2003) and
de Hart et al. (2004) showed the effects of fiber-reinforcement, anisotropic mechani-
cal properties and geometrical parameters on the stress distribution in the valves. Sun
et al. (2005) simulated the deformation of bioprosthetic heart valves and validate the
computed leaflet strain field with experimental data.

1.4 Tissue remodeling

Cardiovascular tissues have, like other tissue types, the ability to adapt to changes
in the applied load, according to Wolff’s law (Wolff, 1892). The cells maintain the
matrix and they are the key modulators of mechanically-induced tissue formation
and remodeling, and in this way actively control tissue architecture and mechanics
to adapt to changes in functional demands. The cells can reorganize and remodel
the extracellular matrix by changing the production of matrix components, by secret-
ing matrix enhancing or degrading products and their inhibitors, and by applying
(traction) forces to the deposited fibers. At the moment it is not exactly known how
the cells sense and affect their environment, but several cellular mechanosensors and
mechanotransduction pathways have been proposed (Streuli, 1999; Chiquet, 1999).

It is generally accepted that collagen synthesis, accumulation and organization are
increased by mechanical stimuli, resulting in improved mechanical properties of the
tissue. Cyclic strain increased the production of collagen in engineered smooth muscle
tissue (Kim et al., 1999) and the rate of collagen synthesis was increased in mechani-
cally stimulated in-vitro pulmonary arteries (Kolpakov et al., 1995). Collagen content
also increased in long-term tissue-engineered vascular structures (Stock et al., 2001)
and in axially stretched in-vivo carotid arteries (Jackson et al., 2002). Pulmonary
fibroblasts also showed an increased collagen expression when stimulated mechan-
ically (Breen, 2000). The studies on tissue-engineered heart valves also revealed
changes in collagen content, both after in-vitro and in-vivo remodeling. However,
little information is available about the collagen architecture in these engineered tis-
sues. A variety of experiments demonstrated that expression and synthesis of elastin
was regulated by mechanical strain, including those of Kolpakov et al. (1995), Kim
et al. (1999), Stock et al. (2001) and Jackson et al. (2002). The studies on tissue
engineering of heart valves revealed that elastin was not detectable after in-vitro con-
ditioning. In order to overcome this shortcoming, Shi et al. (2002) developed elastin
sheets and tubes by culturing neonatal rat aortic smooth muscle cells. Proteoglycan
content increased as well in long-term tissue-engineered vascular structures (Stock
et al., 2001). Mechanical deformation increased proteoglycan synthesis and organi-
zation by vascular smooth muscle cells and it was suggested that secretion of proteo-
glycans may serve as an initial defense mechanism against excessive deformation (Lee
et al., 2001a). The studies on tissue engineering of heart valves demonstrated that
the extracellular matrix contained abundant amounts of proteoglycans. Besides the
synthesis and secretion of extracellular matrix proteins, the regulation of matrix met-
alloproteinases (MMPs) and their inhibitors (tissue inhibitor of metalloproteinases,



8 Chapter 1

TIMPs) plays an important role in tissue remodeling (Birkedal-Hansen, 1995). MMPs
are able to degrade matrix components and are expressed at low levels in normal
adult tissue, but are upregulated by the cells during pathological conditions and re-
modeling processes. The expression, secretion and activation of MMPs is affected by
mechanical stimuli, but the results are controversial. Meng et al. (1999) and Jack-
son et al. (2002) showed an upregulation of MMP-2 and MMP-9 in longitudinally
stretched bloodvessels. Yang et al. (1998), on the other hand, showed that mechani-
cal strain supressed the expression of MMP-1 in human vascular smooth muscle cells.
Rabkin et al. (2002) reported on the evolution of MMP-13 (collagenase 3) in tissue-
engineered heart valves. Initially the expression of MMP-13 was upregulated, but
only few cells were still positive for this enzyme in explants at 16-20 weeks, possibly
indicative of mature stable tissue.

1.5 Objective and outline of the thesis

One of the ways to improve the mechanical properties of engineered cardiovascular
tissues, in particular for systemic applications, is to enhance tissue formation and
remodeling via optimized mechanical conditioning protocols. The load-bearing ca-
pacities of the aortic valve are mainly determined by a well organized network of
collagen fibers (Fig. 1.4) which withstands the pressures during the cardiac cycle and
transmits the forces into the aortic wall. For that reason, the conditioning protocol
should focus on the deposition of sufficient amounts of properly organized collagen
fibers. In these conditioning protocols mechanically induced tissue adaptation and
remodeling play a crucial role. It is desired to gain insight into these processes to op-
timize the protocols and to improve the mechanical properties of the resulting tissue.
However, the interaction between tissue remodeling and the mechanical loading con-
dition is complex because these are highly coupled. Therefore, mathematical models
are desired to study this interaction and to predict the tissue’s response to mechanical
stimuli.

The objective of this work is to gain insight into the effects of mechanical stim-
uli on collagen remodeling in cardiovascular tissues. For this purpose, mathematical
models are formulated that 1) describe the mechanical loading condition within the
tissue, and 2) account for the effects of collagen remodeling on the mechanical be-
havior of the (engineered) tissue. The application of these models focuses on the
aortic valve, but the models are also applied to arteries since these contain a specific
architecture of collagen fibers as well (Fig. 1.5). The starting point of this research
is the formulation of remodeling laws which are based on the hypothesis that the
collagen fibers orient towards the strain field (Chapter 2 and 3). The predicted fiber
directions agree very well with experimental data from native aortic valves. However,
the formulated hypothesis appears to be inadequate to describe the helical collagen
orientation that is found in arterial walls. Subsequently, the hypothesis is successfully
modified and the predicted fiber directions represent the helical collagen architecture
that is present in native arteries (Chapter 4). The modified hypothesis is then applied
to the aortic valve and this yields an improved prediction of the collagen architec-
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ture in the aortic valve (Chapter 5). Next, a structurally-based constitutive model
is presented to provide a more accurate description of the mechanical behavior of
the tissues (Chapter 6). This model contains structural parameters that describe the
amount and orientation of collagen fibers and enables to incorporate experimentally
measured fiber distributions. This structurally-based model is also employed to assess
the mechanics of human tissue-engineered heart valve leaflets and to analyze their
response to a pressure load (Chapter 7). Finally, the structural constitutive model
is coupled with the hypotheses for collagen fiber remodeling (Chapter 8). In this
way, the evolution of the collagen fiber distribution and the mechanical properties
of tissue-engineered cardiovascular tissues can be studied and predicted. This thesis
closes with a general discussion about the presented work (Chapter 9). The contents
of Chapters 2 to 8 are based on separate articles and hence recurrence and overlap is
present in these chapters.

Figure 1.5: Typical helical fiber architecture in the medial and adventitial layer of the
arterial wall.





Chapter 2

Computational analyses of
mechanically induced collagen
remodeling in the aortic valve

To optimize the mechanical properties and integrity of tissue-engineered aortic heart
valves, it is necessary to gain insight into the effects of mechanical stimuli on the me-
chanical behavior of the tissue using mathematical models. In this study, a finite-element
(FE) model is presented to relate changes in collagen fiber content and orientation to the
mechanical loading condition within the engineered construct. We hypothesized that col-
lagen fibers aligned with principal strain directions and that collagen content increased
with the fiber stretch. The results indicate that the computed preferred fiber directions
run from commissure to commissure and show a strong resemblance with experimental
data from native aortic heart valves.

The contents of this chapter are based on N.J.B. Driessen, R.A. Boerboom, J.M.
Huyghe, C.V.C. Bouten and F.P.T. Baaijens (2003), Computational analyses of mechani-
cally induced collagen fiber remodeling in the aortic heart valve, Journal of biomechan-
ical engineering; 125: pp 549-557.

11
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2.1 Introduction

Tissue engineering presents a promising alternative technology to overcome the dis-
advantages of heart valve replacements currently used (Schoen and Levy, 1999).
So far, tissue-engineered heart valves have only been placed in the pulmonary po-
sition (Sodian et al., 2000a), where the construct is subjected to smaller stresses com-
pared to the aortic position. Successful tissue engineering of functional aortic heart
valves requires that the engineered valve has similar mechanical properties as the na-
tive valve. In order to engineer heart valves that are able to withstand the stresses in
the aortic position, the mechanical properties of the construct have to be improved.
Conditioning the cell seeded scaffold with (gradually increasing levels of) flow and
pressure in a pulse duplicator bioreactor is one of the possibilities to increase matrix
synthesis within the tissue-engineered aortic valve (Hoerstrup et al., 2000; Sodian
et al., 2000b). To optimize these conditioning programs and the mechanical integrity
of the construct, a mathematical model has to be formulated to relate tissue remod-
eling to the local mechanical state within the construct and to predict the effects of
changes in its mechanical environment. The model should focus on mechanically in-
duced collagen remodeling, as the load bearing properties of the leaflet are mainly
determined by the well organized collagen fiber network (Fig. 2.1). Remodeling of
collagen fibers includes changes in fiber orientation, net collagen turnover, fiber thick-
ness, collagen type and cross-linking (Guidry and Grinnell, 1985; Rubin and Farber,
1998).

Figure 2.1: Fiber architecture in the native aortic heart valve leaflet (from Sauren
(1981) with permission). The fibers are mainly oriented along the cir-
cumferential direction and some radially oriented fibers are present at
the base.

Numerical simulations contribute to the analysis and understanding of the local
mechanical state of the valve. Nonlinear finite-element simulations of fiber reinforced
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heart valves demonstrate significant changes in the distribution of the stress patterns
due to the anisotropic mechanical properties (Christie and Medland, 1982; Li et al.,
2001). Peskin and McQueen (1994) derived the fiber structure of the aortic valve by
considering mechanical equilibrium between the fiber forces and the pressure load
acting on the surface. The computed fiber architecture resembled the branching
braided structure of the collagen fibers that support the native aortic valve. How-
ever, the evolution of changes in the fiber architecture, which is of interest for tissue-
engineering applications, was not studied. Cowin (1986) and Cowin et al. (1992)
presented a theory to study the interrelation between the mechanical loading condi-
tion and remodeling of trabecular bone. Dallon, Sherratt and coworkers (Dallon and
Sherratt, 1998; Dallon et al., 1999, 2000) presented models to study collagen depo-
sition and alignment during dermal wound healing. Nevertheless, their theories did
not account for mechanical factors involved in tissue remodeling. Olsen et al. (1999)
presented a model to study stress-induced alignment of matrix fibers and Barocas and
Tranquillo (1997a,b) presented an anisotropic biphasic theory to account for traction-
induced matrix reorganization within compacting tissue-equivalents. In these studies,
however, the effect of fiber alignment on the mechanical properties of the extracellu-
lar matrix was left out of consideration.

As the biological processes of matrix remodeling are complex and not yet fully un-
derstood, we concentrated on a relatively simple model for analyzing collagen fiber
remodeling. The objective of this study was to predict the evolution of collagen fiber
content and orientation in the aortic heart valve, considering both the causes and
consequences of fiber alignment and changes in fiber content. In order to accom-
plish this, a theory capable of 1) describing the mechanical state within the tissue
and 2) accounting for the effects of fiber remodeling on the tissue’s constitutive be-
havior, was formulated. We used a discrete number of collagen fiber directions and
hypothesized that the collagen fibers aligned with principal strain directions. This hy-
pothesis compares with the theory presented by Cowin and coworkers for remodeling
of trabecular bone (Cowin, 1986; Cowin et al., 1992), which states that the trabecu-
lar architecture reorients towards the strain/stress field according to Wolff’s law. In
addition, we assumed that collagen content was linearly related to the square of the
fiber stretch.

2.2 Materials and methods

2.2.1 Constitutive equations

The leaflet of the aortic heart valve was modeled as an incompressible fiber-reinforced
material. A constitutive law for this transversely isotropic composite material was de-
scribed by van Oijen (2003). The fibers were modeled as a one-dimensional material
exerting only stresses in the fiber direction (�ef ). The Cauchy stress (σ) is written as:

σ = −pI + τ̂ (B) + φ(ψf (λ2) − �ef · τ̂ · �ef )�ef�ef (2.1)

where p is the hydrostatic pressure, I the unity tensor, τ̂ the (isotropic) matrix stress,
φ the fiber volume fraction, ψf the fiber stress and λ the fiber stretch. φ is defined as
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the ratio of the volume occupied by the fiber and the volume of the total material. The
Finger strain or left Cauchy-Green deformation tensor (B) is defined as B = F · F T ,
with F the deformation gradient tensor. It was assumed that the matrix stress was
elastic and that τ̂ represented the contribution of all matrix components (e.g., elastin
and proteoglycans), except the collagen fibers, to the total constitutive behavior. The
extra stress is defined as τ = τ̂ + φ(ψf − �ef · τ̂ · �ef )�ef�ef . Then, it can be seen
that in the fiber direction, the fiber stress and the matrix stress contribute to the
extra stress with fractions φ and (1 − φ), respectively (rules of mixtures). Hence,
�ef · τ · �ef = (1 − φ)�ef · τ̂ · �ef + φψf . On the other hand, the extra stress in any
direction �a perpendicular to �ef is defined by the matrix stress, �a · τ · �a = �a · τ̂ · �a.
Note that Eq. (2.1) represents an elastic material whereas most biological tissues,
including the aortic valve (Carew et al., 2000), exhibit visco-elastic or multi-phasic
behavior. Equation (2.1) is not restricted to one fiber direction and can be extended
to account for multiple fiber directions. If there is no interaction between the fibers,
the total stress of the composite with N fiber directions is written as:

σ = −pI + τ̂ +
N∑

j=1

φ j(ψ j
f − �e j

f · τ̂ · �e j
f )�e j

f �e
j

f (2.2)

The stress in the fiber (ψf ) is a function of the square of the fiber stretch (λ2). As-
suming that the matrix and the fiber undergo the same deformation (i.e., affine de-
formation), the fiber direction in the deformed configuration (�ef ) is determined from
the fiber direction in the undeformed configuration (�ef0):

λ�ef = F · �ef0 (2.3)

with:

λ =‖ F · �ef0 ‖ (2.4)

We attempted to model the mechanical properties of the leaflet with a discrete
number of fiber directions. We assumed that the fibers oriented towards a positive
principal strain direction (discussed in a subsequent section). The maximum number
of positive principal strains equals two for an incompressible material and therefore
two fiber directions were used. The matrix material was assumed to behave as an
incompressible Neo-Hookean material:

τ̂ = G(B − I) (2.5)

with G the shear modulus of the material. To express the nonlinear behavior of the
collagen fibers present in the valve, an exponential constitutive equation was used:

ψf = k1λ
2[ek2(λ

2−1) − 1] (2.6)

With k1 and k2 material parameters. For the fibers the following assumptions were
made:
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1. The fibers can only take tensile stresses, hence ψf = 0 when λ < 1.

2. Since the tensile loads are primarily carried by the collagen fibers, only one
family of fibers was considered. The thickness and stiffness of the fibers were
assumed constant, resulting in constant mechanical properties. At this stage the
effect of cross-linking between the fibers was left out of consideration.

3. Since collagen fiber crimp is difficult to quantify and is highly variable, Eq. (2.6)
was used to describe the effective stress-strain relationship (as suggested in the
study of Billiar and Sacks (2000b)).

2.2.2 Balance equations

In order to determine the local deformations and the mechanical loading condition
of the tissue, the balance equations had to be solved. On the domain of interest,
conservation of momentum and mass in every material point should hold. Neglecting
inertia and assuming that no body forces are present, conservation of momentum
reads:

�∇ · σ = �0 (2.7)

In the anisotropic biphasic theory of Barocas and Tranquillo (1997a,b), Eq. (2.7) was
extended to account for contractive cell traction forces, which are especially impor-
tant in compacting gels. In this study, the effects of these internally generated forces
were neglected. The volume of an incompressible material remains constant and mass
balance reduces to:

J = 1 (2.8)

where J = det(F ) represents the volume change between the initial and the cur-
rent configuration. The set of equations have to be supplemented with appropriate
boundary conditions.

A finite element formulation (Bathe, 1996) was derived to find an approximate so-
lution of the unknown displacement and pressure field from Eq. (2.7) and Eq. (2.8).
The weak form of the balance equations was obtained by transforming Eq. (2.7) and
Eq. (2.8) using a weighted residual formulation followed by partial integration. The
resulting equations were nonlinear with respect to the unknown displacement and
pressure field. The Newton-Raphson iteration process was used to find an approx-
imate solution and required linearization of the equations with respect to a known
reference configuration. An updated Lagrange formulation was employed such that
the last known (converged) configuration was taken as the reference configuration.
After linearization, the (Bubnov) Galerkin method was used for spatial discretization
of the weighting functions and the error in the displacement and pressure field. Nu-
merical integration was performed with Gauss integration. Because a mixed formu-
lation was used to account for incompressibility, the set of interpolation functions for
the displacement and the pressure field had to satisfy the Babuska-Brezzi or inf-sup
condition. In this work, the displacements were interpolated with quadratic functions
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and consequently the pressure was interpolated linearly (Q2/Q1 element). A Taylor-
Hood element with continuous pressure interpolation was chosen. The numerical
framework was implemented in the software package SEPRAN (Segal, 1984).

2.2.3 Collagen fiber remodeling

Fiber content

It is known that fiber content increases with strain (MacKenna et al., 2000; Kolpakov
et al., 1995; Kim et al., 1999). In this study, it was assumed that the (steady- state
values of the) fiber volume fractions (φss) were related linearly to the square of the
fiber stretches (λ2), which are invariants of the right Cauchy-Green deformation ten-
sor C (Holzapfel et al., 2000). The fiber content was limited by a lower value φmin

(at fiber stretch λl) and an upper value φmax (at a fiber stretch λu):

if λ < λl → φss = φmin (2.9)

if λ > λu → φss = φmax (2.10)

if λl ≤ λ ≤ λu → φss =
(φmax − φmin

λ2
u − λ2

l

)
(λ2 − λ2

l ) + φmin (2.11)

Since an instantaneous response of the fiber volume fraction φ to a change in the
fiber stretch is not plausible, the evolution of φ was modeled by a first order rate
equation:

dφj

dt
= µ[φss(λ2

j ) − φj ] j = 1, 2 (2.12)

In Eq. (2.12), dφj/dt is the rate of net fiber turnover for fiber direction j and µ
denotes the rate constant. Although the rate of matrix protein synthesis increases
with the magnitude of stretch (Kolpakov et al., 1995), µ was assumed constant for
simplicity.

Fiber reorientation

We hypothesized that collagen fibers aligned with the (positive) principal strain direc-
tions, as calculated from B. However, the driving force for collagen fiber alignment is
not restricted to mechanical stimuli. Several studies reported on magnetic alignment
of collagen fibers (Torbet and Ronzière, 1984; Dubey et al., 2001), which were left
out of consideration in the present study. Collagen fiber reorientation was modeled
by a first order rate equation:

dθj

dt
= κ

[
1− | �e j

f · �e j
p |

]
j = 1, 2

= κ
[
1− | cos(αj) |

]
j = 1, 2

(2.13)
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In Eq. (2.13), dθj/dt is the rate of reorientation for fiber direction j, κ denotes its
maximum value and �e j

p is a positive principal strain direction. The angle between
the principal strain direction and the fiber direction j is denoted by αj . The absolute
value of the dot product between �e j

f and �e j
p is taken, because the signs of �e j

f and
�e j

p are not of interest. The rate of orientation reaches a maximum when the fiber
direction and the principal strain direction are perpendicular, whereas the rate equals
zero when both are aligned. Although the rate of remodeling can be influenced by
biochemical stimuli (Streuli, 1999), the magnitude of the strain or the type of me-
chanical stimulus (MacKenna et al., 2000), κ was assumed constant. In fact, κ might
even account for the presence of a delay in the remodeling process. Figure 2.2 shows
a schematic representation of Eq. (2.13). The fiber vector �e j

f is rotated by an angle
∆θj towards the principal strain direction �e j

p , yielding the new fiber direction �e j ′
f .

�e j
f

�e j ′
f

�e j
p

∆θj

αj

Figure 2.2: Schematic representation of fiber reorientation. The fiber (�e j
f ) is rotated

over an angle ∆θj towards the principal strain direction (�e j
p ), resulting

in the new fiber direction (�e j ′
f ). αj denotes the angle between �e j

f and
�e j

p .

Implementation of fiber remodeling

The fiber content and direction were updated after each time step, because the new
values affect the constitutive behavior of the construct. An Euler explicit / forward
Euler scheme was performed for the temporal discretization of the remodeling rules
(Eq. (2.12) and Eq. (2.13)). A constant and sufficiently small time step ∆t (with
100∆t ≤ min(κ−1, µ−1)) was chosen to yield a stable integration process and to de-
termine the new fiber content and the angle of rotation ∆θj . The explicit dependency
on direction j is omitted in the following discussion.

A rotation tensor R, based on ∆θ and the normalized rotation axis �er, was used
to rotate �ef towards �ep:

�e ′
f = R(∆θ,�er) · �ef (2.14)

The rotation axis was calculated from:

�er =
�ef × �ep

‖ �ef × �ep ‖ (2.15)
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Because the rotation axis is undefined for two parallel vectors, R was set to I when
�ef and �ep align (i.e., α → 0o). Note that ∆θ had to be sufficiently small, because
small changes in α can result in relatively large changes of the fiber stress. When the
angle between the fiber and the principal strain direction was obtuse, the rotation
was performed with −∆θ.

Based on the assumption that the stress-free state of the (reoriented) fiber remains
in the undeformed configuration (F = I), we chose to update the fiber directions
in this configuration. As a result, the stress-free state before and after remodeling
remained the same. The old fiber directions in the undeformed configuration (�ef0)
were updated using a tensor U to obtain the new fiber directions in the undeformed
configuration (�e ′

f0
):

�e ′
f0

= U · �ef0 (2.16)

In order to obtain the expression for U , �e ′
f0

is first obtained by back transformation
of the new fiber directions in the deformed configuration (�e ′

f ):

�e ′
f0

= F−1 · (λnew�e
′

f ) (2.17)

In Eq. (2.17), λnew denotes the fiber stretch in the updated configuration. Then,
substitution of Eq. (2.14) in Eq. (2.17), yields:

�e ′
f0

= λnewF−1 · R · �ef (2.18)

Next, the old fiber directions in the deformed configuration (�ef ) have to be expressed
in terms of �ef0 :

�ef =
1
λold

F · �ef0 (2.19)

In Eq. (2.19), λold denotes the fiber stretch in the old configuration. Finally, substi-
tution of Eq. (2.19) in Eq. (2.18) and comparing the result with Eq. (2.16) yields the
expression for U :

U =
(
λnew

λold

)(
F−1 · R · F )

(2.20)

This process is schematically represented in Fig. 2.3.

2.2.4 Problem definition

Structure and geometry

Collagen fiber remodeling was assumed to be mainly triggered during the diastolic
phase. On the one hand, the diastolic phase relatively takes the longest period of
time of the cardiac cycle; on the other hand, the aortic valve is maximally loaded
during this phase. In this study, most attention was therefore paid to the closed con-
figuration of the leaflets. Assuming the time constant of a periodic pressure load is
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�ef0

�e ′
f0

�ef

�e ′
f

F

U R

λold

λnew

undeformed configuration deformed configuration

Figure 2.3: Schematic representation of the procedure to update the fiber directions
in the undeformed configuration. The old fiber direction in the unde-
formed configuration (�ef0) is transformed to the fiber direction in the
deformed configuration (�ef ). The fiber direction is then rotated towards
the principal strain direction to obtain the new fiber direction (�e ′

f ). Fi-
nally, back transformation results in the updated fiber direction in the
undeformed configuration (�e ′

f0
).

small compared to the time constant of collagen fiber remodeling, the transvalvular
pressure was applied quasi-statically. In this case, the magnitude of the applied pres-
sure load has to be interpreted as a representative value of the periodically varying
pressure level. For simplicity, only the solid mechanics of the valve were considered
and any interaction with fluid (other than the pressure) was not modeled. Contact
between the three separate leaflets of the aortic valve was left out of consideration.
The three layers of the leaflet, the fibrosa, spongiosa and ventricularis, have differ-
ent compositions (Thubrikar, 1990) and different mechanical properties (Vesely and
Noseworthy, 1992). Only the fibrosa was modeled in this stage as this is considered
to be the main load bearing structure of the leaflet (Thubrikar et al., 1986). Both
a stented and a stentless valve geometry were used. The aortic root was modeled
to apply realistic boundary and loading conditions. The aortic root permits the di-
mensions of the valve to change; e.g., during systole the commissures move outward
by 12% and the bases move inward by 9-22% (Thubrikar, 1990). The FE meshes of
the stented and stentless valve geometry were obtained from de Hart (2002) and are
shown in Fig. 2.4. The outer radius of the leaflet was 12 mm and a uniform thickness
of 200 µm was assumed. These dimensions were based on anatomical values mea-
sured in human specimens (Thubrikar, 1990; Sauren, 1981; Clark and Finke, 1974).
Because of symmetry only 1/6 of the valve was used in the finite element analyses.

Parameters

The shear modulus of the leaflet’s matrix material was chosen as Gleaflet = 0.5 MPa.
The value of k2, indicating the degree of nonlinearity of the fiber stress, was set to
6.0, comparable to the estimated parameter in the study of Billiar and Sacks (2000b).
The value of k1 was set to 2.0 MPa to ensure that the fibers were much stiffer than
the matrix for all tensile strains. At compressive fiber strains, the fiber content was
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(a) (b)

Figure 2.4: FE meshes of the valve in a stented (a) and stentless (b) geometry. In
(b), the rigid stent from (a) is replaced by the aortic root and one sinus
is omitted for an improved perspective. Because of symmetry only 1/6 of
the valve was used in the finite element analyses.

set equal to zero because these fibers are non-functional. Hence, φmin = 0.0 and λl

= 1.0. The value of φmax (at λu = 1.25) was assumed to be 0.3. As the time scale
of the remodeling rules was arbitrary, time was scaled with κ0 = 1.0 s−1. The values
of κ/κ0 and µ/κ0 were arbitrarily set to 1.0 and 5.0, respectively. The aortic root was
modeled as an incompressible Neo-Hookean material with Groot = 4.0 MPa.

Initial fiber configuration

The initial fiber configuration was defined by taking fiber directions parallel to the x-
and y-axes. Hence, (γ1, γ2) = (0, π/2) with γj denoting the angle between the initial
fiber direction j and the positive x-axis. These fiber vectors were then projected
tangent to the 3D surface of the leaflet to form the initial fiber directions. The initial
fiber volume fractions were set equal to zero.
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Boundary conditions

All nodal displacements on the fixed edge, the inlet and the outlet wall were sup-
pressed. At symmetry surfaces, nodal displacements in the normal direction were
suppressed. To model the diastolic pressure difference over the aortic heart valve, a
uniform pressure of 10 kPa (pmax) was applied on the aortic surface of the leaflet. To
accomplish opening of the valve, in the absence of fluid-solid interaction, a uniform
systolic pressure difference of 18 kPa was applied on the inner wall of the aortic root.
This pressure caused the root to expand and as a consequence the valve opened. The
opened valve configuration was only considered for the stentless valve geometry. The
period of time to apply the pressure load was small compared to the time needed for
the remodeling process. The pressure was held at a constant level after it had been
applied, whereas the remodeling process continued.

Analyses

To analyze the effects of the remodeling process on the constitutive behavior of the
leaflet, the displacement of the tip (nodulus of Arantius) was monitored. The effect of
different fiber properties and diastolic pressure levels on the final fiber configuration
was investigated. The value of k1 was varied from 2.0 MPa to 1.0 and 0.5 MPa,
whereas the maximum pressure level pmax was varied from 10 kPa to 5.0 and 1.0
kPa. To study the effect of the initial fiber directions, (γ1, γ2) = (0, π/2) was changed
to (γ1, γ2) = (π/6,−π/3). The magnitudes of the scaled rate constants κ/κ0 and µ/κ0

were arbitrarily varied from 1.0 and 5.0, respectively, to 5.0 and 1.0. The results of
the stented and the stentless valve geometry (in the closed and opened configuration)
were compared. These analyses are summarized in Table 2.1. Because the computed
amount and distribution of fibers on the aortic and ventricular side differed, the mean
value of the volume fractions on both sides was calculated.

2.3 Results

2.3.1 Tip displacements

The tip displacement as a function of the (scaled) period of time is shown in Fig. 2.5.
In the first part of these curves, the tip displacement increased due to pressure ap-
plication. Thereafter, the tip displacements decreased as a result of the remodel-
ing process. Because the fibers aligned with the principal strain directions and the
fiber content increased, the strains within the construct and the tip displacements
decreased. Clearly, the maximal tip displacement was larger at higher pressures and
lower fiber stiffnesses (Fig. 2.5(a) and Fig. 2.5(b)). The maximum value of the tip
displacement was larger for (γ1, γ2) = (π/6,−π/3) than it was for (γ1, γ2) = (0, π/2)
(Fig. 2.5(c)). In the latter case, the initial fiber directions were more aligned with
the principal strain directions. As a result, the material initially had a higher effec-
tive stiffness. The steady-state values of the tip displacements were nearly equal for
both initial fiber directions considered (relative difference < 2%). In Fig. 2.5(d), the
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k1 pmax (γ1, γ2) κ/κ0 µ/κ0 geometry configuration
[MPa] [kPa] [rad] [-] [-]

I 2.0 1.0 (0, π/2) 1.0 5.0 stented closed
II 2.0 5.0 (0, π/2) 1.0 5.0 stented closed
III 2.0 10.0 (0,π/2) 1.0 5.0 stented closed
IV 1.0 10.0 (0, π/2) 1.0 5.0 stented closed
V 0.5 10.0 (0, π/2) 1.0 5.0 stented closed
VI 2.0 10.0 (π/6,−π/3) 1.0 5.0 stented closed
VII 2.0 10.0 (0, π/2) 5.0 5.0 stented closed
VIII 2.0 10.0 (0, π/2) 1.0 1.0 stented closed
IX 2.0 10.0 (0, π/2) 5.0 1.0 stented closed
X 2.0 10.0 (0, π/2) 1.0 5.0 stentless closed
XI 2.0 18.0 (0, π/2) 1.0 5.0 stentless opened

Table 2.1: Overview of the performed analyses. The reference values of the parame-
ters are highlighted.

highest value of the tip displacement was obviously found for κ/κ0 = 1.0 and µ/κ0

= 1.0, whereas the lowest value was obtained with κ/κ0 = 5.0 and µ/κ0 = 5.0. The
maximum tip displacement for κ/κ0 = 5.0 and µ/κ0 = 1.0 was larger than for κ/κ0

= 1.0 and µ/κ0 = 5.0. Initially, increasing the amount of fibers was apparently more
effective with respect to increasing the construct’s stiffness than fiber reorientation
was. The final values of the tip displacement hardly depended on the magnitude of
the rate constants (relative difference < 0.5%).

2.3.2 Fiber content

The mean total volume fractions of the leaflet obtained with the reference values of
the parameters (entry III in Table 2.1) are shown in Fig. 2.6(a). In Table 2.2 the
volume fractions obtained with the stented valve geometries are compared. As a di-
rect result of the assumption in Eq. (2.9) to Eq. (2.11), the total volume fractions
decreased (Table 2.2) with lower pressure levels (entry I and II), i.e., reduced strains,
compared to the reference values (entry III). Similarly, the volume fractions increased
(Table 2.2) with lower fiber stiffnesses (entry IV and V). The value and distribution
of the volume fractions with (γ1, γ2) = (π/6,−π/3) (entry VI) slightly differed (Ta-
ble 2.2) due to local differences in the magnitude of the principal strains when com-
pared to the reference situation with (γ1, γ2) = (0, π/2). The value and distribution of
the volume fractions showed small dissimilarities for different magnitudes of the rate
constants (entry VII, VIII and IX) due to local differences in the strain field (Table 2.2).

In all stented cases, the volume fractions reached their maximum value at the fixed
edge, because the applied boundary conditions introduced relatively large strains at
this location. Modeling the aortic root affected the strain fields within the leaflet. Es-
pecially near the attachment of the leaflet to the aortic wall (aortic ring), the strains
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Figure 2.5: Tip displacements as a function of the relative period of time at different
pressure levels (a, entry I, II and III from Table 2.1), with different fiber
stiffnesses (b, entry III, IV and V from Table 2.1), different initial fiber
directions (c, entry III and VI from Table 2.1) and different magnitudes
of the rate constants (d, entry III, VII, VIII and IX from Table 2.1).

and the volume fractions were reduced (Fig. 2.6(c)) compared to the closed configu-
ration of the stented valve geometry (Fig. 2.6(a)). As a result of the strain field, the
volume fractions in the opened configuration were small (Fig. 2.6(e)).
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(a) (b)

(c) (d)

(e) (f)

Figure 2.6: Fiber configurations. Mean value of the final total volume fraction on
the aortic and ventricular side (left). Final fiber orientation on the aortic
side of the leaflet (right). The fiber vectors are scaled with their volume
fraction. (a) and (b) are obtained with reference values of the parameters
(entry III in Table 2.1). (c) and (d) are obtained with a stentless valve
geometry (entry X in Table 2.1). (e) and (f) are obtained with a stentless
opened valve configuration (entry XI in Table 2.1).
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mean value of φtot/φtot
ref mean value of β1 mean value of β2

[-] [deg] [deg]
I 0.252 11.1 21.9
II 0.709 3.8 7.8
III 1.000 0.0 0.0
IV 1.196 2.7 4.6
V 1.410 4.6 8.2
VI 1.013 4.1 8.8
VII 1.024 5.0 8.3
VIII 0.998 1.3 1.9
IX 1.037 5.0 8.6

Table 2.2: Comparison of the results obtained with the stented valve geometries. The
parameters values for the different entries are listed in Table 2.1. φtot

denotes the total volume fraction (= φ1 + φ2) and the subscript ref refers
to the reference situation (entry III). βj is the angle between �e j

f and �e j
f ref .

2.3.3 Fiber directions

The final fiber directions on the aortic side of the leaflet obtained with the reference
values of the parameters (entry III in Table 2.1) are shown in Fig. 2.6(b). The right
part of this figure corresponds to the first principal strain and fiber directions, whereas
the left part corresponds to the second fiber directions. The fiber vectors are scaled
with their volume fraction. The fiber directions on the ventricular side were similar,
but the presence of the second direction was more pronounced on the ventricular
side.

In Table 2.2 the fiber directions calculated with decreased pressure levels (entry I
and II), decreased fiber stiffnesses (entry IV and V) and different magnitudes of the
rate constants (entry VII, VIII and IX) are compared to those obtained with the refer-
ence values (entry III). Except for the results obtained with the lowest pressure level
(entry I), the fiber directions hardly changed. The larger difference in the fiber orien-
tation for this pressure level was probably due to small differences in the strain field
and dissimilar deformed geometries (i.e., the deformations at pmax = 1.0 kPa were
relatively small). The fiber directions calculated with the stentless valve geometry (in
the closed configuration, Fig. 2.6(d)) resembled those of the stented valve geometry
(Fig. 2.6(b)). The fiber directions in the opened configuration (Fig. 2.6(f)) mainly
ran horizontally from fixed edge to fixed edge and thus differed from those in the
closed configuration.

In all closed configurations considered, the first (i.e., most dominant) fiber direc-
tions ran from commissure to commissure and entered the stent at the fixed edge.
The second fiber direction was particularly present in the lower part of the belly re-
gion. Obviously, the commissure region was mainly loaded in a uniaxial like manner,
whereas the belly region was loaded biaxially. In the opened configuration, the leaflet
was mainly loaded uniaxially. The amount of anisotropy and the relative contribution
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of both fiber directions depended on the values of the parameters from Table 2.1. To
reveal the relative contribution of both fiber directions in the belly region, the ratio
of the volume fractions (φ2/φ1) of both fiber directions in this region was calculated
(Table 2.3). The relative contribution of the second fiber direction increased at in-
creasing pressure levels (entry I, II and III) or increasing fiber stiffnesses (entry III, IV
and V). This implied that the belly region of the leaflet was loaded in a more biaxial
like manner as the pressure level or fiber stiffnesses increased. At increasing fiber
stiffnesses, the circumferential strains were reduced. At increasing pressure levels,
the circumferentially oriented fibers restricted a further increase of the circumferen-
tial strain, whereas the radial strains increased. The ratio of the volume fractions
hardly depended on the initial fiber directions (entry VI) or the magnitude of the rate
constants (entry VII, VIII and IX). In the closed configuration of the stentless valve
geometry, the ratio slightly decreased (entry X). In the opened valve configuration,
the second fiber direction was scarcely present (entry XI).

mean value of φ2/φ1 median value of φ2/φ1

I 0.16 0.05
II 0.31 0.28
III 0.41 0.40
IV 0.36 0.32
V 0.29 0.23
VI 0.42 0.39
VII 0.41 0.38
VIII 0.41 0.39
IX 0.42 0.40
X 0.36 0.35
XI 0.01 0.00

Table 2.3: Mean and median values of the ratio between the volume fractions of both
fiber directions in the belly region. The parameters values for the different
entries are listed in Table 2.1.

2.4 Discussion

A theory was presented to study the evolution of collagen fiber remodeling in the
aortic valve. The interaction between 1) the mechanical loading condition within
the construct and 2) changes in collagen fiber content and orientation was modeled.
The major principal fiber direction ran from commissure to commissure (Fig. 2.6(b)).
In the closed configuration, the loading state of the commissure region was mainly
uniaxial, whereas the belly region of the leaflet was loaded biaxially. In the opened
configuration, the entire leaflet was mainly loaded uniaxially. The final computed
fiber directions resembled the principal strain directions in an isotropic leaflet. In the
remodeling cases considered, the boundary conditions and the valve’s geometry were
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probably more dominant than the mechanical properties of the leaflet with respect
to the orientation of the principal strain directions. Our simulations demonstrated
that the evolution of the remodeling process depended on the transvalvular pressure
difference, the fiber stiffness, the initial fiber directions and the magnitude of the rate
constants.

As a first attempt to validate the preliminary results, the final fiber directions
were compared with experimental data from native valves presented by Sacks et al.
(1997b). They quantified fiber architecture and mapped gross fiber orientation with
small angle light scattering (SALS). The results for a fixed porcine aortic valve leaflet
are shown in Fig. 2.7 (left), together with the first fiber direction from Fig. 2.6(b)
(right). The vector plots indicate the preferred fiber directions. The color map indi-
cates the value of the orientation index (OI), defined as the angle that contains one
half of the total area of the fiber distribution curve. These experimental results show
a strong resemblance with the computed final fiber directions. The larger value of the
OI in the lower belly can perhaps be ascribed to the presence of a second preferred
fiber direction (Fig. 2.6(b)) resulting from the biaxial strain field in this region. Since
no appropriate data have been found in literature, the computed evolution of the
volume fractions could not be compared to the fiber content in the native leaflet.

Figure 2.7: Experimental data (left) of a fixed porcine aortic valve leaflet (from Sacks
et al. (1997b) with permission) together with the computed (right) final
fiber directions in a stented valve geometry (from Fig. 2.6(b)). The vec-
tor plots indicate the preferred fiber direction, running from commissure
to commissure. The color map indicates the orientation index OI [de-
grees], which is indicative for the degree of alignment. Highly aligned
networks have low OI values, whereas more randomly oriented networks
have larger values.

Some care should be taken with the interpretation of the presented results. We
attempted to describe the fiber architecture of the leaflet with two discrete fiber direc-
tions, whereas multiple fiber directions are present in the native aortic valve (Sacks
et al., 1997b). Furthermore, two fiber directions are unable to completely describe
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the complex in-plane biaxial mechanical behavior of the native leaflet as described
by Billiar and Sacks (2000a,b). However, in our opinion two principal fiber directions
served as a first approximation to study fiber remodeling within the construct. In
addition, we assumed that the fibers and the matrix undergo the same deformation,
whereas fiber kinematics in the native aortic valve are to some extent non-affine (Bil-
liar and Sacks, 1997). Perfect alignment between fiber and principal strain direction
was not obtained. Small changes in the strain field (e.g., as a result of the remodeling
process) could result in relatively large changes in the orientation of the principal
strain directions. This resulted in unstable eigenvectors and hence a sudden increase
in the angle between fiber and principal direction occurred. Because of numerical
limitations (i.e., divergence of the Newton-Raphson iteration process) the effect of
higher fiber stiffnesses and several other (e.g., random) initial fiber configurations on
the remodeling process were not investigated. To avoid these limitations, we suggest
to start with initial fiber orientations that resemble the principal strain directions in
an isotropic leaflet. We expect that this is realistic in case of initially isotropic tissue-
engineered heart valves. In addition, we propose to use gradually increasing pressure
levels to analyze the process of collagen remodeling. This procedure has already
been applied in in-vitro studies to condition tissue-engineered heart valves (Hoer-
strup et al., 2000; Sodian et al., 2000b).

In the present study, the elastin fibers were not modeled. As elastin has a signif-
icant contribution to the mechanical function of the aortic leaflet (Scott and Vesely,
1995, 1996), particularly at low loads, both the collagen and the elastin fibers may
need to be considered. As damage to the elastin component could be responsible for
changes in the leaflet’s mechanical behavior (Lee et al., 2001b), considering remod-
eling of the elastin fibers might be interesting. Further simulations are required to
find out in which way the process of fiber remodeling is affected by considering con-
tact between the leaflets and the interaction between the leaflet and the surrounding
fluid (de Hart et al., 2000; de Hart, 2002), e.g., resulting in shear stresses. The three
layers of the aortic valve (fibrosa, spongiosa and ventricularis) have different com-
positions, dimensions and mechanical properties and possibly have to be modeled
separately. In addition, we assumed the undeformed configuration to be stress-free
whereas the fibrosa and ventricularis are pre-loaded; the ventricularis is under ten-
sion and the fibrosa is under compression (Vesely, 1996).

Experiments have to be performed to further validate and gain insight into the re-
modeling process. The relative contribution of both changes in net fiber turnover and
fiber reorientation on the process on collagen fiber remodeling needs further investi-
gation. Although we focused on changes in collagen fiber content and orientation, the
effects of remodeling on other collagen fiber properties (e.g., type, cross-linking and
thickness) can be investigated. Carver et al. (1991) showed that the ratio of collagen
type III to collagen type I increased in mechanically stimulated cardiac fibroblasts. Fi-
bronectin, having specific binding sites for collagens, proteoglycans and cell surfaces,
was upregulated in stretched cardiac fibroblasts (Lee et al., 1999) and during cardiac
hypertrophy (Villarreal and Dillmann, 1992). In wound healing, collagen fiber thick-
ness increased with time resulting in an increase of tensile strength (Doillon et al.,
1985).
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To the best of our knowledge, the presented model is the first one taking into
account both the causes and consequences of collagen fiber remodeling. The fibers
align with principal strain directions within the construct and this in turn affects the
construct’s mechanical properties. Although the leaflet is modeled as a single layered
tissue, contact between the leaflets and interaction with the surrounding fluid is not
modeled, promising results have been obtained. Using relatively simple remodeling
rules, the final computed fiber directions resemble the fiber architecture within the
native aortic heart valve leaflet.





Chapter 3

Remodeling of continuously
distributed collagen fibers in

soft connective tissues

Extracellular matrix remodeling plays an essential role in tissue engineering of load-
bearing structures. The goal of this study is to model changes in collagen fiber content
and orientation in soft connective tissues due to mechanical stimuli. A theory is presented
describing the mechanical condition within the tissue and accounting for the effects of col-
lagen fiber alignment and changes in fiber content. A fiber orientation tensor is defined to
represent the continuous distribution of collagen fiber directions. A constitutive model is
introduced to relate the fiber configuration to the macroscopic stress within the material.
The constitutive model is extended with a structural parameter, the fiber volume fraction,
to account for the amount of fibers present within the material. It is hypothesized that
collagen fiber reorientation is induced by macroscopic deformations and the amount of
collagen fibers is assumed to increase with the mean fiber stretch. The capabilities of
the model are demonstrated by considering remodeling within a biaxially stretched cube.
The model is then applied to analyze remodeling within a closed stented aortic heart
valve. The computed preferred fiber orientation runs from commissure to commissure
and resembles the fiber directions in the native aortic valve.

The contents of this chapter are based on N.J.B. Driessen, G.W.M. Peters, J.M.
Huyghe, C.V.C. Bouten and F.P.T. Baaijens (2003), Remodelling of continuously dis-
tributed collagen fibres in soft connective tissues, Journal of biomechanics; 36: pp
1151-1158.
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3.1 Introduction

Both biochemical and biomechanical stimuli induce extracellular matrix remodel-
ing in soft connective tissues (Mann et al., 2001; Streuli, 1999). The remodeling
processes affect the morphology and (mechanical) behavior of the stimulated tis-
sue (Hayashi, 1996). Mechanically induced extracellular matrix remodeling plays a
crucial role in tissue engineering of load-bearing structures, such as cartilage (Busch-
mann et al., 1995) and heart valves (Hoerstrup et al., 2000). In order to gain insight
into the processes of tissue remodeling, a mathematical model is needed that includes
both the causes and consequences of the remodeling processes. It is expected that this
model is a useful tool for tissue-engineering applications to optimize the mechanical
conditioning protocol and to acquire the desired tissue integrity; understanding the
tissue’s response to mechanical stimuli is essential in order to design efficient proto-
cols. The focus of this study is on collagen fiber remodeling as collagen is considered
to be the main load-bearing structure of connective tissues.

Classically, tissue remodeling is studied within the field of bone mechanics (Hart,
2001). Relatively successful attempts are made to simulate trabecular adaptation
and to predict its architecture (Mullender and Huiskes, 1995; Huiskes et al., 2000).
These studies demonstrate that bone remodeling is governed by mechanical signals
and that the trabecular architecture adapts to altered external loads. Barocas and
Tranquillo (1997a) present a theory to study the interaction between cell traction,
collagen network deformation and fiber alignment in tissue-equivalents. However,
the effects of fiber alignment on the tissue’s mechanical properties are omitted. Hum-
phrey (1999b) proposes a framework to illustrate some of the basic consequences of
collagen remodeling in a mature tissue by considering the kinetics of collagen syn-
thesis and degradation. The model is examined by focusing on a simple loading
geometry (i.e., homogeneous deformations), but the effect of mechanical stimuli on
the collagen remodeling process is not included. Boerboom et al. (2003) and Driessen
et al. (2003a) investigate mechanically induced collagen fiber remodeling in the aor-
tic heart valve. By assuming that collagen fibers align with positive principal strain
directions and that fiber content increases with fiber strain, promising results have
been obtained. The final computed fiber directions resemble those within the native
aortic heart valve. In the study of Driessen et al. (2003a) reorientation of only two
discrete fiber directions is considered, whereas multiple fiber directions are present in
the native aortic heart valve (Sacks et al., 1997b). In addition, the complex in-plane
biaxial mechanical behavior of the native leaflet (Billiar and Sacks, 2000a,b) can not
be described completely with two fiber directions. Boerboom et al. (2003) overcome
these shortcomings by using a limited number of fiber directions and assume that
collagen fiber turnover is the net result of synthesis and degradation. As a result of
collagen remodeling, the fiber content changes as a function of the fiber strain and the
amount of fibers present within the construct. However, the orientation of these fiber
directions is fixed, whereas reorientation of existing collagen fibers plays a significant
role in matrix reorganization (Guidry and Grinnell, 1985).

In the present study, a theory that accounts for a continuous distribution of fiber
directions is employed. The objective of this study is to model changes in collagen
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fiber content and orientation in soft connective tissues due to mechanical stimuli. A
theory is presented to describe the mechanical loading condition within the tissue
and to account for the effects of collagen fiber remodeling. We use concepts derived
from polymer melt rheology (McLeish and Larson, 1998; Verbeeten et al., 2001) to
describe the distribution of fibers within the tissue. It is hypothesized that anisotropy
in collagen fiber orientation develops from macroscopic deformations. In addition,
it is assumed that the total amount of collagen fibers increases with the mean fiber
stretch.

3.2 Materials and methods

3.2.1 The fiber orientation tensor

Consider a unit vector field �eo that represents the local fiber direction in the unde-
formed configuration. The fiber orientation tensor So in the undeformed configura-
tion is defined as:

So =< �eo�eo >�
N∑

i=1

ψi�e
i

o �e
i

o (3.1)

where < . . . > denotes the average over the distribution space and ψi a probability
distribution (e.g., ψi = 1/N), such that

∑N
i=1 ψi = 1.0 with N the number of fibers.

When the matrix and the fibers undergo the same (affine) deformation, the fiber
directions in the deformed configuration (�r) and the fiber stretch λ are written as:

�r = F · �eo λ2 = �r · �r → �e =
�r

λ
(3.2)

with F the deformation gradient tensor and �e the unit fiber vector in the deformed
configuration. The fiber configuration tensor R in the deformed configuration is given
by:

R =< �r�r >=< (F · �eo)(F · �eo) >
= F · < �eo�eo > ·F c = F · So · F c

(3.3)

Note that �r and R contain information about the length as well as the orientation of
the fibers. The length and orientation of the fibers are decoupled by normalizing R.
In this way, the fiber orientation tensor S in the deformed configuration is obtained:

S =
R

tr(R)
(3.4)

with:

tr(R) = tr(< �r�r >) =< �r · �r >
=< λ2 >≡ Λ2

(3.5)
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In Eq. (3.5), Λ2 is interpreted as a mean value of the square of the fiber stretch. Using
Eqs. (3.3), (3.4) and (3.5) the fiber orientation tensor S is written as:

S =
F · So · F c

Λ2
(3.6)

The evolution of the orientation tensor S is obtained by calculating the time derivative
of Eq. (3.4):

∇
S +2(D : S)S = 0 (3.7)

With
∇
S=

•
S −L · S − S · Lc the Truesdell derivative of S. The rate of deformation

tensor D is the symmetric part of the velocity gradient tensor L and
•

(. . .) denotes the
material time derivative.

3.2.2 Constitutive law

In order to relate the fiber configuration to the extra fiber stress τ f , the following
constitutive law is proposed:

τ f = 3k(Λ2)(F · So · F c − Q · So · Qc)
= 3k(Λ2)(R − Rref )

(3.8)

with Q the rotation tensor and k the modulus of the fibers which is a function of
Λ2. The rotation tensor is calculated from Q = F · U−1, with U the stretch tensor.
The stretch tensor is calculated from the square root of the right Cauchy-Green strain
tensor, U =

√
C with C = F c·F . The tensor Rref is introduced to obtain a stress-free

undeformed configuration. For an isotropic initial fiber configuration (So = 1
3I) and

a constant value for k, Eq. (3.8) reduces to the constitutive equation for Neo-Hookean
material behavior, whereas Λ2 = 1

3 tr(B). Equation (3.8) has to satisfy the principle of
objectivity; the stress in the material does not change when the material undergoes
a rigid body translation or rotation. For the constitutive equation to be objective,
all tensors used have to be objective. A tensor Z is objective when it transforms
according to Z+ = X · Z · Xc, where X denotes a rigid body rotation. Since F + =
X · F , the fiber configuration tensor R is objective:

R+ = F + · So · (F c)+ = (X · F ) · So · (X · F )c

= X · (F · So · F c) · Xc

= X · R · Xc

(3.9)

In the same way, it can be shown that Rref = Q·So ·Qc is objective. As k is a function
of the invariant Λ2, the constitutive equation (3.8) is objective.

The total Cauchy stress (σ) of the incompressible fiber reinforced material consists
of a hydrostatic pressure (p), an isotropic matrix stress (τm) and the fiber stress (τ f ):

σ = −pI + τm + τ f (3.10)
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The matrix material is assumed to behave as an incompressible Neo-Hookean material
(τm = G(B − I)), with G the shear modulus. The fiber volume fraction (φ), defined
as the ratio of the volume occupied by the fibers and the total volume of the material,
is introduced to describe the amount of fibers present within the tissue. Applying the
rule of mixtures and assuming that the fibers and the matrix contribute to the extra
stress in the same proportion as their volume fractions, the Cauchy stress is written
as:

σ = −pI + (1 − φ)τm + φτ f (3.11)

3.2.3 Problem definition

In order to determine the local deformations and the mechanical loading condition of
the tissue, the balance equations have to be solved. Neglecting inertia and assuming
that no body forces are present, conservation of momentum reads:

�∇ · σ = �0 (3.12)

The volume of an incompressible material remains constant and the mass balance
reduces to:

J − 1 = 0 (3.13)

Where J = det(F ) represents the volume change between the initial and the current
configuration. The set of equations have to be supplemented with appropriate bound-
ary conditions. A finite element formulation (Bathe, 1996) is derived to solve the set
of balance equations. The Newton-Raphson method is used to find approximate so-
lutions of the nonlinear Eqs. (3.12) and (3.13). An updated Lagrange formulation
is employed such that the last known (converged) configuration is taken as the ref-
erence configuration. The Galerkin method is used for spatial discretization of the
weighting functions and the error in the displacement and pressure field. A mixed
formulation is used to account for incompressibility and the domain is discretized
using Taylor-Hood elements with quadratic interpolation for the displacements and
a linear, continuous interpolation for the pressure. The numerical framework and
the constitutive equation are implemented in the software package SEPRAN (Segal,
1984).

3.2.4 Remodeling

Living connective tissues adapt to changes in the mechanical environment. When
the load on a tissue is increased, the resistance to deformation is adapted by reorga-
nization of the extracellular matrix (Seliktar et al., 2000). Both the realignment of
existing collagen fibers and the turnover of collagen fibers play a significant role in
the process of matrix reorganization (Guidry and Grinnell, 1985). In functional tissue
engineering, remodeling of the construct is of great interest because the engineered
tissue must possess the appropriate mechanical properties to fulfill its function. In
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this study, we focus on changes in collagen orientation and content, and assume that
other collagen properties (e.g., type) as well as the tissue’s volume are unaffected by
the remodeling process.

In order to account for fiber reorientation, Eq. (3.7) is extended:

∇
S +2(D : S)S =

1
τ1

(A − S) (3.14)

with τ1 a time constant and A the stimulus for fiber reorientation. Note that Eq. (3.14)
describes changes in S as a result of deformations as well as fiber reorientation. In
case of a (quasi-) static deformation (L = 0), Eq. (3.14) reduces to the first order

rate equation
•
S= 1

τ1
(A − S). In agreement with the study of Barocas and Tranquillo

(1997a), we assume that anisotropy of the fiber orientation develops from the macro-
scopic deformation. Based on the requirement of objectivity, A is assumed to be a
function of the Finger strain tensor B:

A =
Bν

tr(Bν)
(3.15)

where ν is used to indicate the degree of alignment. A pronounced alignment is
obtained with ν > 1, because then the relative amount of fibers in compressed di-
rections is suppressed, whereas the relative amount in tensile strain directions is
increased. Note that Eq. (3.14) only accounts for the redistribution of the relative
amount of fibers in each direction and does not consider changes in the absolute
amount of fibers present within the tissue. We assume that the total amount of fibers
(φ) increases linearly with Λ2 and the evolution of φ is modeled by a first order rate
equation:

dφ

dt
=

1
τ2

[φss(Λ2) − φ] (3.16)

with τ2 the time constant and φss the steady state value of the fiber volume fraction.
The fiber content is limited by a lower value φmin (at mean fiber stretch Λl) and an
upper value φmax (at mean fiber stretch Λu):

φss = φmin for Λ < Λl (3.17)

φss = φmax for Λ > Λu (3.18)

φss =
(

φmax−φmin

Λ2
u−Λ2

l

)
(Λ2 − Λ2

l ) + φmin for Λl ≤ Λ ≤ Λu (3.19)

3.2.5 Implementation of fiber remodeling

The fiber content and orientation are updated after each time step. An Euler explicit
/ forward Euler scheme is applied for the temporal discretization of the remodeling
rules (Eqs. (3.14) and (3.16)). Incrementally objective approximations of the Trues-

dell rate (
∇
S) and the rate of deformation (D) are used to obtain an objective time
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integration of Eq. (3.14) (Baaijens, 1993). A constant and sufficiently small time step
∆t (with 50∆t ≤ min(τ1, τ2)) is chosen to yield a stable integration process and to de-
termine the new fiber orientation and volume fraction. Assuming that the stress-free
state of the reoriented fibers remains the undeformed configuration, the new fiber
orientation (S) is updated in this configuration to obtain the new value of So:

So =
F−1 · S · F−c

tr(F−1 · S · F−c)
(3.20)

3.2.6 Visualization of the fiber configuration

As a result of the remodeling process, the fiber orientation (S) and the fiber con-
tent (φ) change. In order to visualize the results, the fiber orientation tensor S is
multiplied by the corresponding volume fraction φ to indicate the amount of fibers
present in each direction. The first approach to represent the fiber configuration is
by calculating the scaled eigenvectors of φS. The second representation of the fiber
configuration shows the amount of fibers present in each direction. In 3D, two angles
have to be defined to indicate each direction unambiguously. It is desired that these
angles do not depend on the geometry and therefore the angles are calculated in a
local coordinate system, spanned by the three eigenvectors of S. The angle with the
third and first principal direction are indicated by γ1 and γ2, respectively. The unit
vector with respect to the local coordinate system is then given by:

�eloc =


 sin(γ1) cos(γ2)

sin(γ1) sin(γ2)
cos(γ1)


 (3.21)

The relative amount of fibers (φr) in the direction of �eloc is calculated by φr = �eloc ·
φSloc · �eloc. Because of symmetry, φr is displayed for γ1 = [0, 90] and γ2 = [0, 90]
degrees.

3.3 Results

To demonstrate the characteristics of the collagen fiber remodeling model, a fiber
reinforced cube is stretched biaxially. Then the model is applied to fiber remodeling
within the aortic heart valve, which has a very specific collagen fiber architecture
(Fig. 3.1) to withstand the loads arising during the cardiac cycle.

The same values of the parameters are used for the cube as well as for the valve.
The values of G and k are assumed constant for simplicity and chosen as 2.0 MPa
and 8.0 MPa, respectively, such that the fibers are considerably stiffer than the matrix
material. In addition, with these moduli and the applied boundary conditions (pre-
sented in subsequent sections), physiological relevant strains of approximately 10%
are obtained. The value of ν is set to 10.0 to indicate a pronounced alignment. At Λl

= 1.0 [-] the fiber volume fraction φmin is set to 0.0 [-] while at Λu = 1.1 [-], φmax

= 0.3 [-] is chosen. To obtain a dimensionless time scale for the remodeling process,
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Figure 3.1: Fiber architecture in a porcine aortic valve leaflet (reprinted from Sauren
(1981) with permission).

time is scaled with τ0
1 = 1.0 s. The values of τ1/τ0

1 and τ2/τ
0
1 are set to 1.0 [-] and

3.0 [-], respectively. The parameters are chosen in such a way that the character-
istics of the model are demonstrated. The initial fiber orientation is assumed to be
isotropic (So = 1

3I) and the initial value of the volume fraction (φo) is set to 0.0 [-].
Assuming the time constant of a dynamic load is small compared to the time constant
of collagen fiber remodeling, the load is applied quasi-statically. This load is applied
instantaneously (at t/τ0

1 = 0 [-]), thereafter it is held constant and the remodeling
process starts.

3.3.1 Biaxial stretching

A fiber reinforced cube is centered in a Cartesian coordinate system and the edges
coincide with the loading directions. The cube is loaded biaxially by prescribing the
stress in the normal directions. The loads in the x- and y-direction are 1.2 MPa and
1.0 MPa, respectively. Hence, σxx : σyy = 6 : 5 and σzz = 0 MPa.

The evolution of the strains, fiber orientation, fiber content and extra stress are
analyzed during the remodeling process (Figs. 3.2 to 3.5). Due to compressive strains
in the z-direction (Fig. 3.2), the remodeling process forces the relative amount of
fibers in this direction to decrease (Fig. 3.3). Simultaneously, the amount of fibers in
the x- and y-direction increase (Fig. 3.3) because of tensile strains in these directions
(Fig. 3.2). The x-direction is the dominant fiber direction, because of the higher ap-
plied stress in this direction. Although the total volume fraction φ increases (Fig. 3.4),
the stiffness in the z-direction decreases. As a result, the pressure p and the total ex-
tra stress τzz (= (1 − φ)τm

zz + φτf
zz) increase (i.e., less negative, Fig. 3.5). Due to the

applied boundary conditions, the extra stresses τxx and τyy increase (Fig. 3.5). As the
relative amount of fibers in the x- and y-direction as well as the total volume fraction
increase, the stretch factors λx and λy can decrease (Fig. 3.2). Due to incompressibil-
ity, λz increases (Fig. 3.2) resulting in a further increase of p and τzz (Fig. 3.5).
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Figure 3.3: Fiber orientation Sjj
o [-] as a function of the scaled time t/τ0

1 [-]. The
superscript jj denotes the xx-, yy- or zz-component of So.

3.3.2 Aortic heart valve

A stented geometry (Fig. 3.6) is used to investigate collagen fiber remodeling within
the aortic heart valve. The configuration shown in this figure is assumed to corre-
spond with the initial, stress-free state of the valve. Because of symmetry only 1/6 of
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the valve is used. The outer radius of the leaflet is 12 mm and a uniform thickness of
200 µm is chosen. As we assume that collagen fiber remodeling is mainly triggered
during diastole, only the closed configuration of the leaflet is considered. Any inter-
action with fluid (other than the pressure) is not modeled and contact between the
leaflets of the valve is left out of consideration. Only the fibrosa is modeled as this is
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considered to be the main load bearing layer of the leaflet (Thubrikar et al., 1986). All
nodal displacements on the fixed edge are suppressed by applying essential boundary
conditions. At the symmetry edge, nodal displacements in the normal direction are
suppressed. The diastolic pressure difference over the aortic heart valve is modeled
by prescribing a uniform pressure of 10 kPa on the aortic surface of the leaflet.

Figure 3.6: FE mesh of the aortic valve in a stented geometry. Because of symmetry
only 1/6 of the valve is modeled.

To investigate the effect of the remodeling process on the deformed configuration
of the valve, the position of the leaflet’s symmetry line in the (y,z)-plane is monitored
(Fig. 3.7). Initially, the deformations increase as a result of the pressure difference
over the valve. Thereafter, the remodeling process increases the leaflet’s stiffness and
reduces the strains.

After the remodeling process, the total volume fraction φ reaches the maximum
value at the fixed edge of the leaflet (Fig. 3.8). This results from the high strains near
the fixed edge, introduced by the essential boundary conditions on the fixation sur-
face. However, this effect is only limited to the region near the edges. High volume
fractions are also observed in the commissure region, whereas the volume fractions in
the lower belly region are relatively small. The first principal fiber direction generally
runs from commissure to commissure in the circumferential direction and enters the
stent at the fixed edge (Fig. 3.9). The second principal fiber direction is mainly ori-
ented radially. The third principal fiber direction is not presented because it is nearly
absent due to compressive strains and is generally perpendicular to the plane of the
leaflet.

To present the information about the local fiber configuration data, the relative
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Figure 3.8: Total collagen fiber content φ [-] on the aortic side of the leaflet after the
remodeling process.
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Figure 3.9: First (right) and second (left) principal fiber direction (of φS) on the
aortic side of the leaflet after remodeling. The vectors are scaled with the
eigenvalues.

amount of fibers (Section 3.2.6) is displayed for a node in the commissure region
(Fig. 3.10(a)) and for a node in the belly region (Fig. 3.10(b)). For the node in the
commissure region the maximum value of the fiber content is larger than for the node
in the belly region. The commissure region is loaded uniaxially; the relative amount
of fibers in the direction of the first principal fiber direction (γ1 = 90o, γ2 = 0o) is
considerably higher than it is in the direction of the second principal fiber direction
(γ1 = 90o, γ2 = 90o). On the other hand, the belly region is loaded biaxially; the
relative amount of fibers in the first and second principal fiber direction are nearly
equal. In both cases, the relative amount of fibers in the third principal fiber direction
(γ1 = 0o) is relatively low.

3.4 Discussion

In this study, a theory is presented to investigate remodeling of continuously dis-
tributed collagen fibers in soft connective tissues. The distribution of fiber directions
is represented by a fiber orientation tensor. The theory includes remodeling rules,
which are based on the assumption that fiber reorientation is induced by macroscopic
deformations and that fiber content increases with the mean fiber stretch. The pre-
sented constitutive law relates the fiber orientation and the mean fiber stretch to the
stresses within the tissue. The fiber orientation tensor has been introduced previously
to study cell traction and contact guidance in tissue-equivalent mechanics (Barocas
and Tranquillo, 1997a). Barocas and Tranquillo use this fiber orientation tensor to
define the cell orientation tensor. This cell orientation tensor subsequently accounts
for cell traction forces exerted on the network, which are omitted in the present study.
The fiber orientation tensor is similar to the fabric tensor, which is used to quantify
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(a) (b)

Figure 3.10: Graphical representation of the fiber configuration tensor. The relative
amount of fibers is displayed as a function of γ1 (angle with third prin-
cipal fiber direction) and γ2 (angle with first principal fiber direction).
Note that the scaling for the axes are different. (a) Fiber configuration
for a node in the commissure region. (b) Fiber configuration for a node
in the belly region.

the microstructural alignment of trabeculae. Cowin et al. (1992) use the fabric tensor
to study remodeling of the internal architecture in trabecular bone.

The presented model is applied to simulate fiber remodeling within 1) a biaxially
stretched cube and 2) a closed stented aortic valve. The computed first principal fiber
direction in the aortic valve runs from commissure to commissure and resembles the
preferred fiber direction in the native porcine aortic heart valve (Sacks et al., 1997b).
These final computed fiber directions are comparable to those presented in the studies
of Boerboom et al. (2003) and Driessen et al. (2003a).

In the present study, the stiffness of the collagen fibers is independent of the fiber
stretch, whereas collagen fibers are generally modeled by an exponential constitutive
law, see e.g., Humphrey and Yin (1987). In addition, fibers in compressive strain
directions contribute to the total stress, while in the study of Billiar and Sacks (2000b)
the stress from fibers with negative strains is neglected. Contrary to Boerboom et al.
(2003), the total fiber volume fraction in the current study is assumed to be related
to the mean fiber stretch. In their study, fiber turnover is related to the stretch of each
individual fiber direction. These dissimilarities directly result from averaging over a
distribution space to obtain mean values for the fiber orientation and the fiber stretch.
In the current study, the distribution of fiber directions is ellipsoidal (represented by
a symmetric tensor), whereas Billiar and Sacks (2000b) use a Gaussian distribution
to describe the fiber orientations present in the aortic valve. In contrast to Humphrey
(1999b), we assume that the stress-free state of the newly formed and reoriented
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collagen fibers is the undeformed configuration. This assumption implies that the
stress-free length of the tissue remains unchanged and that residual stresses do not
arise. Experiments have to be performed to gain further insight into the remodeling
processes, to validate (the evolution of) the remodeling rules and to estimate the
parameters used in the presented model. It is suggested to start with relatively simple
loading conditions, where the results of the biaxially stretched cube serve as input to
set up the experimental protocols.





Chapter 4

A computational model for
collagen fiber remodeling in the

arterial wall

As the interaction between tissue adaptation and the mechanical condition within tis-
sues is complex, mathematical models are desired to study this interrelation. In this
study, a mathematical model is presented to investigate the interplay between collagen
architecture and mechanical loading conditions in the arterial wall. It is assumed that
the collagen fibers align along preferred directions, situated in between the principal
stretch directions. The predicted fiber directions represent symmetrically arranged he-
lices and agree qualitatively with morphometric data from literature. At the luminal
side of the arterial wall, the fibers are oriented more circumferentially than at the outer
side. The discrete transition of the fiber orientation at the media-adventitia interface
can be explained by accounting for the different reference configurations of both layers.
The predicted pressure-radius relations resemble experimentally measured sigma-shaped
curves. As there is a strong coupling between the collagen architecture and the mechan-
ical loading condition within the tissue, we expect that the presented model for collagen
remodeling is useful to gain further insight into the processes involved in vascular adap-
tation, such as growth and smooth muscle tone adaptation.

The contents of this chapter are based on N.J.B. Driessen, W. Wilson, C.V.C. Bouten
and F.P.T. Baaijens (2004), A computational model for collagen fibre remodelling in the
arterial wall, Journal of theoretical biology; 226: pp 53-64.

47
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4.1 Introduction

Tissue engineered replacement blood vessels have to possess sufficient mechanical in-
tegrity and strength to fulfill their load-bearing function. It has been shown that me-
chanical conditioning (e.g., in a bioreactor) stimulates matrix production, enhances
tissue organization and improves the mechanical properties of engineered vascular
constructs (Thoumine et al., 1995; Niklason et al., 1999, 2001; Nerem and Selik-
tar, 2001; Jockenhoevel et al., 2002; Stegemann and Nerem, 2003). Understanding
vascular adaptation and remodeling is essential to optimize these conditioning pro-
tocols. Because of the complex interaction between tissue adaptation and the me-
chanical condition within the tissue, mathematical models are desired to study this
interrelation and to determine the remodeling rules. Most studies regarding vascu-
lar adaptation focus on growth models (see e.g., Rodriguez et al. (1994); Lubarda
and Hoger (2002)) and assume that the vessel wall remodels its geometry in order
to maintain the wall stresses near to normal levels (Rachev et al., 1996, 1998; Taber
and Eggers, 1996; Rachev, 1997; Taber, 1998, 2001; Taber and Humphrey, 2001).
Fridez et al. (2001a), on the other hand, include alterations of the smooth muscle
tone in their model for vascular adaptation. However, experimental results suggest
that the mechanical properties of the vascular material are also controlled by the
remodeling processes (Matsumoto and Hayashi, 1994; Niklason et al., 2001; Fridez
et al., 2003). Especially at high physiological loads, the mechanical properties of the
tissue are mainly determined by a well organized collagen architecture. Therefore,
we concentrate on remodeling of the collagen network.

Humphrey (1999b) presents a theory, based on collagen deposition and degrada-
tion, to study collagen remodeling in statically loaded soft connective tissues. Models
to study collagen deposition and alignment during dermal wound healing are pre-
sented by Dallon and Sherratt (1998) and Dallon et al. (1999, 2000). Their theory
focuses on the interaction between fibroblasts and the extracellular matrix. However,
in contrast to Olsen et al. (1999), they do not account for mechanical factors involved
in the remodeling process. Barocas and Tranquillo (1997a,b) formulate a theory to
study traction induced deformation and reorganization of the extracellular matrix.
This theory accounts for contact guidance and the coupling of cell traction forces to
the mechanical state of the matrix. Recently, Boerboom et al. (2003) and Driessen
et al. (2003a,b) presented models to study mechanically induced collagen remodel-
ing in the aortic heart valve. Based on work of Cowin et al. (1992) and Huiskes et al.
(2000) for bone remodeling, they assumed that the collagen architecture aligns with
the strain field within the tissue and that collagen content increases with fiber stretch.
The results of these remodeling processes indicate that the predicted principal fiber
directions coincide with the principal strain directions within the valve tissue. In
blood vessels, however, the principal strain directions are in general oriented axially
and circumferentially due to the axial stretch and inflation of the vessel, respectively.
Therefore, it is unlikely that these models can predict the typical helical collagen
architecture present in blood vessels (Fig. 4.1).

In this study, we propose a mathematical model to explore the interrelation be-
tween the collagen architecture and the mechanical loading conditions within the
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Figure 4.1: Typical fiber architecture in an artery (modified from Holzapfel et al.
(2000)). The fibers constitute symmetrically arranged helices.

arterial wall. The mechanical behavior of the artery is modeled with a constitutive
law presented by Holzapfel et al. (2000). In addition, we use a framework for col-
lagen remodeling proposed by Driessen et al. (2003a) and assume that the collagen
fibers align with preferred directions. These preferred fiber directions are situated in
between the principal stretch directions and their orientation depends on the mag-
nitude of the principal stretches. The results of the model and the predicted fiber
architecture are examined and presented for various loading conditions.

4.2 Materials and methods

4.2.1 Constitutive law

The arterial wall is modeled as an incompressible fiber reinforced composite material.
The collagen fibers are modeled as a one-dimensional material, exerting only stress in
the fiber direction (�ef ). At this stage, the effect of cross-linking between the fibers is
left out of consideration. The Cauchy stress (σ) is written as (Holzapfel et al., 2000):

σ = −pI + τ̂ (B) +
N∑

j=1

ψ j
f (λ2

j )�e
j

f �e
j

f (4.1)

where p is the hydrostatic pressure, I the unity tensor, τ̂ the isotropic matrix stress,
ψf the fiber stress, λ the fiber stretch andN the number of fiber directions. The Finger
stretch or left Cauchy-Green deformation tensor (B) is defined as B = F ·F T , with F
the deformation gradient tensor. It is assumed that τ̂ represents the contribution of all
matrix components (e.g., elastin and proteoglycans), except the collagen fibers, to the
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total constitutive behavior. In contrast to Holzapfel et al. (2002), we use an elastic
constitutive law to model the mechanical behavior of the arterial wall and neglect
the visco-elastic characteristics. The mechanical behavior of the matrix material is
described by an incompressible Neo-Hookean model:

τ̂ = G(B − I) (4.2)

With G the shear modulus of the material. Based on the study of Holzapfel et al.
(2000), we use the following expression for the fiber stress:

ψf = 2k1λ
2(λ2 − 1)ek2(λ

2−1)2 (4.3)

Using appropriate values for the material parameters k1 and k2 the nonlinear behavior
and strong stiffening effect of collagen fibers (especially at high pressures) can be
modeled. It is assumed that the collagen fibers are inactive in compression: ψf = 0
when λ < 1. The fiber stretch is calculated from:

λ =
√
�ef0 · C · �ef0 (4.4)

With C = F T · F the right Cauchy-Green deformation tensor and �ef0 the fiber direc-
tion in the undeformed configuration. The fiber direction in the deformed configura-
tion (�ef ) is then determined from �ef0 :

λ�ef = F · �ef0 (4.5)

4.2.2 Combined bending, inflation and extension of a tube

We briefly summarize the procedure described by Holzapfel et al. (2000) to solve
conservation of momentum for an artery subjected to combined bending, inflation
and extension.

Kinematics

The geometry of the undeformed stress-free reference configuration of the tube (Ω0)
is, in cylindrical coordinates (R, Θ, Z), defined by:

Ri ≤ R ≤ Ro, 0 ≤ Θ ≤ (2π − α), 0 ≤ Z ≤ L (4.6)

with Ri and Ro the inner and outer radius, L the length of the tube and α the opening
angle (Chuong and Fung, 1983; Vaishnav and Vossoughi, 1983). The geometry of the
deformed configuration (Ω) is then defined by:

ri ≤ r ≤ ro, 0 ≤ θ ≤ 2π, 0 ≤ z ≤ l (4.7)

with ri the inner radius, ro the outer radius and l the length of the deformed tube.
Note that the deformation that maps Ω0 to Ω results from inflation (with an internal
pressure pi), axial extension (with a constant axial stretch factor λz) and bending
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(resulting from the presence of the opening angle α) of the tube. Assuming incom-
pressibility of the material, the cylindrical coordinates (r, θ, z) can be written as:

r =

√
R2 −R2

i

kλz
+ r2i , θ = kΘ, z = λzZ (4.8)

with λz = l/L and k = 2π/(2π−α) a measure for the opening angle. Next, the stretch
ratios in the radial and circumferential direction, λr and λθ, are introduced:

λr =
1

λθλz
=

R

kλzr
, λθ = k

r

R
(4.9)

Note that the principal stretch directions coincide with the radial, circumferential and
axial directions, and that the principal stretches are equal to λr, λθ and λz.

Balance equations

Neglecting body forces and inertia, conservation of momentum reduces to:

�∇ · σ = �0 (4.10)

Because of axisymmetry, only the radial component of Eq. (4.10) is important:

dσrr

dr
+

(σrr − σθθ)
r

= 0 (4.11)

Using the boundary condition σrr(r = ro) = 0, the stress in the radial direction can
be written as:

σrr(ξ) =
∫ ro

ξ

(σrr − σθθ)
dr
r
, ri ≤ ξ ≤ ro (4.12)

Using the boundary condition for the inner surface, σrr(r = ri) = −pi, the internal
pressure pi is obtained from:

pi = −
∫ ro

ri

(σrr − σθθ)
dr
r

(4.13)

Using Eq. (4.13) and τ = σ + pI, this can be written as:

pi =
∫ ro

ri

(τθθ − τrr)
dr
r

(4.14)

Then, the deformation resulting from bending, inflation and extension of the tube
can be determined by solving Eq. (4.14). Assuming α and λz are given, the stretch
ratios and extra stresses can be expressed in terms of λθi

and r. λθi
denotes the

circumferential stretch at the inner surface of the tube and is defined as: λθi
= kri/Ri.

In other words, Eq. (4.14) can be written as:

pi =
∫ ro

ri

f(λθi
, r)

dr
r

(4.15)

A Newton iteration scheme is employed to solve Eq. (4.15) for λθi
. Numerical integra-

tion is subsequently performed to evaluate the integrals in the linearized equations.



52 Chapter 4

4.2.3 Collagen fiber remodeling

The framework of the model to study collagen remodeling is presented by Driessen
et al. (2003a) and is briefly summarized here. Only changes in collagen fiber ori-
entation are modeled and fiber type, content, thickness and stiffness are assumed
constant.

In the study of Driessen et al. (2003a), it is assumed that the collagen fibers align
with tensile principal stretch directions. However, as noted in the introduction, it
is unlikely that with this hypothesis the helical collagen architecture present in an
artery can be predicted. Here, we assume that the collagen fibers align with preferred
directions (�ep), situated in between the principal stretch directions. The direction
of �ep depends on the magnitude of the principal stretches (λr, λθ and λz) and �ep is
subsequently written as:

�ep =
1√

g2
r(λr) + g2

θ(λθ) + g2
z(λz)


 gr(λr)
gθ(λθ)
gz(λz)


 =


 g′r
g′θ
g′z


 =


 sin (β1) sin (β2)

sin (β1) cos (β2)
cos (β1)




(4.16)

with:

g′i =
gi√

g2
r + g2

θ + g2
z

i = r, θ, z (4.17)

The definitions of β1, β2, g′r, g′θ and g′z are shown in Fig. 4.2. The functions gi(λi)
in Eq. (4.16) are still to be specified and indicate the degree of alignment of the
preferred fiber direction �ep with the principal stretch direction �ei (i = r, θ, z). In
other words, gi defines the affinity of �ep with �ei; a high value of gi indicates that
�ep is situated close to �ei. On the other hand, gi = 0 when �ep is perpendicular to
�ei. Mathematically, g′i (with 0 ≤ g′i ≤ 1) is equal to the value of the dot product
between �ep and �ei. Note that for more complex loading conditions (e.g., including
shear deformations), the principal stretch directions will in general not coincide with
the r, θ and z directions. In that case, the preferred direction �ep in Eq. (4.16) has
to be defined in a local coordinate system spanned by the three principal stretch
directions. The preferred direction in the local coordinate system can subsequently
be transformed to the global coordinate system, using a rotation tensor based on the
principal stretch directions. Solving the balance equations, on the other hand, can be
more complex and finite element simulations might be desired.

To preserve symmetry with respect to the axis of the artery (i.e., the z-direction),
we use four preferred fiber directions (with ±β1 and ±β2):

�e 1
p =


 sin (β1) sin (β2)

sin (β1) cos (β2)
cos (β1)


 �e 2

p =


 sin (β1) sin (β2)

− sin (β1) cos (β2)
cos (β1)




�e 3
p =


 − sin (β1) sin (β2)

sin (β1) cos (β2)
cos (β1)


 �e 4

p =


 − sin (β1) sin (β2)

− sin (β1) cos (β2)
cos (β1)




(4.18)
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Figure 4.2: Schematic representation of the preferred fiber direction �ep in a local
coordinate system, spanned by the principal stretch directions. Note that
the principal stretch directions coincide with the r-, θ- and z-direction.
The definitions of β1 and β2 as well as g ′

r , g ′
θ and g ′

z are included in the
figure.

These orientations are shown in Fig. 4.3. Obviously, with four preferred fiber direc-
tions, also four fiber directions are used (N = 4). These �ep and �ef represent four
symmetrically arranged spirals and as a result material symmetry is preserved. Note
that in case of β2 = 0o, two out of four fiber directions coincide.

Next, we assume that the collagen fibers rotate towards the preferred directions.
In other words, we hypothesize that the cells remodel the extracellular matrix in such
a way that the collagen fibers will be situated in between the principal stretch di-
rections, resulting in alignment with the preferred directions �ep. We suppose that the
change in fiber orientation results from 1) reorientation of existing collagen fibers and
2) changes in turnover of fiber content. That is, the cells reorganize the extracellular
matrix by means of exerting active traction forces on the matrix (Guidry and Grinnell,
1985; Sawhney and Howard, 2002), enzymatic matrix degradation (Prajapati et al.,
2000b) and matrix synthesis (Bishop and Lindahl, 1999; MacKenna et al., 2000). For
simplicity, we focus on net effects of fiber reorientation and the evolution of the fiber
direction is modeled by a first order rate equation:

dθj

dt
= κ

[
1− | �e j

f · �e j
p |

]
j = 1, 4

= κ
[
1− | cos(γj) |

]
j = 1, 4

(4.19)
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Figure 4.3: Representation of the four preferred fiber directions �ep, symmetrically
arranged with respect to the z-direction.

In Eq. (4.19), dθj/dt is the rate of reorientation for fiber direction j and κ denotes the
rate constant. The angle between �e j

p and �e j
f is denoted by γj . The absolute value of

the dot product between �e j
f and �e j

p is taken, because the signs of �e j
f and �e j

p are not
of interest. Note that the rate of reorientation reaches the maximum value κ when
the fiber direction and the preferred direction are perpendicular (γj = 90o), whereas
the rate equals zero when both are aligned (γj = 0o). Fig. 4.4 shows a schematic
representation of Eq. (4.19). The fiber vector �e j

f is rotated by an angle ∆θj towards
the preferred fiber direction �e j

p , yielding the new fiber direction �e j ′
f . The angle of

rotation ∆θj is obtained by time integration of Eq. (4.19).
The fiber direction is updated after each time step, because the new value (�e j ′

f )
affects the mechanical properties of the artery. Based on the assumption that the
stress-free state of the reoriented fiber remains the undeformed configuration (F =
I), we choose to update the fiber directions in this configuration (i.e., �ef0 is updated,
see Driessen et al. (2003a)).

4.2.4 Parameters

The geometrical and material parameters, as well as the loading conditions used in
this study are taken from Holzapfel et al. (2000). The artery is modeled as a two-
layer thick-walled cylinder, consisting of the media and adventitia. The contribution
of the intima to the mechanical behavior of the arterial wall is neglected. Contrary
to Holzapfel et al. (2000), we use four fiber directions instead of two. As a conse-
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Figure 4.4: Schematic representation of fiber reorientation. The fiber (�e j
f ) is rotated

over an angle ∆θj towards the preferred fiber direction (�e j
p ), resulting in

the new fiber direction (�e j ′
f ). γj denotes the angle between �e j

f and �e j
p .

quence, we use one half of the fiber stiffnesses obtained in that study. The value of
the rate constant κ is not crucial for the evolution of the remodeling process and is
arbitrarily set to 1.0 s−1. The initial fiber directions are chosen in such a way that
they coincide with the circumferential direction (β1 = 90o and β2 = 0o). We assume
that the functions gi increase with the magnitude of the principal stretch λi. In other
words, we suppose that the larger the principal stretch, the more the fibers orient
towards the corresponding principal stretch direction. Unless stated otherwise, we
neglect the presence of a radial component in the fiber direction (gr = 0, β2 = 0o)
because the radial direction is compressive. Because the circumferential and axial
directions are tensile, the functions gθ and gz are supposed to be nonzero (i.e., gi 	= 0
only if λi > 1) and are chosen as λν

θ and λν
z , respectively. The value of ν, indicating

the power of alignment, is set to 4.0. This value of ν is chosen to simulate a relatively
strong alignment. Note that when ν = 0, the preferred fiber directions are exactly
in between the principal stretch directions (�ep = 1

3

√
3 [1 1 1] or 1

2

√
2 [0 1 1] when

gr = 0). When ν → ∞, all the fiber directions align with the largest principal stretch
direction. The reference values of the model parameters are summarized in Table 4.1.
We assume that the time constant of the remodeling process is large compared to the
time constant of the periodically varying pressure. Therefore, the pressure is applied
quasi-statically.

4.2.5 Analyses

The effect of changes in the parameter values on the results is investigated. The
pressure level pi and axial stretch λz are varied from 13.0 to 20.0 kPa and from
1.6 to 1.2, respectively. The value of ν is changed from 4.0 to 10.0 to show the
effects of a very pronounced alignment. To account for residual stresses, the opening
angle α is set to 160o for the total arterial wall. In this case an inner radius (Ri)
of 1.43 mm is used. To investigate the effect of a (small) radial component of the
fiber direction (Finlay et al., 1995; Rhodin, 1980), gr = λ4

r is included. To simulate
the effects of reduced fiber stiffnesses, the values of k1m

and k1a
are decreased by

a factor two and set to 0.59 and 0.14 kPa, respectively. To account for different
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Parameter Description value
α opening angle 0o

Ri inner radius (undeformed configuration) 0.71 mm
Hm thickness media 0.26 mm
Ha thickness adventitia 0.13 mm
Gm shear modulus media 3.0 kPa
Ga shear modulus adventitia 0.3 kPa
k1m

fiber parameter media 1.18 kPa
k1a

fiber parameter adventitia 0.28 kPa
k2m

fiber parameter media 0.84 [-]
k2a

fiber parameter adventitia 0.71 [-]
pi internal pressure 13.0 kPa
λz axial stretch 1.6 [-]
κ rate constant 1.0 s−1

�e0 initial fiber directions [0 1 0]
gr degree of alignment of �ep with r-direction 0.0 [-]
gθ degree of alignment of �ep with θ-direction λν

θ [-]
gz degree of alignment of �ep with z-direction λν

z [-]
ν power of alignment 4.0 [-]

Table 4.1: Overview of the reference values of the parameters used in the model,
partly based on Holzapfel et al. (2000).

reference configurations for the media and adventitia, the opening angles are chosen
as αm = 160o and αa = 120o (see Holzapfel et al. (2002)). Then, Rim

and Ria
are

set to 1.43 and 1.56, respectively. Note that in this case, we have two variables to
solve Eq. (4.15): λθim

and λθia
. However, by requiring continuity of r in Eq. (4.8) at

R = Rom
= Rim

+ Hm and R = Ria
, we can express λθia

in terms of λθim
(= λθi),

αm, αa, λz, Ria
, Rim

and Hm. These analyses are summarized in Table 4.2.

4.3 Results

The principal stretch ratios and fiber directions obtained with the reference values
of the parameters (case 1 in Table 4.2) are shown in Fig. 4.5 as a function of the
radius. The radial component of the fiber direction is absent, because of the assumed
value for gr. As the circumferential stretch decreases with r and the axial stretch
is constant, the circumferential and axial component of �ef decrease and increase,
respectively, with r.

The corresponding helical path of the collagen fibers at three different locations
within the vessel wall (Fig. 4.6) are calculated by integration of the local fiber direc-
tions from Fig. 4.5(b). Moving from the vessel’s inner wall to the outer wall, the pitch
of the helix obviously increases.
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case pi [kPa] λz [-] ν [-] α [o] gr [-] k1m
[kPa] k1a

[kPa]
1 13.0 1.6 4.0 0.0 0.0 1.18 0.28
2 20.0 − − − − − −
3 − 1.2 − − − − −
4 − − 10.0 − − − −
5 − − − 160.0 − − −
6 − − − − λ4

r − −
7 − − − − − 0.59 0.14
8 − − − αm = 160.0 − − −

αa = 120.0

Table 4.2: Overview of the performed analyses. The reference values of the parame-
ters are highlighted. A − indicates that the parameter values are equal to
their reference values (case 1).
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Figure 4.5: (a) principal stretch ratios λ and (b) components of the fiber direction �ef

as a function of the radial position r, obtained with the reference values
of the parameters (case 1 in Table 4.2).

As expected, the fiber paths obtained with ν = 10.0 indicate a very pronounced
alignment (Fig. 4.7). At the inner wall (Fig. 4.7(a)) the fibers are mainly oriented in
the circumferential direction. On the other hand, at the outer wall (Fig. 4.7(c)) the
fibers are oriented axially.

The fiber paths obtained with different opening angles (αm = 160.0o and αa =
120.0o) are discontinuous at the media-adventitia interface (Fig. 4.8). This discon-
tinuity of the fiber directions results from different reference configurations of the
media and adventitia. On the media side of the interface (Fig. 4.8(a)), the fibers are
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(a) (b) (c)

Figure 4.6: Paths of two collagen fibers obtained with the reference values of the
parameters (case 1 in Table 4.2). (a) inner side of artery. (b) media-
adventitia interface. (c) outer side of artery.

oriented more circumferentially than on the adventitia side (Fig. 4.8(b)).
The presence of a small radial component in the the fiber direction (gr = λ4

r)
has a clear effect on the fiber paths (Fig. 4.9); the pitch of the fiber helix increases
(Fig. 4.9(b)), because the magnitude of the circumferential and axial component of
the fiber direction change when the fiber runs from the inner wall to the outer wall
of the vessel. The magnitude of the radial component is larger on the outside than
on the inside of the vessel (Fig. 4.9(a)). As a result, the radial position of the fiber on
the outside changes faster than on the inside.

The pressure-radius relations obtained with various parameter values are com-
pared with the results obtained with the reference values (Fig. 4.10). The artery
subjected to an increased pressure (case 2, Fig. 4.10(a)) is, in the high pressure do-
main, slightly stiffer as compared with the reference configuration (case 1). This is
caused by the fact that in case 2 the fibers are oriented more towards the circumfer-
ential direction due to increased circumferential stretches. This effect is even more
pronounced for the artery subjected to a decreased axial stretch (case 3, Fig. 4.10(b)).
Here, the circumferential stretches are relatively large compared to the axial stretches.
As a result, the fibers are mainly oriented in the circumferential direction and, conse-
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(a) (b) (c)

Figure 4.7: Paths of two collagen fibers obtained with ν = 10.0 (case 4 in Table 4.2).
(a) inner side of artery. (b) media-adventitia interface. (c) outer side of
artery.

quently, the stiffness of the artery increases. In case of a highly pronounced alignment
(case 4, Fig. 4.10(c)), the artery is less stiff in the low pressure domain whereas it is
stiffer at relatively high pressures. Obviously, the artery with reduced fiber stiffnesses
(case 7, Fig. 4.10(d)) is less stiff at all simulated pressure levels. This softening effect
would be even more pronounced in a situation with the same decreased fiber stiff-
nesses and the same final fiber directions as in case 1, however without fiber reori-
entation. That is, in the case with collagen remodeling and reduced fiber stiffnesses,
the fibers orient towards the circumferential direction because of increased circum-
ferential stretches and hence the stiffness increases. In other words, collagen fiber
reorientation towards the circumferential direction partially compensates for a de-
crease in the fiber stiffness. Note that these pressure-radius relationships (Fig. 4.10)
reflect the nonlinearity of the mechanical properties and resemble the experimen-
tally observed ’sigma-shaped’ form for this relation (see also Holzapfel et al. (2000);
Fridez et al. (2001b, 2003)). Especially at higher pressures, the artery exhibits strong
stiffening because the mechanical properties in the high pressure domain are mainly
determined by the (nonlinear) collagen fibers whereas the matrix plays an insignifi-
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(a) (b)

Figure 4.8: Paths of two collagen fibers obtained with αm = 160.0o and αa = 120.0o

(case 8 in Table 4.2) at the media-adventitia interface. (a) media side.
(b) adventitia side. The fiber orientation is discontinuous at the media-
adventitia interface due to different reference configurations of the two
layers. On the media side, the fibers are oriented more circumferentially
than on the adventitia side of the interface.

cant role.
For the cases listed in Table 4.2, we have quantified and summarized the final com-

puted fiber directions (Table 4.3). In this table, the maximum and minimum values
of β1 in the media and adventitia are shown. These maximum and minimum values
are found at the inner and outer side, respectively, of each layer. The obtained values
for β1 are briefly discussed here. In the reference situation (case 1), β1 decreases
monotonically and continuously from 55.2o at the inner side to 29.8o at the media-
adventitia interface and to 22.6o at the outer side (see also Figs. 4.5(b) and 4.6).
For the situations with an increased pressure level (case 2), a decreased axial stretch
(case 3) and decreased fiber stiffnesses (case 7), the fibers are more oriented in the
circumferential direction, because the ratio of λθ to λz increases in these cases. In the
situation with ν = 10.0 (case 4), the fibers are highly aligned: at the inner side the
fibers are nearly oriented in the circumferential direction, whereas they are oriented
axially at the outer side (see also Fig. 4.7). The presence of one opening angle (case
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Figure 4.9: Fiber orientations obtained with gr = λ4
r (case 6 in Table 4.2). (a) radial

(r), circumferential (θ) and axial (z) component of the fiber direction
(�ef ) as a function of the radial position r. (b) paths of two collagen
fibers running from the inner side to the outer side of the artery.

5) homogenizes the circumferential stretches and consequently the gradient in β1 is
reduced. The presence of a small radial component (case 6) hardly affects the values
of β1 (see also Fig. 4.9(a)). Accounting for different opening angles for the media
and adventitia (case 8) reduces the gradient in β1 and introduces a discontinuity in
the fiber direction at the media-adventitia interface (see also Fig. 4.8).

4.4 Discussion

In this study, a computational model is presented to explore the interrelation be-
tween the collagen architecture and the mechanical loading conditions in the arterial
wall. We assume that the collagen fibers align with preferred directions, situated
in between the principal stretch directions. The orientation of these preferred di-
rections depends on the magnitude of the principal stretches. The predicted collagen
directions represent symmetrically arranged helices and agree qualitatively with mea-
surements from literature (Rhodin, 1980; Finlay et al., 1995; Canham et al., 1997;
Holzapfel et al., 2002). At the luminal side of the artery, the fibers are oriented more
circumferentially than at the outer side of the vessel (i.e., low pitch in media and high
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Figure 4.10: Internal pressure pi as a function of inner radius ri after collagen fiber
reorientation. The results obtained with the reference values of the pa-
rameters (case 1 in Table 4.2) are compared with the results obtained
with (a) an increased pressure level (case 2 in Table 4.2), (b) a de-
creased axial stretch (case 3 in Table 4.2), (c) an increased alignment
(case 4 in Table 4.2) and (d) a decreased fiber stiffnesses (case 7 in
Table 4.2).

pitch in adventitia). The experimentally observed discrete transition in collagen ori-
entation between the media and adventitia (Finlay et al., 1995) can be explained by
accounting for different reference configurations (i.e., different opening angles) for
both layers. The predicted pressure-radius relations after collagen fiber remodeling
resemble experimentally measured ’sigma-shaped’ curves. Although there is qualita-
tive agreement between the numerical results and experimental data, experiments
have to be performed to validate the evolution of the remodeling equations and to
estimate the remodeling parameters. To the best of our knowledge, collagen reorien-
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case max(β1) min(β1) max(β1) min(β1)
in media in media in adventitia in adventitia

1 55.2 29.8 29.8 22.6
2 58.5 32.5 32.5 24.6
3 76.3 61.2 61.2 54.2
4 65.7 12.9 12.9 6.1
5 50.9 40.2 40.2 36.1
6 55.2 29.8 29.8 22.6
7 59.9 33.8 33.8 25.6
8 51.1 40.4 29.6 25.9

Table 4.3: Maximum and minimum values of β1 in media and adventitia after fiber
reorientation. It is remarked that the maximum and minimum values are
found at the inner and outer side, respectively, of each layer.

tation has not been studied in multi-axial loaded tissues. However, our assumptions
for the preferred fiber direction (gi 	= 0 only if λi > 1) are in agreement with exper-
iments demonstrating that uniaxial strains stimulate alignment of collagen fibers in
the tensile principal strain direction (Nakatsuji and Johnson, 1984).

Several remodeling factors present in-vivo are not included in our current model.
We assume a constant axial stretch, whereas it can change as a result of growth (Jack-
son et al., 2002). Based on experiments from literature (Meng et al., 1999; Han et al.,
2003) and the results of our model, we expect that axial stretch is an important fac-
tor in vascular remodeling. In addition, we did not account for the effects of wall
shear stress on the remodeling process, whereas it is known that shear stress in-
duces adaptation of vessel geometry, structure and composition (Ziegler and Nerem,
1994; Thoumine et al., 1995; Langille, 1996). Moreover, we only model changes in
collagen fiber orientation and neglect changes in fiber content, type and thickness.
However, Kolpakov et al. (1995), O’Callaghan and Williams (2000) and Fridez et al.
(2003) demonstrate that collagen synthesis increases in mechanically stimulated ar-
teries. Carver et al. (1991) show a change in collagen type with mechanical loading:
the ratio of collagen type III to collagen type I increases in mechanically stretched
cardiac fibroblasts. In wound healing, Doillon et al. (1985) observe an increase in
collagen fiber thickness with time. These phenomena might have a pronounced ef-
fect on the apparent stiffness of the collagen fibers, thereby influencing the vessel’s
mechanical properties.

The presence of an opening angle has a clear effect on our results and the pre-
dicted collagen fiber architecture. Opening angles are associated with residual stresses
and homogenize the circumferential strains (Fung, 1990). The assumption that the
opening angles for the media and adventitia are different even causes a discontinu-
ity in the circumferential stretches at the media-adventitia interface. Although the
opening angle plays an important role in our model, we did not include the origin
of the opening angle explicitly. In literature, it is assumed that the presence of an
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opening angle results from stress-modulated (volumetric) growth. Indeed, it is often
hypothesized that the vessel remodels its geometry and stress-free configuration in
such a way that the circumferential stress/strain distribution is uniform. Note that, in
the current model, the predicted fiber directions do not depend on the radial position
when the circumferential stretches are homogeneous and constant.

Another possible limitation is the fact that we only consider the passive mechani-
cal behavior of the arterial wall and leave the effect of vascular smooth muscle (VSM)
contraction out of consideration. However, experiments show that VSM participates
in the adaption process by adjusting its tone level and contractile activity (Fridez
et al., 2001b, 2003; Zulliger et al., 2002). Theoretical studies reveal that VSM con-
traction modulates the apparent mechanical properties, increases the magnitude of
the residual strains, reduces the strain gradient in the arterial wall and contributes
to a nearly uniform stress distribution (Matsumoto et al., 1996; Rachev and Hayashi,
1999; Fridez et al., 2001a). However, theoretical and experimental work by Fridez
et al. (2001a, 2003) suggest that long-term vascular adaptation is primarily attributed
to structural remodeling because VSM tone returns to near control level after two
months.

We compare the results of the current model with the results of collagen remodel-
ing in the aortic heart valve presented in the study of Driessen et al. (2003a). In that
study, it is assumed that the collagen fibers align with tensile principal stretch direc-
tions. When this assumption is applied to an artery, the final predicted fiber directions
coincide with the axial and circumferential direction. To compare the results of both
models, we perform a simulation with four fiber directions and the same parameter
values as used in case 1. However, in this simulation two fibers are oriented in the
axial and two in the circumferential direction. The first observation we note is that
in the current model the gradient of the fiber stretch is smaller (Fig. 4.11(a)), which
would be more favorable to obtain a constant fiber stress by means of volumetric
growth (Taber, 1998). In addition, we expect that with the model from Driessen et al.
(2003a) the stiffness of the artery is larger. Therefore, the compliance (C = ∂A/∂p,
with A the lumen area) as function of the pressure is computed for both models
(Fig. 4.11(b)). When compared with the results from the model of Driessen et al.
(2003a), the compliance obtained with the current model is larger; e.g., at pi = 13
kPa, the ratio of the compliances is approximately two. The reason for this increased
compliance is that the fibers are not completely oriented in the circumferential direc-
tion and that the total deformation of the fiber consists of stretch as well as rotation.
In our opinion, the predicted helical collagen directions in this study therefore repre-
sent a compromise between compliance and stiffness. That is, the collagen architec-
ture allows distension of the artery at relatively low pressures whereas it prevents the
artery from being overstretched at high pressures. It is worth noting that helical fiber
layers are used in laminated composite pressure vessels to improve their mechanical
behavior (Krikanov, 2000). Obviously, the effects of the presented remodeling rules
on our previous models for collagen reorientation in the aortic valve need further in-
vestigation. In addition, the reference configuration of the reoriented collagen fibers
has to be studied. Humphrey (1999b) assumes that the stress-free configuration of
the remodeled collagen fibers is a specific loaded configuration of the tissue, whereas
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we assume that it is the undeformed configuration.
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Figure 4.11: Comparison of the results obtained with the current model (case 1)
and with the model of Driessen et al. (2003a). (a) fiber stretch λ as
a function of the radial position r at pi = 13 kPa. The fiber stretch
obtained with the model of Driessen et al. (2003a) corresponds to the
circumferential direction. The fiber stretch associated with the axial
direction is constant and is not shown in this case. (b) compliance C as
a function of the internal pressure pi for both models.

As the collagen architecture and the local mechanical loading condition within
the tissue are highly coupled, the presented model to study collagen remodeling of-
fers strong possibilities to gain further insight into the course of 1) the mechanical
properties of tissue engineered constructs during conditioning, 2) geometrical and
functional adaptation (growth and VSM tone, respectively) and 3) vascular diseases
and disorders, such as hypertension and aneurysms. In our opinion, an integrated
model that accounts for collagen remodeling, growth and VSM tone adaptation is
necessary for a better understanding of the processes involved in vascular adapta-
tion.





Chapter 5

Improved prediction of the
collagen architecture in the

aortic valve

Living tissues show an adaptive response to mechanical loading by changing their in-
ternal structure and morphology. Understanding this response is essential for successful
tissue engineering of load-bearing structures, such as the aortic valve. In this study,
mechanically induced remodeling of the collagen architecture in the aortic valve was in-
vestigated. It was hypothesized that, in uniaxially loaded regions, the fibers aligned with
the tensile principal stretch direction. For biaxial loading conditions, on the other hand,
it was assumed that the collagen fibers aligned with directions situated in between the
principal stretch directions. This hypothesis has already been applied successfully to study
collagen remodeling in arteries. The predicted fiber architecture represented a branching
network and resembled the macroscopically visible collagen bundles in the native leaflet.
In addition, the complex biaxial mechanical behavior of the native valve could be sim-
ulated qualitatively with the predicted fiber directions. The results of the present model
might be used to gain further insight into the response of tissue engineered constructs
during mechanical conditioning.

The contents of this chapter are based on N.J.B. Driessen, C.V.C. Bouten and F.P.T.
Baaijens (2005), Improved prediction of the collagen fiber architecture in the aortic
heart valve, Journal of biomechanical engineering; 127: pp 329-336.
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5.1 Introduction

At this moment, tissue engineered heart valve replacements have only been implanted
at the pulmonary position (Sodian et al., 2000a) because they lack the mechanical in-
tegrity to withstand the pressures at the aortic side. One of the possibilities to improve
the mechanical properties is conditioning of the construct in a bioreactor to trigger
remodeling and to increase matrix synthesis (Sodian et al., 2000b; Hoerstrup et al.,
2000). Mechanical conditioning protocols that aim at the synthesis of a properly or-
ganized collagen network seem to be a promising approach, as collagen is the main
load-bearing component of the valve (Billiar and Sacks, 2000a,b). It is known that
mechanical stimuli induce remodeling of collagen fibers, which may include changes
in the organization of fibers, fiber thickness, collagen type, collagen synthesis, enzy-
matic degradation and cross-linking (Guidry and Grinnell, 1985; Birk and Trelstad,
1984; Sawhney and Howard, 2002; Rubin and Farber, 1998; Bishop and Lindahl,
1999; MacKenna et al., 2000; Prajapati et al., 2000b). Understanding these remodel-
ing processes is therefore crucial for successful tissue engineering of functional aortic
valves. In order to design efficient and optimal in-vitro mechanical conditioning pro-
tocols, it is necessary to gain insight into the evolution of the collagen architecture
and the mechanical properties during tissue development. However, the interaction
between collagen remodeling and the mechanical loading condition within the tis-
sue is complex because they are highly coupled. Therefore, mathematical models
are desired to investigate remodeling of the collagen architecture and to asses the
biomechanical remodeling laws.

Recently, Boerboom et al. (2003) and Driessen et al. (2003a,b) modeled mechan-
ically induced collagen fiber remodeling in the aortic heart valve. In these studies,
it was assumed that the collagen fibers aligned with the strain field and that colla-
gen content increased with fiber stretch. With these models promising results were
obtained: the predicted principal fiber direction ran in the circumferential direction
from commissure to commissure and qualitatively resembled the native fiber architec-
ture of the aortic valve, as measured by Sacks et al. (1997b). However, these models
also predicted the presence of radially oriented fiber directions, whereas these are
scarcely present in the native valve. That is, excessive radial strains are prevented
by rotation of predominantly circumferentially oriented collagen fibers towards the
radial direction (Billiar and Sacks, 2000a,b), not necessarily by the presence of ra-
dially oriented fibers. Moreover, the typical helical collagen architecture present in
arteries (Rhodin, 1980) could not be explained with the proposed theory. However,
in our opinion, a general theory for collagen remodeling in load-bearing (cardiovas-
cular) structures can be expected because these tissues are exposed to comparable
biomechanical stimuli. Therefore, in a subsequent study the model was adapted to
investigate collagen remodeling in arteries (Driessen et al., 2004). In that study, it
was hypothesized that the collagen fibers aligned with preferred directions, situated
in between the principal stretch directions. The orientation of these preferred direc-
tions depended on the magnitude of the principal stretches. The resulting predicted
fiber directions in arteries represented symmetrically arranged helices that agreed
qualitatively with measurements from literature (Finlay et al., 1995; Holzapfel et al.,
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2002). In the present paper, this hypothesis was applied to collagen remodeling in
the aortic valve.

5.2 Materials and methods

The framework of the model was described by Driessen et al. (2003a, 2004) and is
summarized here. The present study focused on modeling changes in collagen fiber
content and orientation.

5.2.1 Constitutive law

The leaflet of the aortic valve was modeled as an incompressible fiber reinforced
material (van Oijen, 2003):

σ = −pI + τ̂ +
N∑

j=1

φfj
(ψfj

− �efj
· τ̂ · �efj

)�efj
�efj

(5.1)

where σ is the Cauchy stress, p the hydrostatic pressure, I the unity tensor and τ̂
the isotropic matrix stress. N denotes the number of fiber directions, φf the fiber
volume fraction, ψf the fiber stress and �ef the fiber direction. The matrix material
was modeled as a Neo-Hookean material with shear modulus G:

τ̂ = G(B − I) (5.2)

In Eq. 5.2, B is the left Cauchy-Green deformation tensor, defined as B = F · F T ,
with F the deformation gradient tensor. The fiber stress (ψf ) was a function of the
fiber stretch (λf ) and an exponential constitutive equation was used:

ψf = k1λ
2
f [ek2(λ

2
f−1) − 1] (5.3)

with k1 and k2 material parameters. It was assumed that the collagen fibers could
only take tensile stresses: ψf = 0 when λf < 1. The fiber stretch was calculated from
the right Cauchy-Green deformation tensor (C = F T · F ) and the fiber direction in
the undeformed configuration (�e 0

f ):

λf =
√
�e 0

f · C · �e 0
f (5.4)

The fiber direction in the deformed configuration (�ef ) was then be calculated from:

�ef =
F · �e 0

f

λf
(5.5)
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5.2.2 Balance equations

Neglecting inertial and body forces, the equations for conservation of momentum
reduce to:

�∇ · σ = �0 (5.6)

The continuity equation for an incompressible material is written as:

J − 1 = 0 (5.7)

Where J = det(F ) represents the volume change between the initial and the cur-
rent configuration. The equations were completed with a set of boundary conditions.
The finite element method (Bathe, 1996) was used to solve the set of balance equa-
tions. Because the balance equations were nonlinear, a full Newton-Raphson iteration
process was used to find an approximate solution. After linearization, the Galerkin
method was used for spatial discretization of the weighting functions and the error
in the displacement and pressure field. The linearized equations were solved using a
Bi-CGStab iterative solver with an ILU preconditioner. The numerical framework and
the constitutive equations were implemented in the software package SEPRAN (Se-
gal, 1984) using Q2/Q1 elements with a continuous interpolation for the pressure.
These Taylor-Hood elements use quadratic interpolation for the displacement field
and a linear interpolation for the pressure unknowns.

5.2.3 Collagen fiber remodeling

Collagen fiber orientation

According to Driessen et al. (2004), it was assumed that the collagen fibers aligned
with preferred directions (�ep). These preferred directions were situated in between
the principal stretch directions �vi (i = 1, 2, 3) and their orientation depended on the
magnitude of the principal stretches λi (i = 1, 2, 3). The orientation and magnitude
of the principal stretches were calculated from the left Cauchy-Green deformation
tensor B. In a local coordinate system (Fig. 5.1), spanned by the eigenvectors �vi, the
preferred fiber direction was written as:

�ep = 1√
g2
1(λ1)+g2

2(λ2)+g2
3(λ3)

(
g1(λ1)�v1 + g2(λ2)�v2 + g3(λ3)�v3

)

= cos (γ1)�v1 + sin (γ1) cos (γ2)�v2 + sin (γ1) sin (γ2)�v3

(5.8)

The functions gi(λi) in Eq. (5.8) are still to be specified and indicate the degree of
alignment of the preferred fiber direction �ep with the principal stretch direction �vi. A
high value of gi indicates that �ep is situated close to �vi. On the other hand, gi = 0
when �ep is perpendicular to �vi.

In this study, it was assumed that the collagen fibers did not align with compressive
principal stretch directions. In general, for an incompressible solid, the third principal
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Figure 5.1: Schematic representation of the preferred fiber direction (�ep) in a local
coordinate system, spanned by the principal stretch directions (�vi).

stretch direction is compressive. Therefore, g3 and γ2 were set to zero. Consequently,
two preferred directions symmetrically arranged with respect to the first principal
stretch direction were used:

�ep1 = cos (γ1)�v1 + sin (γ1)�v2
�ep2 = cos (γ1)�v1 − sin (γ1)�v2

(5.9)

with γ1 = arctan (g2/g1). With two preferred directions, two fiber directions were
used (N = 2). Note that �ep1 = �v1 and �ep2 = �v2 was assumed in the study of Driessen
et al. (2003a).

The evolution of the fiber direction was subsequently modeled by a first order rate
equation:

dθj

dt
= κ

[
1− | �efj

· �epj
|
]

j = 1, 2

= κ
[
1− | cos(αj) |

]
j = 1, 2

(5.10)

In Eq. (5.10), dθj/dt is the rate of reorientation for fiber direction j and κ denotes
the rate constant. The angle between �epj

and �efj
is denoted by αj . Then, the fiber

vector �efj
was rotated by an angle ∆θj towards the preferred direction �epj

, yielding
the new fiber direction �e ′

fj
(Fig. 5.2).
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Figure 5.2: Schematic representation of fiber reorientation. The fiber (�efj
) is rotated

over an angle ∆θj towards the preferred fiber direction (�epj
), resulting

in the new fiber direction (�e ′
fj

). αj denotes the angle between �efj
and

�epj
.

Collagen fiber content

It was assumed that the (steady-state value of the) fiber content (φ ss
f ) increased

linearly with the square of the fiber stretch (λ2
f ). However, the fiber content was

limited by a maximum value φ max
f at a fiber stretch λfmax

and a minimum value
φ min

f at λfmin
:

φ ss
f = φ min

f for λf < λfmin (5.11)

φ ss
f = φ max

f for λf > λfmax (5.12)

φ ss
f =

(
φ max

f −φ min
f

λ2
fmax

−λ2
fmin

)
(λ2

f − λ2
fmin

) + φ min
f for λfmin

≤ λf ≤ λfmax (5.13)

The evolution of the fiber content was modeled by a first order rate equation:

dφfj

dt
= µ[φ ss

f (λ2
fj

) − φfj
] j = 1, 2 (5.14)

with dφfj
/dt the rate of net fiber turnover for fiber direction j and µ a rate constant.

The procedure to update the fiber content and fiber direction after each time step was
explained by Driessen et al. (2003a).

5.2.4 Geometry and boundary conditions

It was assumed that collagen remodeling is dominated by the load applied to the
leaflets during diastole. Therefore, only the closed configuration of the valve was
considered. A stented valve geometry (Fig. 5.3) was used and contact between the
three leaflets was left out of consideration. Only the fibrosa was modeled, because
this layer is composed of a dense network of collagen fibers and is considered to be the
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main load-bearing structure of the aortic valve leaflet (Thubrikar et al., 1986). The
radius and thickness of the leaflet were set to 12 mm and 200 µm, respectively. Be-
cause of symmetry only 1/6 of the valve was used in the finite element computations.
This part of the valve was discretized using 147 hexahedral elements. This degree of
spatial discretization was found to be sufficient for the purpose of the present study,
i.e., to predict the collagen fiber architecture. At the fixed edge, all nodal displace-
ments were suppressed whereas at the symmetry edge displacements in the normal
directions were set to zero. At the aortic side of the leaflet a pressure p0 was applied
instantaneously. Thereafter, the pressure level was gradually increased to pmax.

Figure 5.3: Finite element mesh of the stented valve geometry. Because of symmetry
only 1/6 of the valve is used in the FE computations. This part of the
leaflet is subdivided into 147 hexahedral elements with 1893 nodes.

5.2.5 Parameters

For the matrix material a shear modulus G = 0.5 MPa was used. Based on the study
of Billiar and Sacks (2000b), the fiber parameter k2, which describes the degree of
nonlinearity of the fiber stress, was set to 6.0. For the fiber parameter k1 a value of 2.0
MPa was used to ensure that the fibers were much stiffer than the matrix material for
all tensile strains. With this set of parameters and the applied boundary conditions,
strains in the order of 10% were obtained. These strains were assumed to be relevant
in functional tissue engineering of heart valves (Mol et al., 2003). The minimum
value of the fiber content (φ min

f ) was set to 0.0 at λfmin
= 1.0, whereas φ max

f = 0.3
was used at λfmax

= 1.25. Time was scaled with κ0 = 1.0 s−1 and the values of κ/κ0
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and µ/κ0 were both set to 1.0. Note that these parameters were also used in the study
of Driessen et al. (2003a). It was assumed that the larger the principal stretch, the
more the fibers aligned with the corresponding principal stretch direction. In other
words, the functions gi were assumed to increase with the magnitude of the principal
stretch λi and were chosen as:

g1 = λν
1 − 1 and g2 =

{
λν

2 − 1 for λ2 ≥ 1
0 for λ2 < 1 (5.15)

with ν arbitrarily set equal to 2. Note that λ1 > 1 for an incompressible solid. Equa-
tion (5.15) implies that for an uniaxial loading condition (λ1 > 1, λ2 and λ3 < 1), the
two preferred fiber directions coincide and are aligned with the first principal stretch
direction (γ1 = 0). On the other hand, in case of a biaxial loading condition (λ1 and
λ2 > 1, λ3 < 1), the preferred fiber directions are symmetrically aligned in between
the first and second principal stretch direction (γ1 	= 0).

5.2.6 Initial fiber configuration

After a pressure of 3 kPa had been applied instantaneously (p0 = 3 kPa at κ0t = 0), it
was assumed that the initial fiber directions coincided with the preferred directions.
The initial fiber content was set to zero. Thereafter, the remodeling process started
and the pressure level was increased linearly over time to 10 kPa (pmax = 10 kPa at
κ0t = 1). Note that gradually increasing pressure levels have already been applied
in in-vitro studies to condition tissue engineered heart valves (Hoerstrup et al., 2000;
Sodian et al., 2000b).

5.2.7 Parameter variations

To investigate the effects of the maximum pressure level on the process of collagen
remodeling, the value of pmax was changed from 10 kPa to 4 kPa. The values of k1

and G were changed from 2.0 MPa to 1.0 MPa and from 0.5 MPa to 1.5 MPa, respec-
tively, to show the consequences of a reduced fiber stiffness and an increased matrix
modulus. To simulate the effects of a more pronounced fiber alignment, the power ν
in Eq. (5.15) was changed from 2 to 20. The performed analyses are summarized in
Table 5.1.

5.3 Results

To study the effects of the remodeling process on the leaflet’s mechanical behavior,
the maximum principal stretch (λ1) of a node in the commissure region was calcu-
lated as a function of scaled time (κ0t) (Fig. 5.4). At κ0t = 0 the stretches increased
instantaneously due to application of the pressure p0. In the following part of this fig-
ure (κ0t = 〈0, 1]), the change in λ1 was the net result of the increase in pressure level
(from p0 to pmax) and collagen fiber remodeling. The stretches initially decreased but
increased thereafter for the results obtained with the reference values (case 1), the
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Case pmax [kPa] k1 [MPa] G [MPa] ν [-]
1 10.0 2.0 0.5 2.0
2 4.0 − − −
3 − 1.0 − −
4 − − 1.5 −
5 − − − 20.0

Table 5.1: Overview of the performed analyses. A − indicates that the parameter
values are equal to their reference values (case 1).

reduced fiber stiffness (case 3) and the increased degree of alignment (case 5). The
stretches obtained with the reduced pressure level (case 2) decreased monotonically
because the transvalvular pressure hardly increased. In case of the increased matrix
modulus (case 4), the stretches at κ0t = 0 were relatively small. Therefore, fiber re-
modeling was hardly triggered and the stretches increased monotonically due to the
increase in pressure level. In the final part (κ0t = 〈1,→〉) of the figures, the pres-
sure was held constant and the stretches decreased as a result of fiber remodeling.
The stretches obtained with ν = 20 (case 5) were nearly equal (relative difference
� 0.1%) to those obtained with the reference values of the parameters (case 1).
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Figure 5.4: Maximum principal stretch (λ1) for a node in the commissure region as
a function of scaled time (κ0t), obtained with the reference values of
the parameters (case 1), a reduced pressure level (case 2), a decreased
fiber stiffness (case 3), an increased matrix modulus (case 4) and a more
pronounced alignment (case 5). Note that the curves of case 1 and case
5 nearly coincide.

Due to the relatively large stretches, the total volume fractions φftot
(= φf1 +φf2)

were obviously high in the commissure region and near the fixed edge (Fig. 5.5(a)).
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In the lower part of the belly region, on the other hand, the total volume fractions
were relatively low. In the belly region, the leaflet was loaded biaxially and as a result
two separate fiber directions were present, symmetrically arranged with respect to the
first principal stretch direction (Fig. 5.5(b)). The remaining part was mainly loaded
uniaxially and consequently the two fiber directions coincided and were aligned with
the first principal stretch direction.

(a) (b)

Figure 5.5: Fiber configuration after the remodeling process, obtained with the refer-
ence values of the parameters (case 1). Fig. 5.5(a): Total volume fraction
φftot

(= φf1 + φf2) on the aortic side of the leaflet. Note that φf1 � φf2

because λf1 � λf2 . Fig. 5.5(b): Fiber directions (�ef1 and �ef2) on the
aortic side of the leaflet.

To demonstrate the dissimilarities in the fiber architectures obtained with the
different parameters, the value of γ1 in the belly region was compared (Fig. 5.6).
Figure 5.6(a) was obtained with the reference values of the parameters and corre-
sponds to Fig. 5.5(b). With a reduced pressure level (Fig. 5.6(b)), a reduced fiber
stiffness (Fig. 5.6(c)) and an increased matrix modulus (Fig. 5.6(d)), the belly re-
gion was loaded less biaxially and as a result the value of γ1 decreased. In case
of more pronounced alignment (Fig. 5.6(e)), γ1 changed only slightly (mean differ-
ence γ1 � −2.3o). This was caused by the fact that for ν = 20 the belly region was
loaded slightly more biaxially than for ν = 2 (i.e., λ1 slightly decreased whereas λ2 in-
creased). Then, the ratio between g1 and g2 in Eq. (5.15) apparently remained nearly
constant. In other words, the change in ν was partly counterbalanced by changes in
the magnitude of the principal stretches. Note that in all cases a singularity arose in
a small part of the lower belly region; at these locations the leaflet was loaded equib-
iaxially (λ1 � λ2) and as a result the principal stretch directions (�v1 and �v2) became
unstable whereas γ1 → 45o. I.e., the preferred fiber directions (�ep1 and �ep2) could not
be determined unambiguously.
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(a) (b)

(c) (d)

(e)

Figure 5.6: Value of γ1 [degrees] in the belly region on the aortic surface of the leaflet
after the remodeling process. (a) is obtained with reference values of the
parameters (case 1), (b) with a reduced pressure level (case 2), (c) with
a reduced fiber stiffness (case 3), (d) with an increased matrix modulus
(case 4) and (e) with a more pronounced alignment (case 5).
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The total volume fractions obtained with the different parameter values were com-
pared (Table 5.2). In case of a reduced pressure level (case 2) or an increased matrix
modulus (case 4), the stretches within the leaflet were reduced. As a result, the fiber
content was lower compared to reference situation (case 1). On the other hand, with
the reduced fiber stiffness (case 3), the stretches and consequently the fiber volume
fractions increased. The volume fractions obtained with an increased alignment (case
5) were equal to those obtained with the reference values.

Case mean value of φftot
/φ ref

ftot
[-]

1 1.00
2 0.63
3 1.26
4 0.81
5 1.00

Table 5.2: Comparison of the total volume fractions after fiber remodeling. φftot

denotes the total volume fraction (= φf1 + φf2) and the superscript ref
refers to the reference situation (case 1).

5.4 Discussion

Previous models for collagen remodeling in the aortic valve assumed that the main
fiber directions aligned with the principal stretch directions (Driessen et al., 2003a;
Boerboom et al., 2003). Consequently, these models predicted the presence of sec-
ondary fiber population in the radial directions, which is hardly present in native
valves (Billiar and Sacks, 2000a). In addition, these models were unable to predict
the helical fiber architecture in arteries. Therefore, Driessen et al. (2004) revised
the hypothesis to study collagen remodeling in the arterial wall. It was hypothesized
that, in case of a biaxial loading condition, the collagen fibers aligned with preferred
directions, situated in between the principal stretch directions. On the other hand,
it was assumed that the fibers in uniaxially loaded regions aligned with the tensile
principal stretch direction. In the present study, this hypothesis was applied to inves-
tigate mechanically induced remodeling of the fiber architecture in the aortic heart
valve. The predicted fiber architecture (Fig. 5.5(b)) showed a strong resemblance
with fiber directions in the native valve (Fig. 5.7). In the commissure region and
near the free edge, there was one distinct fiber direction due to a uniaxial loading
condition. These fibers ran in the circumferential direction from commissure to com-
missure and entered the fixed edge radially. In the belly region, on the other hand,
the tissue was loaded biaxially and consequently a branching architecture arose. Note
that the predicted branching collagen architecture is also clearly visible in Fig. 5.7.

Although the predicted fiber directions agreed qualitatively with the native macro-
scopic collagen architecture, our results deviated from quantitative structural mea-
surements (Sacks et al., 1998). The results of these structural measurements indicate
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Figure 5.7: Fiber architecture in a porcine aortic heart valve leaflet (from Sauren
(1981) with permission). The macroscopically visible bundles seem to
originate at the commissures and run in the circumferential direction. In
the central part of the leaflet the bundles branch and the fibers enter the
fixed edge radially.

that the local distribution of fibers is approximately Gaussian and that the dominant
fiber direction coincides with the circumferential direction. This discrepancy was
probably caused by the fact that we considered only two fiber directions, whereas
multiple directions are present in the native valve. Based on measurements of the
fiber architecture in intestinal submucosa (Orberg et al., 1982; Sacks and Gloeckner,
1999; Gloeckner et al., 2000), it is possible that the two predicted fiber directions
in the belly region of the leaflet have to be interpreted as local preferred directions,
representing two subdistributions of fiber orientations. If these two fiber popula-
tions overlap sufficiently, only a single overall preferred direction will be detectable
(Fig. 5.8). Consequently, accounting for remodeling of continuously distributed colla-
gen fibers (Barocas and Tranquillo, 1997a,b; Driessen et al., 2003b) might be essential
and the relative contribution of the subdistributions to the mechanical properties has
to be established.

To study the effects of the predicted collagen fiber architecture on the mechanical
behavior of the valve tissue more thoroughly, a biaxial test was simulated. For this
simulation, the material parameters from case 1, a part of the belly region (−0.4 ≤
x ≤ 0.4 and 0.7 ≤ y ≤ 0.9) and a homogenized predicted fiber architecture (γ1 = 25o

and φf1 = φf2 = 0.07) was used. The tissue was subsequently loaded equibiaxially
(σcircumferential = σradial = 2.0 MPa). The resulting stress-stretch curve (Fig. 5.9)
demonstrated that the stretches in the circumferential directions were small com-
pared to the radial stretches, due to the difference in extensibilities between both
directions. In addition, an in-plane mechanical coupling between both directions was
present. This coupling was caused by rotation of fibers towards the radial direction
and resulted in a slightly negative slope of the circumferential curve at large stresses.
This simulated behavior, i.e., mechanical anisotropy and in-plane coupling, agreed
qualitatively with the experimental observations of Billiar and Sacks (2000a). For a
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Figure 5.8: Schematic representation of hypothetical overall fiber distributions in the
leaflet’s belly region, consisting of two local preferred fiber directions
(schematically arranged with respect to the circumferential direction).
These curves are based on measurements by Sacks and Gloeckner (1999),
assuming that the overall distribution is the sum of the individual subdis-
tributions (Sacks and Chuong, 1992). The local preferred directions are
predicted by our model and are assumed to represent a Gaussian sub-
distribution. (a) the two fiber populations overlap sufficiently and as a
result only one single fiber population is detectable (µ1 = −µ2 = 25o;
σ1 = σ2 = 30o). (b) the local subdistributions are less dispersed and
the two preferred directions become distinguishable (µ1 = −µ2 = 25o;
σ1 = σ2 = 20o).

more accurate quantitative description of the mechanical behavior of the valve tis-
sue, structural constitutive models are required that account for the experimentally-
derived angular distribution of collagen fibers (Billiar and Sacks, 2000b; Sacks, 2003).
However, these integral models, based on work by Lanir (1983), are computationally
expensive in finite element simulations.

Although there was qualitative agreement between the numerical results and data
from native leaflets, the major limitation of the model was the lack of motivation for
the preferred direction and the biological mechanisms that govern collagen reorga-
nization. The assumption that the collagen fibers aligned with the tensile principal
stretch direction in case of a uniaxial loading condition (g2 = 0 for λ2 < 1) was in
accordance with experimental results (Nakatsuji and Johnson, 1984). However, only
speculations can be made about the biological mechanisms that govern the tissue’s
response to biaxial loading conditions. A possibility that needs further investigation
is the hypothesis that the tissue strives for a homogeneous fiber stretch. This mech-
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Figure 5.9: Stress-stretch curve of a part of the belly region with a homogenized
predicted fiber architecture (γ1 = 25o and φf1 = φf2 = 0.07) in an equib-
iaxial loading protocol.

anism may govern the fiber directions in the heart (Rijcken et al., 1997, 1999), and
trigger growth and remodeling in the arterial wall (Taber, 1998). This hypothesis is
further supported by the fact that there exists an optimal stretch at which collagen
degradation is minimized (Huang and Yannas, 1977). In other words, the cells might
remodel and reorganize the extracellular matrix in such a way that a homogeneous
and optimal fiber stretch is obtained.

Another limitation of the model was its ambiguous behavior in (nearly) equibiax-
ial loading conditions. In these cases, it would be reasonable for the model to predict
no reorientation since the in-plane principal stretch directions (�v1 and �v2) were in-
distinguishable. However, the model would predict random preferred directions that
depended on the arbitrarily calculated principal stretch directions. A possible solu-
tion for this limiting behavior could be to modify the rate constant κ by making it a
function of the in-plane principal stretches (λ1 and λ2). E.g., it could be assumed that
the rate of reorientation reached the value zero (e.g., κ = κ0[λ1/λ2 − 1]) when the
two principal stretches approached each other as happens in a (nearly) equibiaxial
loading condition. However, this modification may cause problems when the fiber di-
rections are not situated in the equibiaxially loaded plane; the fibers would not rotate
into the plane of extension because the rate constant would equal zero for λ1 = λ2.
Obviously, the solution to this limiting behavior of the model in equibiaxial loading
conditions needs further investigation. Another situation in which the preferred di-
rections could not be determined unambiguously was the case of no or very small
deformations. It was expected that this had no major consequences on the model be-
havior because the fibers were absent in case of no deformation (φf = 0 for λf = 1)
and hence did not contribute to the mechanical behavior of the construct.

From tissue engineering experiments, it is known that collagen content increases



82 Chapter 5

during (mechanical) conditioning (Mol et al., 2003; Niklason et al., 1999; Kim et al.,
1999), whereas the scaffold (which can be considered as matrix material) is degraded
over time (Prabhakar et al., 2003). In this study, it was assumed that the volume of the
construct remained constant during remodeling and fiber turnover. In other words, it
was implicitly supposed that dVf/dt = −dVm/dt (with Vf and Vm the volume occu-
pied by the fibers and matrix, respectively). This assumption implied that (1) fibers
were created from matrix material, or (2) fiber synthesis and degradation of matrix
material occurred simultaneously. Based on measurements from literature (Kolpakov
et al., 1995), it was assumed that collagen content increased with increasing stretches
(Eqs. (5.11)- (5.13)). However, the exact relationship between collagen turnover and
strain still needs to be assessed experimentally. The presented theory focused on
modeling changes in collagen fiber orientation and content, although it is known
that remodeling and maturation may also affect fiber type, fiber thickness and cross-
linking (Carver et al., 1991; Doillon et al., 1985; Silver et al., 2003), possibly affecting
the fiber properties. In addition, the (isotropic) matrix properties were assumed con-
stant whereas these can change as a result of scaffold degradation (Prabhakar et al.,
2003) or synthesis of matrix products (e.g., elastin and proteoglycans). As the di-
astolic phase takes the longest period of time of the cardiac cycle and the leaflets
are maximally loaded during during this phase, only the closed configuration of the
valve was considered. Moreover, it was previously demonstrated that the leaflets are
mainly loaded uniaxially in the open configuration of the valve (Boerboom et al.,
2003; Driessen et al., 2003a) and therefore it was anticipated that the branching col-
lagen network could not be explained in the open configuration with the presented
theory. Based on the assumption that the compressive stiffness and bending rigidity
of the fibers are negligible (Lanir, 1983), it was supposed that the fibers could only
support tensile stresses. It was expected that allowing the fibers to support modest
compressive stresses had no significant effects on the predicted architecture, because
fibers under compression were assumed to be degraded (i.e., φf → 0 if λf < 1). The
predicted fiber architecture, after the remodeling process, was only compared qual-
itatively with the observed architecture in the native leaflet. Therefore, techniques
have to be developed to quantify the native fiber architecture. Subsequently, with
these techniques a quantitative comparison can be made between the predicted and
actual fiber directions and contents. Finally, the evolution of the remodeling process
and the associated rate equations (Eqs. (5.10) and (5.14)) still have to be validated.

In summary, the precise biological mechanisms by which the cells remodel the
extracellular matrix and the collagen network are not yet fully understood. Quantita-
tive experimental data is needed to estimate the material and remodeling parameters.
Tissue-equivalents, less complex than the aortic valve, are desired to study mechani-
cally induced tissue remodeling experimentally (Mol et al., 2003). Experiments with
these tissue-equivalents might provide the opportunity to elucidate the remodeling
mechanisms and it is expected that the results of the presented computational model
can be employed to define the experimental protocols.



Chapter 6

A structural constitutive model
for collagenous cardiovascular

tissues

Accurate constitutive models are required to gain further insight into the mechanical
behavior of cardiovascular tissues. In this study, a structural constitutive framework for
cardiovascular tissues is introduced that accounts for the angular distribution of collagen
fibers. To demonstrate its capabilities, the model is applied to study the biaxial behavior
of the arterial wall and the aortic valve. The pressure-radius relationships of the arterial
wall accurately describe experimentally observed sigma-shaped curves. In addition, the
nonlinear and anisotropic mechanical properties of the aortic valve can be analyzed with
the proposed model. We expect that the current model offers strong possibilities to further
investigate the complex mechanical behavior of cardiovascular tissues, including their
response to mechanical stimuli.

The contents of this chapter are based on N.J.B. Driessen, C.V.C. Bouten and F.P.T.
Baaijens (2005), A structural constitutive model for collagenous cardiovascular tissues
incorporating the angular fiber distribution, Journal of biomechanical engineering;
127: pp 494-503.
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6.1 Introduction

Reliable constitutive models of cardiovascular tissues are desired to gain further in-
sight into the effects of mechanical factors on the pathophysiology of diseases like
atheroscleroses, aortic valve calcification and formation of aneurysms. Models that
include microstructural features of tissues provide valuable information about the
required functionality of tissue-engineered constructs by comparing the mechanical
behavior of the engineered construct and the native tissue. Furthermore, the evolu-
tion of the mechanical properties of the tissue-engineered construct can be monitored
during culturing in a bioreactor. These models describe the local stress and strain
state within the tissue to which the cells are exposed, giving the opportunity to sys-
tematically investigate the interrelation between mechanical conditioning and tissue
remodeling. Finally, constitutive models can be beneficial for efficient design of tissue
scaffolds with appropriate mechanical properties.

The mechanical behavior of cardiovascular tissues is nonlinear and anisotropic
due to the presence of oriented collagen fibers. In addition, these tissues are gen-
erally subjected to biaxial loading conditions. These aspects have to be considered
when modeling the mechanical behavior of cardiovascular tissues. In many stud-
ies, phenomenological strain-energy functions are used to model the mechanics of
load-bearing tissues (see Silver et al. (1989); Humphrey (1999a, 2002); Holzapfel
et al. (2000) for a review). These include the application of exponential (Fung et al.,
1979; Chuong and Fung, 1983), polynomial (Vaishnav et al., 1973) and logarith-
mic (Takamizawa and Hayashi, 1987) strain-energy functions. However, these mod-
els do not explicitly account for the fiber distribution, while the material constants
do not have a direct physical meaning and relatively many parameters are required
to obtain an accurate fit. Other studies attempt to describe the mechanical behavior
of cardiovascular tissues by incorporating a limited number of fiber directions into
their model. In this way, Holzapfel et al. (2000) and Zulliger et al. (2004) present
constitutive frameworks for arterial wall mechanics. Christie and Medland (1982), Li
et al. (2001), Luo et al. (2003) and de Hart et al. (1998, 2003) employ this strategy
to model the anisotropic behavior of heart valves. Humphrey (1999b), Boerboom
et al. (2003) and Driessen et al. (2003a, 2004, 2005a) use a limited number of fiber
directions to study collagen remodeling in cardiovascular and other soft tissues. How-
ever, measurements demonstrate that multiple fiber directions are present in cardio-
vascular tissues (Finlay et al., 1995; Holzapfel et al., 2002; Sacks et al., 1998). In
addition, Billiar and Sacks (2000a,b) demonstrate that incorporating the angular dis-
tribution of fibers is essential to explain the complex mechanical behavior of aortic
valves. They present a constitutive model based on work by Lanir (1979, 1983) that
accounts for the angular distribution of fibers. In this way they are able to simu-
late the measured biaxial stress-strain relationships of aortic valves. These models
are also used to describe the mechanical behavior of pericardium (Zioupos and Bar-
benel, 1994a,b; Sacks, 2003). Humphrey and Yin (1987) employ a similar structural
approach to describe the biaxial properties of visceral pleura and myocardium. How-
ever, in these studies, the models are usually applied to study only homogeneous de-
formations of planar tissues. Other approaches make use of a fiber orientation tensor
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to describe the fiber architecture, but these formulations are restricted to ellipsoidal
distributions (Barocas and Tranquillo, 1997a; Driessen et al., 2003b).

In this study, a structural constitutive law is presented that incorporates the angu-
lar distribution of collagen fibers present in cardiovascular tissues. The theory extends
the model of Holzapfel et al. (2000) with a fiber volume fraction (van Oijen, 2003) to
describe the relative amount of fibers present in each direction. The results of Holz-
apfel et al. (2000, 2002) and Billiar and Sacks (2000a,b) are used as input for the
model and the theory is subsequently applied to study the mechanical behavior of the
arterial wall and the closed aortic valve.

6.2 Materials and methods

6.2.1 Constitutive law

The arterial wall and aortic valve are modeled as incompressible fiber reinforced ma-
terials. A constitutive model for these transversely isotropic materials is described
by Holzapfel et al. (2000). The Cauchy stress (σ) for an incompressible material is
written as:

σ = −pI + τ (6.1)

where p is the hydrostatic pressure, I the unity tensor and τ the extra stress resulting
from deformations. The collagen fibers are modeled as a one-dimensional material,
exerting only stresses in the fiber direction (�ef ). The extra stress is written as:

τ = τ̂ (B) + ψf (λ2
f )�ef�ef (6.2)

with τ̂ the isotropic matrix stress, ψf the fiber stress and λf the fiber stretch. The
left Cauchy-Green deformation tensor (B) is calculated from B = F · F T , with F
the deformation gradient tensor. The isotropic matrix is assumed to represent the
contribution of all matrix components (e.g., elastin, cells and proteoglycans), except
the collagen fibers, and is modeled as a Neo-Hookean material with a shear modulus
G:

τ̂ = G(B − I) (6.3)

Assuming that the matrix and the fibers undergo the same (i.e., affine) deformation,
the fiber direction in the deformed configuration (�ef ) is determined from the fiber
direction in the undeformed configuration (�ef0):

λf�ef = F · �ef0 (6.4)

The fiber stretch is calculated from:

λf =‖ F · �ef0 ‖=
√
�ef0 · C · �ef0 (6.5)

with C = F T · F the right Cauchy-Green deformation tensor.
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The constitutive equation (Eq. (6.2)) does not provide a parameter to describe the
amount of fibers present in the material. Such a quantity (e.g., a fiber volume frac-
tion) is desirable when modeling the fiber distributions that are present in biological
tissues and it can be used to incorporate structural information into the constitutive
law. The fiber volume fraction (φf ), defined as the ratio of the volume occupied by
the fibers and the total volume of the material, is introduced by van Oijen (2003) and
Eq. (6.2) is extended to:

τ = τ̂ + φf (ψf − �ef · τ̂ · �ef )�ef�ef (6.6)

This equation is basically obtained by applying the rule of mixtures, stating that
the matrix and fiber constituent contribute to the total material behavior in the same
proportion as their relative amounts (i.e., volume fractions). From Eq. (6.6) it can be
seen that this rule of mixtures is applied to the extra stress (τ ) in the direction of the
fiber (�ef ). In other words, in the direction of the fiber, the fiber stress (ψf ) and matrix
stress (τ̂ ) contribute to the extra stress with fractions φf and (1-φf ), respectively:

�ef · τ · �ef =
�ef · (τ̂ + φf (ψf − �ef · τ̂ · �ef )�ef�ef ) · �ef =
�ef · τ̂ · �ef + φf (ψf − �ef · τ̂ · �ef ) =
(1 − φf )�ef · τ̂ · �ef + φfψf

(6.7)

On the other hand, it is assumed that the presence of fibers does not affect the
transversal properties of the tissue, as the fibers are modeled as a one-dimensional
material (van Oijen, 2003). That is, the extra stress in any direction �a perpendicular
to �ef is defined by the matrix stress:

�a · τ · �a =
�a · (τ̂ + φf (ψf − �ef · τ̂ · �ef )�ef�ef ) · �a =
�a · τ̂ · �a

(6.8)

Equation (6.6) can be extended to account for multiple fiber directions (N) by as-
suming that there is no interaction between the fiber layers:

τ = τ̂ +
N∑

i=1

φ i
f (ψ i

f − �e i
f · τ̂ · �e i

f )�e i
f �e

i
f (6.9)

Note that Eq. (6.9) provides the opportunity to incorporate experimentally measured
fiber distributions by relating these distributions to an appropriate set of parameters
φf and �ef0 . In addition, the mechanical behavior of the collagen fibers (ψf (λ2

f )) has
to be specified in order to complete the constitutive framework. It is known that the
collagen fibers are undulated and wavy in their unloaded configuration. When the ap-
plied load increases there is a gradual straightening (recruitment) of collagen fibers,
which explains their characteristic nonlinear stress-stretch relationship. These phe-
nomena are modeled by Lanir (1979, 1983), Zioupos and Barbenel (1994b), Sacks
(2003), Hurschler et al. (2003) and Zulliger et al. (2004). However, according to
Holzapfel et al. (2000) and Billiar and Sacks (2000b), we use an effective stress-
stretch relation to describe the behavior of the fibers and assume that the fibers are
unable to withstand compressive forces (i.e., ψf = 0 when λf < 1).



A structural constitutive model for collagenous cardiovascular tissues 87

6.2.2 Balance equations

Neglecting body forces and inertia, the balance equations for conservation of momen-
tum and mass for an incompressible solid read:

�∇ · σ = �0 (6.10)

J − 1 = 0 (6.11)

where J = det(F ) represents the volume change between the undeformed, stress-free
configuration and the deformed configuration.

Arterial wall

To describe the kinematics and to solve the balance equations for an artery sub-
jected to combined bending, inflation and extension, we use the procedure described
by Holzapfel et al. (2000). The geometry of the undeformed stress-free reference
configuration (Fig. 6.1) is, in cylindrical coordinates (R, Θ, Z), defined by:

Ri ≤ R ≤ Ro, 0 ≤ Θ ≤ (2π − α), 0 ≤ Z ≤ L (6.12)

with Ri and Ro the inner and outer radius, α the opening angle and L the length of
the tube. In terms of cylindrical coordinates (r, θ, z), the geometry of the deformed
configuration is subsequently described by:

ri ≤ r ≤ ro, 0 ≤ θ ≤ 2π, 0 ≤ z ≤ l (6.13)

with ri the inner radius, ro the outer radius and l the length of the deformed tube.
Using the assumption of incompressibility, the cylindrical coordinates (r, θ, z) can be
written as (Holzapfel et al., 2000):

r =

√
(2π − α)

2π
L

l
(R2 −R2

i ) + r2i , θ =
2π

(2π − α)
Θ, z =

l

L
Z (6.14)

Then it is convenient to define the (principal) stretch ratios in the radial (λr), circum-
ferential (λθ) and axial direction (λz):

λr =
∂r

∂R
=

(2π − α)
2π

RL

rl
, λθ =

2π
(2π − α)

r

R
, λz =

l

L
(6.15)

Note that λrλθλz = 1, consistent with the incompressibility condition (Eq. (6.11)).
Integrating the radial component of the equation for conservation of momentum
(Eq. (6.10)), using the boundary conditions σrr(r = ro) = 0 and σrr(r = ri) = −pi,
yields:

pi =
∫ ro

ri

(σθθ − σrr)
dr
r

=
∫ ro

ri

(τθθ − τrr)
dr
r

(6.16)

with pi the internal lumen pressure. Then, assuming α and λz are given, the defor-
mation resulting from bending, inflation and extension of the tube can be determined
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by solving Eq. (6.16). Furthermore, the axial force Fz required to maintain the axial
stretch during inflation is given by:

Fz =
∫ ro

ri

σzz2πrdr − πr2i pi (6.17)

Figure 6.1: Stress-free reference configuration of the arterial wall. Indicated are the
opening angle (α), the inner (Ri) and outer radius (Ro), and the thick-
ness of the medial (hM) and adventitial layer (hA).

Aortic valve

To solve the balance equations for the aortic valve, which is loaded with a transvalvu-
lar diastolic pressure, a finite element (FE) formulation is derived (Bathe, 1996). The
weak form of the balance equations is obtained using a weighted residual formula-
tion, followed by partial integration. An updated Lagrange formulation is employed
and a full Newton-Raphson iteration process is used to find approximate solutions of
the nonlinear balance equations. After linearization, the (Bubnov) Galerkin method
is chosen for spatial discretization of the weighting functions and the error in the dis-
placement and pressure field. A mixed formulation is used to account for incompress-
ibility of the material. To fulfill the Babuska-Brezzi condition, the interpolation func-
tions for the displacement unknowns are chosen one order higher than those of the
pressure unknowns. In this study, the displacements are interpolated with quadratic
functions and consequently a linear interpolation is used for the pressure unknowns.
A Taylor-Hood element with continuous pressure interpolation is chosen and the com-
putational framework is implemented in the software package SEPRAN (Segal, 1984).
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For details on the linearization of the structural constitutive equations and the deriva-
tion of the discrete set of linearized equations, the reader is referred to van Oijen
(2003), van de Vosse et al. (2003) and de Hart (2002).

6.2.3 Geometry and boundary conditions

Arterial wall

The arterial wall is modeled as a two-layer thick-walled cylinder (Fig. 6.1), consist-
ing of the media (M) and adventitia (A). The geometrical parameters and boundary
conditions used in this study are taken from Holzapfel et al. (2000), based on experi-
mental data from a rabbit carotid artery (Fung et al., 1979; Chuong and Fung, 1983).
The inner radius in the undeformed configuration (Ri) is 0.71 mm and the thickness
of the media (hM) and adventitia (hA) are 0.26 mm and 0.13 mm, respectively. An
axial pre-stretch (λz) of 1.7 is used, whereas the opening angle (α) is set to 0o. The
artery is subsequently inflated with a maximum internal pressure (pi) of 21.33 kPa.

Aortic valve

In this study a stented valve geometry is used and only the closed configuration of
the valve is considered. The finite element mesh of the leaflets (Fig. 6.2) is obtained
from de Hart (2002) and because of symmetry only 1/6 of the valve is used in the fi-
nite element computations. This part of the leaflet is discretized using 224 hexahedral
elements. The configuration shown in Fig. 6.2 is assumed to be the initial, stress-free
state of the valve. The radius of the leaflet (R) is set to 12 mm and based on measure-
ments obtained from the belly region of the valve (Billiar and Sacks, 2000a) a thick-
ness (h) of 0.46 mm is used. Although Luo et al. (2003) demonstrated the importance
and significance of variations in the leaflet’s thickness, we adopt a uniform thickness.
At the symmetry edge, nodal displacements in the normal direction are suppressed
(Fig. 6.3). With respect to the fixed edge, nodal displacements are suppressed only
at the bottom curve so that rotations are allowed on this boundary (Li et al., 2001;
Luo et al., 2003). At the free edge, a contact surface is defined (y = tan(30o)x) to
model contact between the leaflets (i.e., coaptation) using the Lagrange multiplier
method (Bathe, 1996). To model the diastolic pressure difference over the valve, a
uniform pressure p of 12 kPa is applied to the aortic side of the leaflets.

6.2.4 Modeling the fiber architecture

In order to model the experimentally measured fiber distributions, we have to con-
struct a set of fiber directions (�ef0) and fiber contents (φf ). For that purpose, the fiber
directions are defined with respect to a local coordinate system spanned by the vec-
tors �v1, �v2 and �v3. The fiber direction in the undeformed configuration is subsequently
written as:

�ef0 = sin (β) cos (γ)�v1 + sin (β) sin (γ)�v2 + cos (β)�v3 (6.18)
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Figure 6.2: Finite element mesh of the stented valve geometry. Because of symmetry
only one half of a leaflet is used in the FE computations. This part of the
geometry is subdivided into 224 hexahedral elements with 2847 nodes.
The stent, a frame on which the valve is mounted to provide support for
the leaflets, is assumed to be rigid.

where β is defined with respect to �v3 and γ with respect to �v1 in the plane spanned by
�v1 and �v2 (Fig. 6.4). In this way it is possible to model three-dimensional fiber distri-
butions by specifying appropriate values for the fiber contents (φf (β, γ)). However,
we limit our model to planar fiber distributions by setting β = 90o. Based on mea-
surements by Holzapfel et al. (2002) and Sacks et al. (1998), we use a (discretized)
normal probability distribution function for the fiber contents:

φ i
f (γi) = A exp

[−(γi − µ)2

2σ2

]
(6.19)

with µ and σ the mean value and standard deviation of the fiber distribution, re-
spectively. The scaling factor A is defined such that the total amount of fibers equals
φtot:

A =
φtot

N∑
i=1

exp
[−(γi − µ)2

2σ2

] (6.20)

In this study, an angular resolution of 3o is used and φtot is set to 0.5 (Li et al., 2001).
Note that only the parameters �v1, �v2, φtot, µ and σ are needed to construct the entire
fiber distribution for each point in 3D-space. It is emphasized that the theory is not
limited to normal probability distributions and that more general (periodic) functions
can be used to model the fiber distribution (Zioupos and Barbenel, 1994a).
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Figure 6.3: Sketch of the aortic valve showing the loading and boundary conditions.
The gray area represents the aortic side of the leaflet to which the dias-
tolic pressure is applied. A contact surface is defined to model coaptation
of adjacent leaflets.

Arterial wall

For the fiber distribution in the arterial wall, we assume that the local directions �v1, �v2
and �v3 coincide with the circumferential, axial and radial direction, respectively. This
implies that the fibers are distributed in the (θ, z)-plane, whereas γ denotes the angle
with the circumferential direction. Based on the studies of Holzapfel et al. (2000,
2002), we use two fiber distributions for each location in the arterial wall. For the
media, we assume µ1M

= −µ2M
= 30o and σ1M

= σ2M
= 10o. For the adventitia, on

the other hand, µ1A
= −µ2A

= 60o and σ1A
= σ2A

= 10o is used. The construction of
the fiber distributions is schematically shown in Fig. 6.5. Note that the fibers represent
symmetrically arranged helices and as a result material symmetry is preserved.

Aortic valve

Boerboom et al. (2003) and Driessen et al. (2003a) noted that the main fiber direc-
tions in the aortic valve, as measured by Sacks et al. (1997b) with SALS, coincide
with the principal stretch directions in an isotropic leaflet. Therefore, we choose �v1
to coincide with these principal stretch directions. In addition, we assume that the
fiber directions do not have a component in the normal direction of the leaflet (i.e.,
�v3 = �n). In other words, the fibers are distributed in the plane of the leaflet. The sec-
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Figure 6.4: Schematic representation of the fiber direction (�ef0) in a local coordinate
system, spanned by the vectors �v1, �v2 and �v3. β denotes the angle be-
tween �ef0 and �v3, whereas the angle between �ef0 and �v1 in the plane
spanned by �v1 and �v2 is given by γ.

ond local direction (�v2) is subsequently constructed perpendicular to �v1 and �v3 (i.e.,
�v2 = �v3 × �v1). Based on measurements and analyses of Billiar and Sacks (2000a,b),
we use one single fiber distribution with µ = 0o and σ = 16.1o (see ’mean 0 mmHg
fixed’ from Table 1 in the study of Billiar and Sacks (2000b)). These fiber distribu-
tions are schematically represented in Fig. 6.6. Note that the main fiber directions
are also consistent with observations by Sauren (1981) and with the modeled fiber
orientations in the study of Luo et al. (2003). As appropriate experimental data about
the local fiber distributions is currently not available, we use a homogeneous value
for σ for the entire leaflet.

6.2.5 Material parameters

Arterial wall

To specify the material parameters for the arterial wall, we use the results from the
study of Holzapfel et al. (2000), who fitted their model parameters to experimen-
tal data from Fung et al. (1979). Based on their model, the following constitutive
equation is used for the fibers in the media and adventitia:

ψf = 2k1j
λ2

f (λ2
f − 1)ek2j

(λ2
f−1)2 , j = M,A (6.21)
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Figure 6.5: Schematic representation of the modeled fiber architecture in the arterial
wall. Two normal probability distributions are used for both the media
(top) and the adventitia (bottom). The fibers represent symmetrically
arranged helices. φf is the fiber content and γ denotes the angle with the
first local direction �v1, which coincides with the circumferential direction.

Figure 6.6: Schematic representation of the modeled fiber architecture in the aortic
valve. The first and second local directions are indicated in the figure (�v1
(right) and �v2 (left), respectively). The first local direction is calculated
from the principal stretch directions in an isotropic leaflet. The third lo-
cal direction (�v3) is assumed to coincide with the normal direction of
the leaflet. The second local direction (�v2) is subsequently constructed
perpendicular to �v1 and �v3. γ denotes the angle with �v1 and one sin-
gle probability distribution is defined for the fiber content (φf ) at each
location of the leaflet.
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with k1j
and k2j

material parameters for the media (j = M) and adventitia (j = A).
As noted before, descriptions of the waviness and crimp distributions of the collagen
fibers are avoided in this study. Assuming that the matrix properties are unaffected by
the modeled fiber architecture, the values of the shear moduli of the media (GM) and
adventitia (GA) are chosen equal to the moduli estimated by Holzapfel et al. (2000):
GM = 3.0 kPa and GA = 0.3 kPa. The fiber parameters for the media and adventitia
are subsequently estimated by fitting our model results to the pressure-radius (pi,ri)
and pressure-axial force (pi,Fz) curves obtained from Holzapfel et al. (2000). The
model fits these data quite well (R2 ≥ 0.99) and the fiber parameters obtained are:
k1M

= 9.47 kPa, k2M
= 0.814 [-], k1A

= 4.01 kPa and k2A
= 0.178 [-]. The parameter

values for the arterial wall are summarized in Table 6.1.

Parameter Description Value
Ri inner radius 0.71 mm
hM thickness media 0.26 mm
hA thickness adventitia 0.13 mm
λz axial pre-stretch 1.7
α opening angle 0o

pi internal pressure 21.33 kPa
µM mean value fiber distribution media ±30o

σM standard deviation fiber distribution media 10o

µA mean value fiber distribution adventitia ±60o

σA standard deviation fiber distribution adventitia 10o

GM shear modulus media 3.0 kPa
GA shear modulus adventitia 0.3 kPa
k1M

fiber parameter media 9.47 kPa
k2M

fiber parameter media 0.814
k1A

fiber parameter adventitia 4.01 kPa
k2A

fiber parameter adventitia 0.178

Table 6.1: Overview of the standard values of the parameters used in the model of the
arterial wall. These values are obtained directly or estimated from Holz-
apfel et al. (2000, 2002).

Aortic valve

The biaxial experimental results and model studies of Billiar and Sacks (2000a,b)
provide excellent data to determine the material parameters of our model. However,
their model does not account for a hydrostatic pressure or matrix stress because these
are assumed to be negligible when compared to the fiber stresses. In our model, on
the other hand, the contribution of the matrix material is necessary to prevent the
presence of zero-energy modes (i.e., modes of deformation which have zero strain
energy), which are obviously unstable. In other words, a matrix material is required
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to enable to aortic valve to bear the transvalvular pressure difference. Therefore we
use a small value for the shear modulus (Gleaflet = 10 kPa) which only slightly affects
the mechanical behavior of the valve leaflets (see Discussion). Based on the effective
stress-strain curve of Billiar and Sacks (2000b), we use the following expression for
the fiber stress:

ψf = k1λ
2
f

[
ek2(λ

2
f−1) − 1

]
(6.22)

A direct comparison of their model with our constitutive equation, neglecting matrix
stresses and hydrostatic pressures, gives the opportunity to calculate k1 and k2 from
their fiber parameters A∗ and B: k1 = A∗/(hφtot) and k2 = B/2. Using the mean
results for the 0 mmHg fixed leaflets (A∗ = 1.23 N/m and B = 11.7 [-], see ’mean
0 mmHg fixed’ from Table 1 in the study of Billiar and Sacks (2000b)), we find k1 =
5.35 kPa and k2 = 5.85 [-]. The parameter values for the aortic valve are summarized
in Table 6.2.

Parameter Description Value
R radius of leaflet 12 mm
h thickness of leaflet 0.46 mm
p diastolic pressure 12 kPa
µ mean value fiber distribution 0o

σ standard deviation fiber distribution 16.1o

G shear modulus leaflet 10 kPa
k1 fiber parameter 5.35 kPa
k2 fiber parameter 5.85

Table 6.2: Overview of the standard values of the parameters used in the model of the
aortic valve. These values are obtained directly or estimated from Billiar
and Sacks (2000a,b), de Hart (2002) and de Hart et al. (2003).

6.2.6 Analyses and parameter variations

Arterial wall

During inflation of the artery, the inner radius (ri) and the axial force (Fz) are calcu-
lated. In addition, the principal Cauchy stresses (σrr, σθθ and σzz) are displayed as a
function of the deformed radius (r). To investigate the effects of a more uniform fiber
distribution, the standard deviation σ is increased from 10o to 40o (for both the media
and adventitia). Moreover, to study the effects of a more circumferential orientation
of the fibers, the mean values of the probability distributions are divided by a factor
two (i.e., µ1M

= −µ2M
= 15o and µ1A

= −µ2A
= 30o). To analyze the influence of

residual stresses on the mechanical response of the arterial wall, the opening angle
α is set to 160o (Table 6.3). In this case, Ri = 1.43 mm is used to achieve that the
unloaded configurations for the situations with and without residual stresses are the
same (Holzapfel et al., 2000).
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µM σM µA σA α
standard values ±30o 10o ±60o 10o 0o

increased standard deviation - 40o - 40o -
decreased mean value ±15o - ±30o - -
residually stressed - - - - 160o

Table 6.3: Overview of the performed analyses for the arterial wall. A - indicates that
the parameter values are equal to their standard values.

Aortic valve

During pressure application the evolution of the leaflet’s symmetry line (x = 0 cm in
Fig. 6.2) is monitored. In addition, the radial and circumferential stresses (σr and
σc) as well as the radial and circumferential stretches (λr and λc) are recorded for a
node in the belly region. Finally, the maximum principal stretches and stresses on the
aortic side of the leaflet are shown at p = 12 kPa. To investigate the effect of different
fiber parameters (Table 6.4), we also perform simulations with 1) k1 = 55.3 kPa, k2

= 5.75 [-] and σ = 14.9o and 2) k1 = 0.7 kPa, k2 = 9.90 [-] and σ = 10.7o, (see
’mean 4 mmHg fixed’ and ’native 11’ from Table 1 in the study of Billiar and Sacks
(2000b)).

k1 k2 σ
0 mmHg fixed leaflet (standard values) 5.35 kPa 5.85 16.1o

4 mmHg fixed leaflet 55.3 kPa 5.75 14.9o

native leaflet 0.7 kPa 9.90 10.7o

Table 6.4: Overview of the performed analyses for the aortic valve.

6.3 Results

Arterial wall

The pressure-radius curves in Fig. 6.7(a) show the typical sigma-shaped form ob-
served in experimental studies; especially in the high pressure domain, the compli-
ance of the arterial wall decreases rapidly because the mechanical response at higher
loads is mainly dominated by the (nonlinear) collagen fibers. The presence of resid-
ual stresses has a clear effect on the simulated response by decreasing the compliance
of the arterial wall. Remarkably, the pressure-radius curves obtained with the differ-
ent parameters for the fiber architecture are quite similar. Because of an increased
alignment of the fibers with the circumferential direction, the artery with the reduced
values for µ is slightly stiffer than the standard case at relatively high pressures. The
artery with an increased value for the standard deviation σ, on the other hand, is
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slightly more compliant than the standard case at higher pressures. The magnitudes
of the axial force for the residually stressed wall are comparable to those obtained in
the situation without the residual stresses (Fig. 6.7(b)). Decreasing the mean values
of the fiber distributions (µ) results in axial forces smaller than those obtained with
the standard values of µ. This is caused by the fact that in case of the reduced value
for µ, less fibers are oriented in the axial direction. For the increased value of the
standard deviation σ, on the other hand, increased axial forces are recorded because
more fibers are oriented axially. Apparently the axial forces are more sensitive to
changes in the fiber distribution (i.e., µ and σ) than the pressure-radius relationships
are. Therefore, measuring and incorporating the axial forces in the fitting process
appears to be essential in order to obtain a reliable set of model parameters. Note
that from these curves a pronounced coupling between the axial and circumferential
direction is evident; e.g., the forces required to maintain the axial pre-stretch de-
pend strongly on the loading condition in the circumferential direction. On the other
hand, the artery’s compliance at relatively low pressures depends on the fiber strains
resulting from the axial pre-stretch.
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Figure 6.7: Internal pressure pi (a) and axial force Fz (b) as a function of the inner
radius ri during inflation of the artery. The axial force is calculated using
Eq. (6.17).

The principal Cauchy stresses as a function of the deformed radius are shown in
Fig. 6.8. Note that the circumferential and axial stresses are discontinuous at the
media-adventitia interface as a result of a discontinuity in the material parameters.
The main difference with the curves obtained by Holzapfel et al. (2000) is the fact
that our curves exhibit a drop in the axial stresses at the media-adventitia interface,
whereas they predict an increase. As is the case for the axial forces, the axial Cauchy
stresses are sensitive to changes in the fiber distribution. The presence of residual
stresses decreases both the maximum values and the gradients of the circumferential
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and axial stresses.
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Figure 6.8: Principal Cauchy stresses σrr, σθθ and σzz as a function of the deformed
radius r at pi = 13.33 kPa. (a) is obtained with the standard values of
the parameters (µ1M

= −µ2M
= 30o, µ1A

= −µ2A
= 60o, σ1M

= σ2M
=

σ1A
= σ2A

= 10o and α = 0o), (b) with increased standard deviations
of the fiber distributions (σ1M

= σ2M
= σ1A

= σ2A
= 40o), (c) with

decreased mean values (µ1M
= −µ2M

= 15o and µ1A
= −µ2A

= 30o)
and (d) with the presence of residual stresses (α = 160o).

Aortic valve

The evolution of the leaflet’s symmetry line during pressure application is shown in
Fig. 6.9 . Due to higher fiber stiffnesses, the deformations of the 4 mmHg fixed valve
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(Fig. 6.9(b)) are obviously smaller than those of the 0 mmHg fixed (Fig. 6.9(a)) and
native valve (Fig. 6.9(c)). The deformed configurations of the 0 mmHg fixed valve
and the native valve are quite similar at a pressure of p = 12 kPa. However, the
evolution of their symmetry lines is different, especially at relatively low pressures.
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Figure 6.9: Evolution of the leaflet’s symmetry line (x = 0 cm in Fig. 6.2) in the
(y,z)-plane during pressure application. The maximum and minimum
value of y correspond to the fixed edge and free edge (nodulus of Aran-
tius), respectively. (a) is obtained with the parameters for the 0 mmHg
fixed leaflet (k1 = 5.35 kPa, k2 = 5.85 [-] and σ = 16.1o), (b) with the
parameters for the 4 mmHg fixed leaflet (k1 = 55.3 kPa, k2 = 5.75 [-]
and σ = 14.9o) and (c) with the parameters for the fresh native leaflet
(k1 = 0.7 kPa, k2 = 9.9 [-] and σ = 10.7o).
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The circumferential and radial stress-stretch curves in Fig. 6.10 demonstrate the
complex in-plane biaxial mechanical behavior of the leaflets, as reported and dis-
cussed by Billiar and Sacks (2000a,b). In this figure, the evolution of σj and λj

(j = r, c) during pressure application is shown for a node in the leaflet’s belly re-
gion. Note that the ratio of the circumferential and radial stresses (σc and σr) is
approximately 4, implying a non-equibiaxial loading condition. The curves clearly
demonstrate the anisotropic mechanical behavior of the leaflets: the leaflet is less
compliant in the circumferential direction (i.e., along the fiber direction) than in the
radial direction (i.e., perpendicular to the fiber direction), especially at higher loads.
In addition, the mechanical behavior of the leaflets is nonlinear as a result of the expo-
nential constitutive law for the collagen fibers to model uncrimping and recruitment
of collagen fibers with increasing loads. For the native leaflet (Fig. 6.10(c)) there is a
clear transition between the low and high modulus region caused by a relatively low
value for k1 and a high value for k2. The transition region is less clear for the fixed
leaflets (Figs. 6.10(a) and 6.10(b)). Moreover, the mechanical coupling between the
loading directions can be seen. ’Locking’ of the collagen fibers in the circumferen-
tial direction (i.e., a rapid increase in stiffness) occurs whereas the radial stretches
increase rapidly. According to Billiar and Sacks (2000a), these large radial deforma-
tions are ultimately limited by rotation of the predominantly circumferential-oriented
fibers (i.e., there is realignment of fibers towards the direction of stretch).

The maximum principal stretches (left) and Cauchy stresses (right) on the aortic
side of the leaflet at p = 12 kPa are shown in Fig. 6.11. The largest principal stretches
are found in the native leaflet (Fig. 6.11(c)), whereas the smallest principal stretches
are present in the 4 mmHg fixed leaflet (Fig. 6.11(b)). The maximum principal
Cauchy stresses in the 0 mmHg fixed (Fig. 6.11(a)) and native leaflet (Fig. 6.11(c))
are similar. The principal stresses in the 4 mmHg fixed leaflet (Fig. 6.11(b)), on the
other hand, are smaller. Note that the patterns of the principal stretch as well as
the principal stress are similar for the three cases considered. This is thought to be
caused by the fact that the main fiber directions (i.e., �v1 in Fig. 6.6) are identical for
the three situations. However, due to different fiber parameters, the magnitudes of
the stretches and stresses differ. Note that the presented principal stresses differ from
those calculated by Li et al. (2001) and Luo et al. (2003). This is probably caused
by the fact that in their models the elastic moduli are estimated from uniaxial exper-
iments and coupling between the radial and circumferential direction is absent. In
addition, a different valve geometry is used in our study.

6.4 Discussion

In this study, a constitutive model for the mechanical behavior of collagenous cardio-
vascular tissues is presented. Contrary to previous models the current model is struc-
turally based and incorporates the angular distribution of fibers present is the tissues.
In addition, the model is suitable for finite element implementation to solve complex
three-dimensional boundary value problems. The model is extended from a recently
published constitutive framework for arterial wall mechanics (Holzapfel et al., 2000).
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Figure 6.10: Evolution of the stretches and stresses in the circumferential and radial
directions for a node in the belly region of the valve leaflet. (a) is ob-
tained with the parameters for the 0 mmHg fixed leaflet, (b) with the
parameters for the 4 mmHg fixed leaflet and (c) with the parameters
for the fresh native leaflet.

The angular fiber distribution is modeled with a normal probability function and a
fiber volume fraction is used the describe the relative amount of fibers present in
each direction (van Oijen, 2003). The theory is applied to study the mechanical
behavior of the arterial wall and aortic valve. The simulated pressure-radius relation-
ships show the experimentally observed sigma-shaped form (Fig. 6.7(a)). The axial
forces, which are required to maintain the axial pre-stretch, are sensitive to changes
in the fiber distribution (Fig. 6.7(b)). The radial and circumferential stress-stretch
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(a)

(b)

(c)
Figure 6.11: Distributions of the maximum principal stretch [-] (left) and Cauchy

stress [kPa] (right) at the aortic side of the leaflet for p = 12 kPa. (a) is
obtained with the parameters for the 0 mmHg fixed leaflet, (b) with the
parameters for the 4 mmHg fixed leaflet and (c) with the parameters
for the fresh native leaflet.
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curves show that the complex biaxial behavior of the aortic valve can be simulated
with the proposed model (Fig. 6.10). These simulated curves, obtained during pres-
sure application to the aortic valve, clearly demonstrate the nonlinear and anisotropic
mechanical behavior of the leaflets.

The general response of these cardiovascular tissues can probably also be (partly)
predicted with simpler phenomenological models (Fung et al., 1979; Chuong and
Fung, 1983; Vaishnav et al., 1973; Takamizawa and Hayashi, 1987). However, with
the presented model ambiguities in material characterization can be avoided be-
cause structural information is directly incorporated into the model (Billiar and Sacks,
2000b; Sacks, 2003). In addition, structural models give insight into the underlying
mechanisms of the tissue’s biaxial behavior. Compared to models that use a limited
number of fiber directions (Holzapfel et al., 2000; Zulliger et al., 2004; Christie and
Medland, 1982; Li et al., 2001; Luo et al., 2003; de Hart et al., 1998, 2003; Humphrey,
1999b; Boerboom et al., 2003; Driessen et al., 2003a, 2004, 2005a), considering the
angular (e.g., Gaussian) distribution of fibers is more morphologically/histologically
realistic. Finally, it turns out that incorporating the fiber distribution is required for a
complete and accurate description of the measured biaxial response of the tissues (Bil-
liar and Sacks, 2000b; Sacks, 2003, 2004).

The fiber parameters in the constitutive law for the arterial wall were determined
by fitting the pressure-radius curves and axial forces to the results of Holzapfel et al.
(2000). To further validate the model, it obviously has to be tested against additional
(experimental) data, preferably obtained using different multi-axial loading protocols
(e.g., by measuring the mechanical response at various axial pre-stretches (Zulliger
et al., 2004)) to cover a wide range of deformations. Based on the assumption that
the mechanical contribution of the hydrostatic pressure and the matrix is negligi-
ble, Billiar and Sacks (2000b) model the contribution of only the fibers to the leaflet’s
mechanical response. In our model, however, the hydrostatic pressure is present be-
cause of the assumption of incompressibility. In addition, matrix properties have to
be introduced in order to be able to apply the diastolic pressure in the finite element
simulations of the aortic valve. The presence of the hydrostatic pressure and matrix
properties influences the (relative) contribution of the fibers to the total mechanical
behavior of the aortic valve. To quantify these contributions to the total Cauchy stress,
an equibiaxial test (σc = σr = 400 kPa) is simulated using the parameters for the 0
mmHg fixed leaflet (Table 6.2). From these curves (Fig. 6.12), it can be seen that the
addition of the hydrostatic pressure and matrix stress only slightly affects the tissue’s
response. In the circumferential direction, the fibers account for 91% and 97% of the
total stress at σ = 100 kPa and σ = 400 kPa, respectively, whereas this is 77% and
92% in the radial direction.

For the mechanical behavior of the isotropic matrix, we adopt a linear elastic (i.e.,
Neo-Hookean) model. However, Zulliger et al. (2004) argue that a nonlinear model
for the (elastin) matrix is more appropriate. Although Vesely (1998) demonstrates
the importance of elastin in the mechanical behavior of the aortic valve, our model
did not explicitly account for the presence of elastin fibers. Therefore, incorporating
the mechanical behavior of elastin fibers probably improves the model. Finally, by
using an elastic constitutive law the viscous properties of the arterial wall (Holzapfel
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Figure 6.12: Contribution of the hydrostatic pressure (p), matrix (τm) and fibers
(τ f ) to the total Cauchy stress (σ) in the circumferential (a) and radial
(b) direction. These curves are obtained by simulating an equibiaxial
test (σc = σr = 400 kPa) using the model parameters for the 0 mmHg
fixed leaflet (Table 6.2). The matrix and fiber contribution are here de-
fined as τm = τ̂ −∑N

i=1 φ
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From these curves, it can be seen that the presence of the hydrostatic
pressure and matrix material only slightly affects the mechanical re-
sponse. Note that in the model of Billiar and Sacks (2000b), from which
our parameters are obtained, only the fiber contribution is present.

et al., 2002) and the aortic valve (Sauren et al., 1983) are omitted.
In our model, descriptions of collagen uncrimping and fiber recruitment with in-

creasing loads (Lanir, 1979, 1983) are avoided. Instead, an effective stress-strain
relationship for the mechanical behavior of the fibers is used. Other expression for
the constitutive law of the fibers may be necessary, e.g., to model the behavior of
the native leaflets more accurately (Billiar and Sacks, 2000b). Fiber recruitment can
be incorporated into the model by introducing a distribution function for the engage-
ment strain of the collagen fibers. Moreover, we assume that the fibers and the matrix
undergo the same deformation, whereas fiber kinematics in planar tissues are to some
extent non-affine (Billiar and Sacks, 1997).

Although Billiar and Sacks (2000a) point out regional variations in the mechanical
response of the leaflets, we use homogeneous fiber properties (e.g., stiffness, content
and distribution function). Additional experimental data are required to reveal the
local properties of the leaflets. The feasibility of measuring the local mechanical prop-
erties with a compression device (Peeters et al., 2003) needs further investigation. In
addition, regional cusp analyses (Sacks et al., 1998) can be used to determine the
local fiber distributions. Although it is known that the layers of the aortic valve have
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different compositions (Thubrikar, 1990) and different mechanical properties (Vesely
and Noseworthy, 1992), we ignored the leaflet’s layered structure in our model. In
other words, we assumed homogeneous material properties through the entire thick-
ness of the leaflet. An alternative approach could be to model only the fibrosa as
this is considered to be the main load-bearing layer of the leaflet (Thubrikar et al.,
1986). With respect to the arterial wall, we assume a planar fiber distribution in the
axial-circumferential plane. However, three-dimensional measurements of the colla-
gen organization in brain arteries reveals the presence of a (small) component in the
radial direction (Finlay et al., 1995).

When studying the mechanical response of highly nonlinear and anisotropic ma-
terials, an appropriate definition of the reference configuration is a difficult and im-
portant task. We assume that the initial configuration of the aortic valve (Fig. 6.2)
is stress-free. However, Vesely (1996) points out that the layers of the valve are pre-
stressed by virtue of their attachment; the ventricularis and fibrosa are under tension
and compression, respectively. In addition, it is questionable whether the reference
configurations of the isolated specimens in the study of Billiar and Sacks (2000a)
mimic the in-vivo situation. For the artery, the presence of residual stresses (mod-
eled with an opening angle, Fig. 6.1) has a clear effect on the mechanical behavior
by increasing the arterial compliance and by homogenizing the stress distribution
through the arterial wall (Fig. 6.8), as reported previously (Holzapfel et al., 2000;
Fung, 1990).

Despite its limitations, the presented model offers strong possibilities to further
study mechanically induced collagen remodeling in cardiovascular tissues, e.g., by
relating fiber turnover and reorientation to the mechanical loading condition within
the construct (Humphrey, 1999b; Boerboom et al., 2003; Driessen et al., 2003a, 2004,
2005a). To the best of our knowledge, the finite element simulations with the aortic
valve are the first that take into account the biaxial properties of the leaflet by in-
corporating the angular distribution of fibers. The model can be employed to further
investigate the complex mechanical behavior of the aortic valve, e.g., by incorporating
the aortic root or simulating the systolic phase of the heart cycle (de Hart et al., 2003).
Moreover, the applications of the current model are not limited to the arterial wall and
aortic valve. We expect that the model can be used to describe the biaxial mechanical
behavior of other load-bearing fibrous tissues, such as the bladder wall (Gloeckner
et al., 2002), pericardium (Sacks and Chuong, 1998; Sacks, 2003), intestinal submu-
cosa (Sacks and Gloeckner, 1999) and myocardium (Yin et al., 1987).





Chapter 7

Modeling the mechanics of
tissue-engineered human heart

valve leaflets

Mathematical models can provide valuable information to assess and evaluate the me-
chanical behavior of tissue-engineered constructs. In this study, a structurally-based
model is applied to describe and analyze the mechanics of tissue-engineered human heart
valve leaflets. The results from two orthogonal uniaxial tensile tests are used to determine
the model parameters of the constructs after two, three and four weeks of culturing. Sub-
sequently, finite element analyses are performed to simulate the mechanical response of
the engineered leaflets to a pressure load. The stresses in the leaflets induced by the pres-
sure load increase monotonically with culture time due to a decrease in the construct’s
thickness. The strains, on the other hand, eventually decrease as a result of an increase in
the elastic modulus. Compared to native porcine leaflets, the mechanical response of the
engineered tissues after four weeks of culturing is more linear, stiffer and less anisotropic.

The contents of this chapter are based on N.J.B. Driessen, A. Mol, C.V.C. Bouten
and F.P.T. Baaijens (2006), Modeling the mechanics of tissue-engineered human heart
valve leaflets, Journal of biomechanics; available online.
doi:10.1016/j.jbiomech.2006.01.009
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7.1 Introduction

Heart valve tissue engineering aims to create fully autologous, living, and functional
heart valve replacements, as an alternative to overcome the disadvantages of the re-
placements currently used. The concept of tissue engineering is based on seeding au-
tologous cells onto a biodegradable carrier (the scaffold) and delivering the appropri-
ate environmental cues (the stimuli) in a bioreactor system during culturing to induce
tissue formation. Tissue-engineered heart valves have been successfully implanted at
the pulmonary position in lambs (Sodian et al., 2000a; Hoerstrup et al., 2000), where
the construct is subjected to smaller loads compared to the aortic position. The con-
structs still lack the mechanical integrity to withstand systemic pressures. Therefore,
several studies aim at improving the mechanical properties and tissue formation of the
engineered heart valve tissue via mechanical conditioning of the cell-seeded scaffold
in a bioreactor system (Sodian et al., 2000b; Mol et al., 2003, 2006; Engelmayr et al.,
2005). Successful tissue engineering of functional aortic heart valves requires that
the engineered tissues meet and maintain the specific functional mechanical require-
ments, ideally in conformance with native valves. Mathematical models can provide
valuable insight into the mechanical behavior of the tissue-engineered leaflets.

There is a wide variety of literature available where models are presented to de-
scribe the mechanics of native cardiovascular tissues (see e.g., Fung (1993); Hum-
phrey (2002)). However, only a few studies report about modeling the mechanics
of tissue-engineered constructs or tissue-equivalents (see e.g., Barocas and Tranquillo
(1997a)), most likely due to the lack of appropriate experimental data as input for the
mathematical models. In tissue engineering studies, generally only the elastic modu-
lus and failure strength of the construct are measured and reported. However, these
properties are measured in only one direction and this information is insufficient for
a thorough mechanical characterization and modeling of engineered cardiovascular
tissues. The objective of this study is to assess and evaluate the mechanics of tissue-
engineered human heart valve leaflets (Mol et al., 2006). A structurally based model
for collagenous cardiovascular tissues (Driessen et al., 2005b) is applied to describe
the mechanical behavior of the engineered leaflets. Finite element analyses (FEA)
are performed to simulate the mechanical response of the engineered leaflets to a
transvalvular aortic pressure load after two, three and four weeks of culturing.

7.2 Materials and methods

7.2.1 Tissue-engineered heart valves and mechanical tests

Biodegradable heart valve leaflet scaffolds are cut out of a non-woven polyglycolic
acid (PGA) mesh, coated with a thin layer of poly-4-hydroxybutyrate (P4HB) and
attached to a rigid stent (Fig. 7.1(a)). The stent provides support for the leaflets and
is used for the purpose of this experiment, where the focus is on tissue development
in the leaflets only. Cells harvested from the human vena saphena magna are seeded
onto the scaffold and the constructs are subsequently placed in a bioreactor system,
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the Diastolic Pulse Duplicator (DPD), for mechanical conditioning. In this way, tissue
formation is induced and the mechanical properties of the engineered construct are
improved (Mol et al., 2005).

(a) (b)

Figure 7.1: Photograph to illustrate the macroscopic appearance of the scaffold (a)
and the engineered leaflet tissue after four weeks of culturing (b).

To assess the anisotropic mechanical properties of the engineered leaflets over
time, uniaxial tensile tests are performed in two orthogonal orientations, namely the
circumferential and radial direction (see Mol et al. (2006) for further details). After
two weeks of culturing, 8 tissue strips (4 circumferential and 4 radial) are mechani-
cally tested, after three weeks 6 strips (3 circumferential and 3 radial) are used and
16 strips (7 circumferential and 9 radial) are measured after four weeks. The thick-
ness of the tissue strips is determined from representative histology sections after
correcting for the supposed loss of tissue volume due to tissue processing. Subse-
quently, the experimentally-measured circumferential and radial stress-stretch curves
are both averaged.

7.2.2 Constitutive equations

The engineered leaflets are modeled as incompressible fiber-reinforced tissues (Holz-
apfel et al., 2000; Driessen et al., 2005b). The assumption of incompressibility is
based on the observation that water in the tissue appears to be tightly bound to the
solid matrix. The total Cauchy stress σ consists of the hydrostatic pressure p and the
extra stress τ :

σ = −pI + τ (7.1)
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The extra stress is split into an isotropic matrix part and an anisotropic fiber part. The
theory of Holzapfel et al. (2000) is extended with a fiber volume fraction (φf ) and
the extra stress is subsequently written as (Driessen et al., 2005b):

τ = τ̂ +
Nf∑
i=1

φ i
f (ψ i

f − �e i
f · τ̂ · �e i

f )�e i
f �e

i
f (7.2)

where τ̂ represents the matrix stress and Nf denotes the number of fiber directions.
ψf is the fiber stress, which acts only in the direction of the fiber �ef . The isotropic
matrix stress is modeled as a Neo-Hookean material with a shear modulus G. The
constitutive behavior of the fibers is described with an exponential relationship be-
tween the fiber stress ψf and the fiber stretch λf :

ψf = k1λ
2
f

[
ek2(λ

2
f−1) − 1

]
(7.3)

where k1 and k2 are a stress-like and dimensionless parameter, respectively, and it is
assumed that the fibers cannot withstand compressive forces (ψf = 0 for λf < 1).
The fiber stretch is defined as the ratio of lengths in the deformed and undeformed
configuration (i.e., l/l0). The relationship between the fiber direction in the deformed
(�ef ) and undeformed configuration (�ef0) is given by:

λf�ef = F · �ef0 (7.4)

with F the deformation gradient tensor. In order to incorporate the angular distribu-
tion of fibers in the plane of the leaflet, �ef0 is defined in a coordinate system spanned
by the vectors �v1 and �v2:

�ef0 = cos (γ)�v1 + sin (γ)�v2 (7.5)

where the angle γ is defined with respect to �v1. To specify the relative amount of
fibers in each direction, a (discretized) Gaussian distribution function is used for the
fiber contents:

φf = A exp
[−(γ − µ)2

2σ2

]
(7.6)

with µ and σ the mean value and standard deviation of the distribution function,
respectively. The scaling factor A is introduced to ensure that the total fiber volume
fraction equals φtot.

7.2.3 Parameter estimation

The directions �v1 and �v2 are chosen to coincide with the circumferential and radial
direction, respectively. Based on stiffer elastic properties and higher stresses in cir-
cumferential tissue strips, we assume that the main fiber direction coincides with this
direction. Therefore, the mean value µ of the fiber distribution function is set to 0o.
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Based on values in literature for native heart valves (Bashey et al., 1967; Li et al.,
2001), the total fiber volume fraction φtot is set to 0.5. To further reduce the number
of material parameters, a fixed value for the shear modulus of the matrix material G
of 50 kPa is chosen. These assumed values of φtot andG, as well as the contribution of
the individual components in the engineered constructs to the mechanical response,
are further addressed in the Discussion. The averaged results of independent uniaxial
tensile tests in the circumferential and radial directions are being fit simultaneously to
estimate the remaining material parameters (k1, k2 and σ) by minimizing the stretch-
based nonlinear error function:

E = wc

nc∑
i=1

(λexp,i
c − λmod,i

c )2 + wr

nr∑
j=1

(λexp,j
r − λmod,j

r )2 (7.7)

where λ denotes the sample stretch ration, w is a weighting factor and n is the num-
ber of data points. The subscripts c and r indicate the circumferential and radial
directions, respectively, whereas the superscripts exp and mod refer to experimental
data and the values predicted by the constitutive model. Note that for circumferential
tests the radial stresses are set to zero, whereas for radial tests the circumferential
stresses are assumed to be absent.

7.2.4 Balance equations

Finite element analyses (FEA) are performed to simulate the mechanical response
of the engineered leaflets during pressurization. Neglecting body forces and inertia,
conservation of momentum is given by:

�∇ · σ = �0 (7.8)

The incompressibility condition, which states that the volume remains constant dur-
ing deformation, is written as:

J − 1 = 0 (7.9)

where the volume factor J = det(F ) defines the ratio of the volumes in the deformed
and undeformed configuration. The balance equations are solved using the finite
element package SEPRAN (Segal, 1984). A mixed formulation is used to account
for incompressibility and the set of interpolation functions for the displacement and
pressure field have to satisfy the Babuska-Brezzi condition. A hexahedral Taylor-Hood
element is used, with a linear (continuous) interpolation for the pressure field and a
quadratic interpolation for the displacement field.

7.2.5 Geometry and boundary conditions

The finite element mesh of the initial, stress-free, closed configuration of the leaflets
is shown in Fig. 7.2 (de Hart et al., 2003). The radius of the stented valve geom-
etry is 12 mm and the thickness of the leaflets (t) is obtained from histology sec-
tions. By symmetry, only one half of a leaflet is modeled and normal displacements
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are suppressed at the symmetry edge. At the fixed edge all displacements are sup-
pressed and a contact surface is defined at the free edge to model contact between
the leaflets (i.e., coaptation). Subsequently, a transvalvular pressure (ptv) of 12 kPa,
representative for the aortic valve, is applied to the top surface to induce deforma-
tions. The directions �v1 and �v2 are calculated from the principal stretch directions in
an isotropic leaflet (Driessen et al., 2003a, 2005b). In accordance with the assump-
tion in Section 7.2.3, �v1 generally coincides with the circumferential direction of the
leaflets, whereas �v2 corresponds to the radial direction (Fig. 7.3). Moreover, the first
direction (�v1) enters the fixed edge radially, consistent with observations from liter-
ature (Sauren et al., 1980) that collagen fibers enter the aortic root perpendicularly
for an optimal transfer of loads into the wall.

Figure 7.2: Finite element (FE) mesh of the stented tissue-engineered heart valve
leaflets.

7.2.6 Analyses

The simulated distributions of the maximum principal stretch and stress in the tissue-
engineered leaflets are presented at a transvalvular pressure of 12 kPa. In addition,
the position of the leaflet’s symmetry line is visualized at various pressure levels. For a
node in the belly region of the tissue-engineered leaflet after four weeks of culturing,
the evolution of the circumferential and radial stretches and stresses is presented,
and the mechanical response of the engineered leaflets is compared with the results
of native porcine leaflets, obtained with t = 0.46 mm, G = 10 kPa, k1 = 0.7 kPa, k2

= 9.90 and σ = 10.7o (Billiar and Sacks, 2000b; Driessen et al., 2005b).
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Figure 7.3: Local directions �v1 (right) and �v2 (left) shown on the undeformed config-
uration of the leaflets. These directions are used to construct the angular
fiber distribution in the plane of the leaflet.

7.3 Results

After four weeks of culturing, the leaflets were intact and kept their shape (Fig. 7.1(b)).
The measured thicknesses decrease monotonically over time with the fastest decrease
occurring between week two and three (Table 7.1). The constitutive model fits the
measured stress-stretch curves reasonably well (Fig. 7.4 and Table 7.1). As can be
seen from the stress-stretch curves and the estimated values of the standard deviation
of the fiber distributions (σ), there is a clear increase in the degree of anisotropy be-
tween week two and three, and this remains nearly constant after week three. On the
other hand, the elastic modulus, which we define here as dψf/dλ2

f , hardly changes
between week two and three, but increases between week three and four (Fig. 7.5).

Culture time [weeks] Thickness t [mm] k1 [kPa] k2 [-] σ [deg]
2 0.69 676 2.75 73.8
3 0.52 881 2.24 62.3
4 0.49 1689 1.93 63.6

Table 7.1: Overview of the measured thicknesses (t) and estimated model parame-
ters (k1, k2 and σ) of the tissue-engineered leaflets after two, three and
four weeks of culturing.

The distributions of the principal stretches and stresses are similar, but their mag-
nitudes change over time (Fig. 7.6). The maximum principal stress increases mono-
tonically over time, caused by the decrease in the construct thickness (i.e., loss of
scaffold support). In other words, the same load (ptv) has to be carried by a thinner
structure resulting in higher stresses. The principal stretches, on the other hand, first
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Figure 7.4: Averaged circumferential and radial stress-stretch curves obtained from
uniaxial tensile tests on the tissue-engineered leaflets after two (a), three
(b) and four (c) weeks of culturing. The error bars represent the standard
error of the mean of the experimental results. The constitutive model fits
the experimental data quite well and the estimated material parameters
are summarized in Table 7.1. The shear modulus of the bare scaffold
material before seeding is approximately 300 kPa (corresponding with a
Cauchy stress of σ = 270 kPa at a stretch λ = 1.3), which is much lower
than the elastic properties of the engineered constructs, and vanishes
over time due to biodegradation and fragmentation.

increase between week two and three but decrease thereafter. The initial increase
is caused by a substantial decrease in construct thickness (from 0.69 to 0.52 mm).
The clear increase of the elastic modulus after week three causes a reduction of de-
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Figure 7.5: Elastic modulus, defined here as dψf/dλ2
f , of the engineered leaflets as a

function of the stretch ratio λf after two, three and four weeks of cultur-
ing.

formations, although the thickness slightly continues to decrease. In other words,
tissue formation (increase in modulus) compensates for the loss of scaffold support
(decrease in thickness). From the evolution of the symmetry lines (Fig. 7.7) it be-
comes clear that for the current scaffold design there is hardly any coaptation, which
would occur at y = 0 cm, between the individual engineered leaflets (compare with
Fig. 7.7(d), which is obtained with the material properties of native porcine leaflets).

In Fig. 7.8(a), simulated uniaxial tensile tests of native porcine leaflets are com-
pared with the response of the tissue-engineered leaflet after four weeks of culturing.
In Fig. 7.8(b), the simulated radial and circumferential stress-stretch curves of a node
from the belly region of the leaflets during pressurization are shown. From these fig-
ures, it becomes clear that the mechanical response of the engineered leaflets is less
nonlinear and much stiffer compared to the native leaflets, and as a consequence the
deformations in the engineered leaflets are smaller. In addition, the tissue-engineered
leaflets behave less anisotropic than the native leaflets, as can also be seen from the
value of the standard deviation of the fiber distribution (63.6o vs 10.7o, respectively).
A larger value of the standard deviation implies that the fibers are distributed more
uniformly and, consequently, the mechanical response of the engineered leaflets is
more isotropic. From the whole-valve simulations it can be seen that the Cauchy
stresses in the native leaflets are higher. This is caused by the fact that the defor-
mations in the native leaflets are larger, thereby reducing the cross-sectional area on
which the loads act resulting in higher stresses. However, the most important dif-
ference is found in the radial stretch ratios; the engineered leaflet hardly deforms in
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(a) (b)

(c) (d)

(e) (f)

Figure 7.6: Distribution of the maximum principal stretch [-] (left) and stress [kPa]
(right) on the top surface of the engineered leaflets at ptv = 12 kPa after
two (a,b), three (c,d) and four (e,f) weeks of culturing.
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Figure 7.7: Simulated evolution of the leaflet’s symmetry line (see also Fig. 7.2) at
various pressure levels after two (a), three (b) and four (c) weeks of
culturing. (d) is obtained with the material properties of native porcine
leaflets. The minimal y-value corresponds to the tip of the leaflets.

the radial direction during pressurization, whereas large radial strains (>60%) are
observed in the native porcine leaflets. In our opinion, this might explain the sub-
optimal coaptation in the tissue-engineered leaflets because the radial extensibility
seems to be important to establish sufficient contact between the leaflets to prevent
prolapse (Thubrikar et al., 1986; Schoen and Levy, 1999).
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Figure 7.8: Comparison of the mechanical response of the tissue-engineered leaflet
after four weeks of culturing with the results of native porcine leaflets.
Simulated results of two orthogonal uniaxial tensile tests in the circum-
ferential and radial direction (a). Simulated evolution of the circumfer-
ential and radial stretches and stresses of a node from the belly region of
the leaflet during pressure application (b).

7.4 Discussion

In this study, a computational approach is presented to study and evaluate the me-
chanical behavior of tissue-engineered human heart valve leaflets. When the results
of the tissue-engineered leaflets are compared with simulations of native porcine
leaflets, several observations are made; (a) the mechanical behavior of the engineered
leaflets is less nonlinear, (b) much stiffer, (c) less anisotropic, (d) the stresses in the
engineered leaflets are lower, and (e) there is less coaptation due to the absence of
large radial strains. It should be emphasized that, when comparing the mechanical
responses, the same valve geometry is used and a comparison with human leaflets
has not yet been assessed.

At this moment, it is not completely clear which components (cells, elastin, col-
lagen, GAGs, and scaffold remnants) contribute to what part (matrix or fiber) of
the constitutive model. Assuming that the mechanical response is dominated by the
fiber part and that the contribution of the matrix part is insignificant, a relatively low
value of 50 kPa is used for the matrix shear modulus G. It can be assumed that the
contribution of elastin is negligible, because elastin is hardly present in the tissue-
engineered human leaflets (Mol et al., 2006). In addition, based on experimental
observations (Engelmayr et al., 2003; Mol et al., 2006), it is expected that the me-
chanical contribution of the scaffold material can be omitted since (1) the modulus
of the bare intact scaffold material is much lower than that of the engineered leaflets
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and (2) unseeded scaffolds are degraded and fragmented after two to three weeks.
Furthermore, the GAGs can form gels, but it is expected that their contribution to
the mechanical response is of secondary importance. So, we hypothesize that the in-
significant contribution of the matrix part is governed by the cells, elastin, GAGs and
scaffold remnants, whereas the fiber contribution is dominated by the collagen fibers
in the tissue.

When fitting the constitutive model to the experimental data, a fixed value for the
matrix shear modulus G is chosen to reduce the number of parameters. Fits with a
comparable quality are found when the matrix shear modulus is taken into account
by the parameter estimation algorithm. Based on values for native leaflets (Bashey
et al., 1967; Li et al., 2001), a value of 0.5 is used for the total fiber volume fraction
φtot, although the amount is probably lower for tissue-engineered leaflets. Another
possibility would be to consider φtot as a free model parameter in the fitting proce-
dure. However, φtot scales directly with the fiber parameter k1 assuming that the
matrix contribution �ef · τ̂ · �ef is small compared to the fiber contribution ψf and,
therefore, it is unlikely that these parameters can be determined independently by
a parameter estimation algorithm. An option could be to combine these parameters
into a single parameter. However, an independent measurement of the fiber content
in future tissue engineering studies would be more interesting and valuable. Because
in this way, changes in fiber content and fiber mechanics with culture time could be as-
sessed separately. In addition, based on measurements obtained from native porcine
leaflets (Billiar and Sacks, 2000a), a Gaussian function is assumed for the fiber distri-
bution and the standard deviation σ is estimated by the parameter fitting algorithm.
The feasibility of quantifying the fiber architecture of the tissue-engineered leaflets
with imaging techniques (Sacks et al., 1997b; Finlay et al., 1998; Tower et al., 2002)
should be further investigated to assess the validity of the assumed fiber distribu-
tion function. It may then be possible to incorporate the measured fiber distribution
directly into the model, thereby further reducing the number of model parameters.
At larger strains, the experimentally-measured mechanical responses tend to behave
more linear than the exponential constitutive model for the fibers (Fig. 7.4). Models
that account for fiber recruitment (Lanir, 1979; Sacks, 2003) might be more appro-
priate to describe this phenomenon.

The results of two orthogonal uniaxial tests are employed to obtain a first ap-
proximation of the mechanical behavior of the engineered leaflets (see also Holzapfel
(2006)). We are aware of the fact that these tensile tests do not provide sufficient in-
formation to fully map the anisotropic behavior (May-Newman and Yin, 1995; Billiar
and Sacks, 2000a) and that they do not cover the physiological loading conditions
of the leaflets. To obtain a more complete and reliable mechanical characterization
of the tissue-engineered leaflets, the loading protocols for these leaflets should be
extended, e.g., with biaxial tests, but these are more difficult to perform. In the fi-
nite element simulations, homogeneous properties are assumed for the entire leaflet.
However, it is likely that these material properties (including the tissue thickness)
are inhomogeneous (Billiar and Sacks, 2000a; Sacks et al., 1997b; Luo et al., 2003)
and should thus be measured locally. We anticipate that the local properties may be
determined using indentation tests by combining measured force and deformation
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gradient data (Cox et al., 2006). It is expected that the tissue-engineered leaflets
become more heterogeneous with culture time. The initially homogeneous construct
may remodel inhomogeneously because the leaflet material is locally subjected to
different mechanical loads (Fig. 7.6).

It is known that the components of the native aortic valve are preloaded and
that contractile forces can develop in the valve cusps (Vesely, 1996; Kershaw et al.,
2004). The engineered leaflets in the stent are also pre-stressed due to the presence
of contractile forces in the developing tissue, referred to as tissue compaction (Mol
et al., 2005). In other words, the stress-free reference state in Fig. 7.2 does not com-
pletely mimic the in-vitro stress-free configuration because of the presence of residual
stresses and strains in the leaflets. These residual strains should be incorporated into
the model to see how this affects the mechanical response of the leaflets.

Despite the limitations, the method offers strong possibilities to systematically in-
vestigate the interrelation between mechanical conditioning and tissue development,
e.g., by studying the effect of mechanical stimuli on collagen remodeling (see Hum-
phrey (1999b); Boerboom et al. (2003); Driessen et al. (2003a,b, 2004, 2005a); Men-
zel (2005) and Kuhl et al. (2005) for computational frameworks on collagen remodel-
ing). In addition, the presented computational framework enables us to estimate the
required pressure levels in a bioreactor system to obtain the desired amount of strains
in tissue-engineered leaflets. Finally, the model could be used to study the effects
of scaffold design and optimization to improve coaptation of the tissue-engineered
leaflets, e.g., by extending the height of the free edge region.



Chapter 8

Remodeling of the angular
collagen fiber distribution in

cardiovascular tissues

Understanding collagen fiber remodeling is desired to optimize the mechanical condition-
ing protocols in tissue-engineering of load-bearing cardiovascular structures. Mathemat-
ical models offer strong possibilities to gain insight into the mechanisms and mechanical
stimuli involved in these remodeling processes. In this study, a framework is proposed to
investigate remodeling of angular collagen fiber distribution in cardiovascular tissues. A
structurally-based model for collagenous cardiovascular tissues is extended with remod-
eling laws for the collagen architecture, and the model is subsequently applied to the
arterial wall and aortic valve. For the arterial wall, the model predicts the presence of
two helically arranged families of collagen fibers. A branching, diverging hammock-type
fiber architecture is predicted for the aortic valve. It is expected that the proposed model
may be of great potential for the design of improved tissue engineering protocols and may
give further insight into the pathophysiology of cardiovascular diseases.

The contents of this chapter are based on N.J.B. Driessen, M.A.J. Cox, C.V.C.
Bouten and F.P.T. Baaijens (2006), Mechanically induced remodeling of the angular
collagen fiber distribution in cardiovascular tissues, to be submitted.
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8.1 Introduction

Living tissues show an adaptive response to mechanical load by remodeling their in-
ternal structure and morphology. Understanding this response is desired to further
optimize the mechanical conditioning protocols for functional tissue engineering of
load-bearing cardiovascular tissues, such as arteries (Niklason et al., 1999) and aortic
heart valves (Hoerstrup et al., 2000). In addition, it may give further insight into the
effects of mechanical factors on the pathophysiology of cardiovascular diseases, such
as atherosclerosis and the formation of aneurysms. Focus in literature has been pri-
marily on the remodeling of the collagen architecture as this is considered to be the
main load-bearing component in cardiovascular tissues. Mathematical models can be
of great value to gain insight into these remodeling processes and have the capability
to infer possible mechanisms involved in these complex processes. Moreover, it is ex-
pected that these models can be employed to obtain a more complete understanding
of the structure-function properties of cardiovascular tissues and create the opportu-
nity to incorporate the inhomogeneous collagen architecture in tissues with complex
geometries or loading conditions.

Humphrey (1999b) studied collagen remodeling in soft connective tissues by con-
sidering the deposition and degradation of collagen fibers. Boerboom et al. (2003)
and Driessen et al. (2003a,b) modeled mechanically induced collagen fiber remodel-
ing in the aortic valve by assuming that collagen fibers aligned with the strain field
and that collagen content increased with fiber stretch. With these models, promising
results were obtained and the predicted circumferential alignment of the main fiber
direction agreed qualitatively with the measured fiber architecture in native aortic
valves (Sacks et al., 1997b). However, these models also predicted the presence of
radially oriented secondary fiber populations whereas these are scarcely present in
native valves. In addition, with these models the typical helical fiber architecture in
the arterial wall could not be explained. Therefore, the model was modified to study
collagen remodeling in the arterial wall and it was hypothesized that the collagen
fibers aligned with preferred directions which were situated in between the principal
loading directions (Driessen et al., 2004). The predicted fiber directions in the arterial
wall represented symmetrically arranged helices and the results agreed qualitatively
with data from literature (Rhodin, 1980; Finlay et al., 1995; Holzapfel et al., 2002).
Subsequently, this framework was applied to study collagen remodeling in the aortic
valve (Driessen et al., 2005a) yielding a fiber architecture that represented a branch-
ing hammock-type structure which agreed with observations from literature (Sauren,
1981). Wilson et al. (2006) employed the same framework to predict the collagen
architecture in articular cartilage. However, in these studies only a limited number
of fiber directions was employed, whereas measurements demonstrate that multiple
fiber directions are present in cardiovascular tissues (Sacks et al., 1998; Holzapfel
et al., 2002). In addition, Billiar and Sacks (2000a,b) demonstrated that incorporat-
ing the angular distribution of collagen fibers is required to accurately describe the
complex biaxial mechanical behavior of the aortic valve. Therefore, Driessen et al.
(2005b) employed a structurally-based constitutive model that contains parameters
to incorporate the angular distribution of collagen fibers in cardiovascular tissues and
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applied it to describe the mechanics of human tissue-engineered heart valve leaflets
(Driessen et al., 2006).

The objective of the present study is to model mechanically induced changes in
the angular collagen fiber distribution in cardiovascular tissues. In order to accom-
plish this, the structurally-based constitutive model and the hypothesis for collagen
remodeling are integrated. We focus on remodeling of the angular fiber distribution
only and assume other properties of the collagen architecture (e.g., collagen content,
collagen type and collagen cross-links) to be unaffected by the remodeling process.
It is assumed that, for uniaxial loading conditions, the fibers align with the major
loading direction and the dispersity of the fiber distribution decreases (i.e., the fibers
become more aligned resulting in a uniaxial fiber distribution). For biaxial loading
conditions, on the other hand, it is hypothesized that the collagen fibers align with
preferred directions situated in between the principal loading directions and the dis-
persity of the distribution increases (i.e., mechanical anisotropy decreases). Finally,
for equibiaxial loading conditions, it is assumed that the angular fiber distribution
becomes isotropic or uniform. To demonstrate its capabilities, the model is applied
to study remodeling of the fiber architecture in the arterial wall and aortic valve. Al-
though we focus primarily on mechanical deformation (i.e., strain) as a stimulus for
collagen remodeling, stress-driven remodeling laws are addressed as well, inspired
by studies of Olsen et al. (1999) and Baek et al. (2006) who consider stress-induced
alignment of collagen fibers in wound healing and aneurysms.

8.2 Materials and methods

8.2.1 Constitutive law

The arterial wall and aortic valve are modeled as incompressible composite materi-
als, consisting of an isotropic matrix contribution and an anisotropic fiber contribu-
tion (Driessen et al., 2005b). The total Cauchy stress (σ) is split into a hydrostatic
pressure (p) and an extra stress (τ ):

σ = −pI + τ (8.1)

The extra stress is written as:

τ = τ̂ +
N∑

i=1

φ i
f (ψ i

f − �e i
f · τ̂ · �e i

f )�e i
f �e

i
f (8.2)

with τ̂ the isotropic matrix stress, φf the fiber volume fraction, ψf the fiber stress, �ef

the current fiber direction and N the number of fiber directions. The matrix material
is modeled as a Neo-Hookean material with shear modulus G:

τ̂ = G(B − I) (8.3)

The left Cauchy-Green deformation tensor (B) is calculated from B = F · F T , with
F the deformation gradient tensor. The current fiber direction can be calculated from
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the fiber direction in the undeformed configuration (�ef0):

λf�ef = F · �ef0 (8.4)

with λf the fiber stretch:

λf =
√
�ef0 · C · �ef0 (8.5)

and C = F T ·F the right Cauchy-Green deformation tensor. The angular fiber distri-
bution can be incorporated into the constitutive model by specifying an appropriate
set of fiber contents (φf ) and fiber directions (�ef0).

In order to incorporate the angular fiber distribution, the fiber directions are de-
fined in a coordinate system spanned by the vectors �v1 and �v2:

�e i
f0

(γi) = cos (γi)�v1 + sin (γi)�v2 (8.6)

where γi is defined with respect to �v1 in the plane spanned by �v1 and �v2 (Fig. 8.1(a)).
For the fiber volume fractions a periodic version of the normal probability distribution
function is used (Gasser et al., 2006):

φ i
f (γi) = A exp

[
cos [2(γi − α)] + 1

β

]
(8.7)

with α the main fiber angle and β the dispersity of the fiber distribution function
(Fig. 8.1(b)). The scaling factor A is defined such that the total fiber content equals
φtot. Note that in previous studies (Billiar and Sacks, 2000b; Driessen et al., 2005b,
2006) a normal probability or Gaussian function was used, in contrast to Eq. (8.7).
In addition, in previous studies, the fiber distribution parameters were kept constant
whereas these are subjected to remodeling in the current study.

8.2.2 Collagen fiber remodeling

It is assumed that the preferred main fiber directions (αp) are situated in between the
local directions �v1 and �v2. In order to specify the value of αp, we introduce stimulus
functions in the direction of �v1 and �v2 (g1 and g2, respectively). The preferred main
fiber direction is then defined as:

αp = arctan(g2/g1) (8.8)

The functions g1 and g2 (Fig. 8.2(a)) are still to be specified and indicate the degree
of alignment of the preferred main fiber direction with the local direction �vi (i = 1, 2).
I.e., a high value of gi indicates that the preferred main direction is close to �vi. When
g1 is much larger than g2 (i.e, g1 >> g2), then αp → 0o. On the other hand, when
g2 is much larger than g1 (i.e., g1 << g2), then αp → 90o. Finally, when g1 and g2
are nearly equal (i.e., g1 � g2), then αp → 45o. To preserve material symmetry, two
(preferred) main fiber directions are used in this study which are situated at γ = ±α.
Note that the assumption for the preferred main fiber direction in Eq. (8.8) agrees
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Figure 8.1: (a) Definition of the fiber direction �ef0 and the angle γ in a coordinate
system spanned by the vectors �v1 and �v2. (b) Schematic representation
of the angular fiber distribution function, indicating the definitions of the
main fiber angle α, the dispersity β, and the local directions �v1 and �v2.

with the previous hypothesis for collagen fiber remodeling (Driessen et al., 2004,
2005a; Wilson et al., 2006) when the directions �v1 and �v2 coincide with the principal
loading directions.

For the preferred value of the dispersity (βp), the following expression is used:

βp =

{
k

(g1/g2)−1 for g1 ≥ g2
k

(g2/g1)−1 for g1 < g2
(8.9)

with k a scaling factor. Equation 8.9 implies that when the value of the stimulus
function in one direction is much larger than the value in the other direction (i.e.,
g1 >> g2 or g1 << g2), then a uniaxial fiber distribution (i.e., βp → 0) is obtained.
On the other hand, when the values of the stimulus functions in both directions are
nearly equal (g1 � g2), then a uniform or isotropic fiber distribution (βp → ∞)
is obtained (Fig. 8.2(b)). The (preferred) dispersities of the two fiber distribution
functions are assumed to be equal.

The evolution of the main fiber direction and dispersity of the fiber distribution
function are subsequently modeled by first order rate equations:

dα

dt
=

1
τa

(αp − α) (8.10)

dβ

dt
=

1
τb

(βp − β) (8.11)

with τa and τb the time constants of the remodeling process.
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Figure 8.2: (a) Definition of the preferred main fiber angle αp in a coordinate sys-
tem spanned by the vectors �v1 and �v2. The stimulus functions gi in the
direction of �vi are also indicated. (b) Representation of the preferred dis-
persity βp as a function of the ratio of the stimulus functions g1 and g2.
Note that βp → ∞ for g1/g2 = 1, and βp → 0 for g1/g2 → 0 or g1/g2 → ∞

8.2.3 Balance equations

The finite element (FE) method (Bathe, 1996) is employed to solve the equations for
conservation of momentum:

�∇ · σ = �0 (8.12)

and the continuity equation for an incompressible solid:

J − 1 = 0 (8.13)

where J = det(F ) represents the volume change between the initial and the current
configuration. The computational framework is implemented in the software package
SEPRAN (Segal, 1984) and for further details the reader is referred to Driessen et al.
(2005a,b).

8.2.4 Geometry and boundary conditions

Arterial wall

The arterial wall is modeled as a single-layered thick-walled cylinder and the FE mesh
is shown in Fig. 8.3(a). Geometrical parameters are taken from Holzapfel et al.
(2000) and the inner radius and thickness of the cylinder are set to 0.71 mm and
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0.39 mm, respectively. Because of symmetry, only 1/4 of the cylinder is used in the
FE simulations. At the symmetry planes, displacements in normal directions are sup-
pressed. At the horizontal surfaces, displacements in the axial direction are prescribed
to apply an axial pre-stretch (λz) of 1.2 and at the inner side of the arterial wall a
pressure (pi) of 13 kPa is applied.

Aortic valve

A stented valve geometry is used (Fig. 8.3(b)) and because of symmetry only 1/6
of the valve is used in the FE simulations. Geometrical parameters are obtained
from Driessen et al. (2005b) and the radius and thickness of the leaflets are set to
12 mm and 0.46 mm, respectively. At the symmetry surface, displacements in normal
directions are suppressed and nodal displacements at the top curve of the fixed edge
are set to zero. For simplicity, coaptation of adjacent leaflets is left out of considera-
tion and to model the diastolic transvalvular pressure a uniform pressure of 12 kPa is
applied to the leaflets.

(a) (b)

Figure 8.3: Finite element meshes of the arterial wall (a) and aortic valve (b). By
symmetry, only one quarter of the tube and one half of a leaflet are mod-
eled. These modeled parts of the arterial wall and aortic valve are dis-
cretized with 100 and 147 hexahedral elements, respectively.
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8.2.5 Parameters

Arterial wall

For the fibers in the arterial wall, the following constitutive equation is used (Holzap-
fel et al., 2000):

ψf =
{

2k1λ
2
f (λ2

f − 1)ek2(λ
2
f−1)2 for λf ≥ 0

0 for λf < 0
(8.14)

In accordance with previous parameter indentification to comply with experimental
observations, the fiber material parameters k1 and k2 are set to 9.47 kPa and 0.81
based on the values for the media layer of a rabbit carotid artery (Holzapfel et al.,
2000; Driessen et al., 2005b). The value for the shear modulus of the matrix ma-
terial G and the total fiber volume fraction φtot are set to 3.0 kPa and 0.5, respec-
tively (Holzapfel et al., 2000; Driessen et al., 2005b). The directions �v1 and �v2 are
assumed to coincide with the circumferential and axial direction of the arterial wall,
respectively.

Aortic valve

For the fibers in the aortic valve, the following stress-stretch relationship is assumed:

ψf =

{
k1λ

2
f

[
ek2(λ

2
f−1) − 1

]
for λf ≥ 0

0 for λf < 0
(8.15)

Based on previous parameter indentification for native porcine aortic valve tissue,
the parameters k1 and k2 are set to 0.7 kPa and 9.9, respectively (Billiar and Sacks,
2000b; Driessen et al., 2005b). In addition, G = 50 kPa and φtot = 0.5. The direc-
tions �v1 and �v2 are obtained from the principal loading directions in a leaflet with
isotropic mechanical properties (Driessen et al., 2005b). The direction �v1 is chosen to
coincide with the major principal loading direction and �v2 is subsequently constructed
orthogonal to �v1 in the plane of the leaflet using the normal (�n) of the leaflet (i.e., �v2
= �v1 × �n). Note that �v1 basically coincides with the circumferential direction of the
aortic valve leaflet, whereas �v2 corresponds to the radial direction (Fig. 8.4).

8.2.6 Remodeling

In order to specify the stimulus functions gi (i = 1, 2) in Eqs. (8.8) and (8.9) both a
strain-based and a stress-based approach are adopted. For the strain-based remodel-
ing algorithm the stimulus functions are set equal to the strains (εi) in the direction
of �vi:

gi =
{
εi = λi − 1 =

√
�vi · C · �vi − 1 for εi ≥ 0

0 for εi < 0 (8.16)
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�v1 (’circumferential’) �v2 (’radial’)

Figure 8.4: Local directions �v1 (left) and �v2 (right) in the undeformed configuration
of the aortic heart valve leaflet, which are used to define the angular fiber
distributions.

For the stress-based approach, on the other hand, the stimulus functions are set equal
to the extra stresses (τi) in the direction of �vi:

gi =
{
τi = �v def

i · τ · �v def
i for τi ≥ 0

0 for τi < 0
(8.17)

where �v def
i denotes the direction of �vi in the deformed configuration. Equations (8.8),

(8.9), (8.16) and (8.17) imply that for a uniaxial loading condition (g1 	= 0 and
g2 = 0 or g1 = 0 and g2 	= 0), all fiber directions align with the major loading direc-
tion (αp = 0o, βp = 0). In case of a biaxial loading condition (g1 	= 0, g2 	= 0), the
two fiber families are situated in between �v1 and �v2 with the main orientation and
dispersity (αp 	= 0o, βp 	= 0) depending on the ratio of the stimulus functions. And
for an equibiaxial loading condition (g1 = g2), the fibers are distributed uniformly
(βp → ∞) in the plane of �v1 and �v2. The parameter k that controls the value of
the preferred dispersity of the fiber distribution function in Eq. (8.9) is arbitrarily set
to 1.0. Time is scaled with τ = 1 sec and the values of τa/τ and τb/τ are both set
to 1.0. To prevent numerical problems with the expression for βp in Eq. (8.9), the
maximum and minimum values of the preferred dispersity are set to 100 and 0.01,
respectively. These maximum and minimum values represent a uniform and uniaxial
fiber distribution.

8.2.7 Analyses and parameter variations

To start with isotropic fiber distributions, the initial values for α and β are set to
45o and 100, respectively. After the pressures have been applied, the remodeling
algorithm is applied until the steady-state values of the fiber distribution parame-
ters are obtained. Both the results of a strain-based (Eq. (8.16)) and a stress-based
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(Eq. (8.17)) remodeling algorithm are addressed. For the arterial wall, the value of
k is changed from 1.0 to 5.0 to study the effects of an increased dispersity, and λz

is increased from 1.2 to 1.6 to simulate the effects of an increased axial pre-stretch
(Table 8.1). For the aortic valve, G is decreased from 50 kPa to 25 kPa to show the
consequences of a reduced matrix shear modulus (Table 8.2).

Case stimulus dispersity parameter k axial pre-stretch λz

1a strain 1.0 1.2
1b stress − −
1c − 5.0 −
1d − − 1.6

Table 8.1: Overview of the performed analyses for the arterial wall. A − indicates
that the parameter values are equal to their reference values (case 1a).

Case stimulus matrix shear modulus G [kPa]
2a strain 50.0
2b stress −
2c − 25.0

Table 8.2: Overview of the performed analyses for the aortic valve. A − indicates
that the parameter values are equal to their reference values (case 2a).

8.3 Results

8.3.1 Arterial wall

The predicted main fiber angle α and dispersity β of the fiber distribution after the
remodeling process as a function of the radial position in the arterial wall are shown
in Fig. 8.5. The results obtained with the reference values of the parameters from
Table 8.1 (case 1a) indicate that the main fiber angle as well as the dispersity in-
crease from the inner wall towards the outer wall. This is caused by the fact that
the circumferential strains decrease as a function of the radial position, whereas the
axial strain remains constant (due to λz). In other words, the ratio of the stimulus
functions g1/g2 decreases from the inside to the outside. The corresponding angu-
lar fiber distributions at the inner wall (α = ±16o and β = 0.4) and the outer wall
(α = ±34o and β = 2.0) are shown in Fig. 8.6. The predicted main fiber directions at
γ = ±α represent two helically arranged families of fibers, oriented in between the
circumferential and axial direction. The main fiber angle shifts from a circumferen-
tial orientation (γ = 0o) towards the axial direction (γ = ±90o). At the same time,
the dispersity increases and the fiber distribution becomes more uniform or isotropic.
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Switching the stimulus functions from strain-based (gi = λi − 1 = εi) to stress-based
(gi = τi) results in a strong decrease of α and β (case 1b). This is caused by the fact
that the ratio of circumferential and axial stresses is much larger than the ratio of the
strains (i.e., τ1/τ2 > ε1/ε2) due to the nonlinearity of the constitutive equations for
the arterial wall. Increasing the dispersity parameter from 1.0 to 5.0 (case 1c) hardly
affects the main angle α, but clearly causes an increase in the values of the dispersity
β. Increasing the axial pre-stretch λz (case 1d) from 1.2 to 1.6, on the other hand,
causes an increase of α and β. This increase in λz causes the circumferential and axial
strains to become closer to each other. Even at r0 = 0.80 mm they become equal and
as a result α becomes 45o and β becomes very large (β → ∞). Thereafter, the axial
strains are larger than the circumferential strains and, consequently, α is larger than
45o and the dispersity β decreases.
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Figure 8.5: Fiber distribution parameters as a function of the undeformed radius r0
in the arterial wall. (a) Main fiber angle α [deg] and (b) dispersity β
[-]. Note that the results in Fig. (b) are truncated to obtained a clearer
representation of the data.

8.3.2 Aortic valve

In the commissure region and near the free edge, the leaflet is mainly loaded uni-
axially. Consequently, the main fiber angle α and the dispersity β become zero
(Fig. 8.7(a)). This represents a uniaxial fiber distribution with locally all fibers ori-
ented in the same direction. In the belly region, on the other hand, the leaflet is
loaded biaxially which results in values for α and β unequal to zero. The corre-
sponding fiber architecture is shown in Fig. 8.8. In the uniaxially loaded regions,
the two main fiber families coincide and consequently only one fiber direction can be
distinguished. Towards the belly region of the leaflet, the two fiber families start to
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Figure 8.6: Representation of the angular fiber distributions at the inner (a) and
outer (b) side of the arterial wall, obtained with reference values of the
parameters (case 1a). γ denotes the in-plane angle with γ = 0o and
γ = ±90o corresponding to the circumferential and axial direction, re-
spectively.

diverge and two directions can be discriminated. These predicted directions repre-
sent a branching fiber architecture that resemble a hammock-type structure. Using
a stress-based remodeling algorithm (case 2b) instead of strain-based, decreases the
values of α and β in the belly region of the leaflet (Fig. 8.7(b)). This is again caused
by the nonlinear expression of the constitutive equation. I.e., for the stimulus func-
tions in the belly region, the ratio of stresses is much larger than ratio of strains.
Decreasing the shear modulus of the matrix material (case 2c), on the other hand,
increases the size of the biaxially loaded belly region. Consequently, this causes an
increase in the values of α and β (Fig. 8.7(c)). Decreasing the matrix shear modulus
increases the anisotropic nature of the mechanical behavior of the leaflet and causes
a more pronounced biaxial loading condition. This phenomenon was also reported in
a previous study (Driessen et al., 2005a).

The evolutions of the main fiber angle and dispersity for a node in the belly region
of the leaflet as a function of scaled time (t/τ) are shown in Fig. 8.9. The values at
t/τ = 0 denote the initial values of α (= 45o) and β (= 100). For the cases with
the reference values (case 2a) and the decreased shear modulus (case 2c), α first
decreases but slightly increases thereafter towards a stable value (Fig. 8.9(a)). For
the stress-based situation (case 2b), on the other hand, α decreases monotonically
to reach its steady-state value. This is probably caused by a ’positive-feedback’ char-
acter of the remodeling framework for the stress-based case. I.e., rotating the fibers
towards the direction with the highest stresses causes the stresses in this direction to
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(a)

(b)

(c)
Figure 8.7: Distribution of fiber parameters α [deg] (left) and β [-] (right) in the un-

deformed geometry of the aortic valve after remodeling. (a) is obtained
with reference values of parameters (case 2a), (b) with a stress-based
stimulus function (case 2b) and (c) with a reduced matrix shear modulus
(case 2c).
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Figure 8.8: Representation of the main fiber directions in the undeformed config-
uration of the aortic valve, obtained with the reference values of the
parameters (case 2a). The main fiber directions are calculated from
�ef0 = cos(α)�v1 ± sin(α)�v2, with α the main fiber angle and �v1 and �v2
the local directions from Fig. 8.4.

increase which might cause a further increase of the amount of fibers in this direction,
and so on. At this point, it is worth noting that this process might be unstable and
is further addressed in the Discussion. The dispersities β decrease monotonically to
their steady-state values for all three cases considered (Fig. 8.9(b)).

8.4 Discussion

In the present study, a computational framework is presented to investigate mechan-
ically induced remodeling of the angular collagen fiber distribution in cardiovascular
tissues. A structurally-based constitutive model is employed that contains parameters
to incorporate the collagen fiber architecture (Driessen et al., 2005b) and is extended
with remodeling equations to account for changes in the fiber architecture (Driessen
et al., 2004, 2005a). The model contains two structural parameters to describe the
angular fiber distribution, i.e., the main fiber direction α and the dispersity β, and
remodeling equations are defined to study mechanically induced changes in the fiber
distribution. The model is applied to study collagen remodeling in the arterial wall
and in the aortic valve, and strain-induced as well as stress-induced remodeling of the
collagen architecture is addressed. For the arterial wall, the model predictions show
that the main fiber direction shifts from a circumferential orientation at the inner wall
towards an axial orientation at the outer wall. In addition, the dispersity of the fiber
distribution at the inside is larger than at the outside (Fig. 8.6). These observations
agree with morphological measurements from literature which reveal that the fibers
in the media are circumferentially and coherently aligned, whereas in the adventitia
the pitch of the helically arranged fibers and the dispersity of the fiber distribution in-
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Figure 8.9: Evolution of the fiber parameters for a node in the belly region of the
valve leaflet as a function of scaled time. (a) Main fiber angle α [deg]
and (b) dispersity β [-]. Note that the results in Fig. (b) are truncated to
obtained a clearer representation of the data.

crease (Rhodin, 1980; Canham et al., 1997; Finlay et al., 1995; Holzapfel et al., 2002;
Gasser et al., 2006). For the aortic valve, the predicted fiber directions resemble a
hammock-type fiber architecture with a uniaxial fiber distribution in the commissure
region and a branching, diverging fiber architecture in the belly region of the leaflet
(Fig. 8.8). These findings are also in accordance with observations from literature
which reveal that the fibers in the aortic valve are mainly running in the circumferen-
tial direction from commissure to commissure, whereas in the center more diverging
bundles can be observed (Sauren, 1981). In addition, the results are in accordance
with Sacks et al. (1998) who have demonstrated that the collagen fibers in the com-
missure region are more aligned when compared to the belly region. It is clear that at
this point only a qualitative comparison is made and that a quantitative comparison
still needs to be assessed. Techniques that are based on small angle light scatter-
ing (Sacks et al., 1997b), polarized light microscopy (Tower and Tranquillo, 2001b;
Doehring et al., 2005) or confocal laser scanning microscopy (Brightman et al., 2000)
enable us to measure the fiber architecture in cardiovascular tissues and might be
beneficial to further validate the remodeling framework and eventually assess the
model parameters by comparing the measured and predicted fiber architecture quan-
titatively.

Based on previous collagen remodeling studies (Driessen et al., 2004, 2005a; Wil-
son et al., 2006), we hypothesize that the main fiber directions are situated in be-
tween the principal loading directions. For the presented remodeling framework in
this study, this assumption implies that the local directions (�v1 and �v2) should co-
incide with the principal loading directions. This is the case for the arterial wall as
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the local directions and principal loading directions coincide with the circumferential
and axial direction, and these do not change during the remodeling process. For the
aortic valve, a deviation can be present as the local directions are not always exactly
aligned with the principal loading directions and these might change during remodel-
ing. However, this deviation is relatively small (mean angular deviation < 10o) and it
is expected that this does not affect the results significantly. A limitation of the model
by Driessen et al. (2004, 2005a) is its ambiguous behavior in (nearly) equibiaxial
loading conditions, because in these cases the principal loading directions can not be
determined uniquely. As a consequence, the previous model predicted random pre-
ferred fiber directions that depended on the arbitrarily calculated principal loading
directions. The present study overcomes this shortcoming by considering remodel-
ing of the angular fiber distribution and predicts a uniform distribution in case of an
equibiaxial loading condition. In addition, in previous collagen remodeling studies
for the aortic valve (Driessen et al., 2003a, 2005a), the mechanical properties for the
leaflet tissue were chosen more or less arbitrarily. However, in the current study, these
parameters are obtained from literature based on experimental data.

For simplicity the arterial wall is modeled as a one-layer material, but obviously
in future studies a two-layer structure (consisting of a media and adventitia) should
be considered and the effects of residual stresses (modeled by an opening angle) on
the remodeling process could be incorporated (Fung, 1990; Holzapfel et al., 2000;
Driessen et al., 2004). A relatively high value for the shear modulus of the aortic
valve matrix material is used to stabilize the finite element simulations and to pre-
vent numerical problems. Further decreasing the matrix shear modulus will cause a
more biaxial loading condition in the belly region of the leaflet, i.e., the ratio of radial
and circumferential strains increases. It might even be possible that the radial strains
become larger than the circumferential strains (Lo and Vesely, 1995; Driessen et al.,
2005b). In the context of the proposed remodeling framework in the present study,
this would result in an unrealistic predicted fiber architecture with more radially in-
stead of circumferentially oriented fibers. In that case, a stress-based remodeling
algorithm would be more feasible because the circumferential stresses in the leaflet
are larger than the radial stresses (Driessen et al., 2005b).

In case of a deformation-controlled loading condition, the stress-based remodel-
ing algorithm might be unstable due to a ’positive-feedback’ mechanism present in
the model. When the deformation is fixed, all fibers will eventually align with the di-
rection that initially carries the highest stresses. E.g., when the stresses are highest in
the direction of �v1, the fibers will rotate towards this direction and α decreases. This
causes a further increase in the stresses in the direction of �v1 which results in a further
decrease of α and β, and so on. In this case, all fibers will eventually be aligned with
�v1 (i.e., α→ 0o and β → 0). This also implies that the final solution might depend on
the initial fiber architecture. It can cause problems in case of a stress-based remod-
eling algorithm for the arterial wall because the axial pre-stretch (λz) is fixed in the
current model and we expect that applying an axial pre-stress might be more realistic
in that case.

The strain-based and stress-based remodeling algorithms employed in this study
both give reasonable and qualitatively comparable results, and the exact stimulus
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for remodeling remains presently unknown. Rodriguez et al. (1994) use stress as a
growth stimulus and exclude strain as a possible stimulus because of the difficulty in
defining a reference configuration in remodeling tissues. Cowin (1996) subsequently
extends the theory of Rodriguez et al. (1994) to include the possibility of strain or
rate of deformation as growth stimulus. Humphrey (2001) argues that cells cannot
respond directly to the mathematical (not physical) concepts of strain or stress, but
these concepts can be correlated with tissue remodeling using phenomenological re-
lations or empirical correlations. Although the model predictions agree qualitatively
with observations from literature for native tissues, the mechanisms by which the cells
remodel the collagen fiber architecture to adapt to changes in functional demands are
not yet well understood. It is known that cells can reorganize the collagen fibers by re-
orientation and degradation of existing collagen fibers, and by synthesis and directed
secretion of newly formed fibers (Nakatsuji and Johnson, 1984; Birk and Trelstad,
1984, 1986; Guidry and Grinnell, 1985; Prajapati et al., 2000b; MacKenna et al.,
2000; Sawhney and Howard, 2002). However, experiments have to be performed to
further clarify the exact mechanisms of these processes and to determine their rela-
tive contributions to collagen reorganization. Experiments with well-defined loading
conditions should be employed (Mol et al., 2003; Balestrini and Billiar, 2006) and
the feasibility of assessing collagen remodeling in life tissue cultures with real-time
visualization techniques should be further addressed (Krahn et al., 2006). In addi-
tion, it might be desired to incorporate changes in collagen type, collagen content,
fiber thickness, cross-linking and elastin architecture into the model as these proper-
ties are also subjected to remodeling and play an important role in the mechanics of
soft connective tissues (e.g., Doillon et al. (1985); Carver et al. (1991); Villarreal and
Dillmann (1992); Dahl et al. (2005); Avery and Bailey (2005); Patel et al. (2006)).
Once these issues have been resolved, the presented model can be applied to further
optimize the conditioning protocols and, consequently, the mechanical behavior of
tissue-engineered arteries and heart valves (Niklason et al., 1999; Hoerstrup et al.,
2000; Mol et al., 2006). Finally, we expect that the remodeling framework might be
employed to incorporate collagen fiber orientations in complex geometries, such as
arterial bifurcations (Hariton et al., 2005).





Chapter 9

General discussion

In this chapter, the main results of the present thesis are summarized and discussed. The
simplifications and limitations of the presented models are addressed, and directions for
future research are provided.
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9.1 Introduction

Currently used heart valve replacements lack the ability to grow, repair and remodel
in response to changes in functional demands. Heart valve tissue engineering aims
to create fully autologous, living and functional heart valve replacements to over-
come the limitations of current prostheses. Tissue-engineered heart valves have been
implanted at the pulmonary position in animal models (Sodian et al., 2000a; Hoer-
strup et al., 2000), where pressures are lower than at the aortic position. In order
to tissue engineer heart valves that are able to withstand aortic pressures, the me-
chanical properties of the engineered tissues should be improved. It is expected that
the mechanical properties of engineered cardiovascular tissues can be improved via
optimized conditioning protocols that aim at the deposition of sufficient amounts of
properly organized collagen fibers. In order to improve these conditioning protocols
it is desired to gain insight into the effects of mechanical stimuli on collagen remod-
eling and mathematical models can be of great value to study this interaction. In this
thesis, mathematical models were presented to study mechanically induced remodel-
ing of the collagen architecture in cardiovascular tissues. To investigate the interre-
lation between the mechanical loading condition and the collagen architecture, the
models consisted of 1) constitutive laws to describe the mechanics of cardiovascular
tissues, and 2) remodeling equations to account for changes in the collagen architec-
ture. The constitutive models were structurally-based in the sense that information
regarding the orientation and content of collagen fibers could be incorporated into
the model. With respect to the remodeling framework, it was assumed that the colla-
gen fibers aligned with preferred directions. Initially, it was hypothesized that these
preferred directions coincided with the (tensile) principal loading directions in the
tissue and promising results were obtained regarding the predicted fiber architecture
in the aortic valve (Chapter 2 and 3). This hypothesis was subsequently modified
and it was assumed that the preferred directions were situated in between the (ten-
sile) principal loading directions to predict the fiber architecture in the arterial wall
(Chapter 4) and to yield an improved prediction of the fiber directions in the aor-
tic valve (Chapter 5). The predicted fiber directions in the arterial wall represented
the helical fiber architecture that is present in the native tissue (Rhodin, 1980). The
results of our model, in addition to experiments from literature (Meng et al., 1999;
Jackson et al., 2002; Han et al., 2003; Stekelenburg, 2006; Gleason et al., 2006),
suggested that axial loading of the arterial wall is an important factor in vascular re-
modeling. In the aortic valve, the predicted collagen fiber architecture resembled a
branching hammock-type structure that agreed qualitatively with observations from
literature (Sauren, 1981). The model predictions suggested that the observed fiber
architecture in the aortic valve is mainly determined by the diastolic, rather than
systolic, loading condition in the leaflet material. These predictions and the results
of Mol et al. (2003), who demonstrated the relevance of large strains in functional
tissue engineering of heart valves, initiated the development of a novel bioreactor
system for strain-based mechanical conditioning (Mol et al., 2005). In this biore-
actor system, the diastolic pulse duplicator (DPD), solely the diastolic phase of the
heart cycle was mimicked to condition the engineered tissues. This system was sub-
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sequently used to tissue engineer heart valves with improved mechanical properties,
which potentially could sustain systemic pressures (Mol et al., 2006). In addition,
the hypotheses for collagen remodeling were applied to study mechanoregulation of
the collagen orientation in articular cartilage (Wilson et al., 2006), and model results
revealed that the proposed framework could also be used to predict the arcade-like
fiber architecture present in this tissue, as described in literature (Benninghoff, 1925;
Clark, 1990). Moreover, a structurally-based constitutive model was presented that
incorporated the angular distribution of collagen fibers in cardiovascular tissues. This
model was subsequently applied to describe the mechanics of the arterial wall, and
of native and tissue-engineered heart valve leaflets (Chapter 6 and 7). The feasibility
of this constitutive model to characterize the local mechanical properties of soft con-
nective tissues using finite indentation tests was demonstrated by Cox et al. (2006).
Finally, this structural constitutive model was extended with remodeling equations
for the angular fiber distribution (Chapter 8). The obtained results were consistent
with those of our previous studies and can be employed to further study and predict
collagen remodeling in cardiovascular tissues.

9.2 Limitations of the models

Although the predicted collagen fiber architecture agreed qualitatively with observa-
tions from literature, a quantitative validation still needs to be assessed. Several tech-
niques exist to determine the collagen architecture quantitatively and experiments on
both native and tissue-engineered tissues should be performed. Sacks and cowork-
ers (Sacks et al., 1997a,b, 1998; Billiar and Sacks, 1997; Hiester and Sacks, 1998;
Sacks and Gloeckner, 1999) used small angle light scattering (SALS) to assess the
collagen architecture in a variety of tissues, including heart valves, pericardial tissue,
small intestinal submucosa and cultured dermal tissue. Polarized light microscopy
can be used to measure fiber alignment in tissues (e.g., Whittaker et al. (1994); Finlay
et al. (1995, 1998); Canham et al. (1997); Tower and Tranquillo (2001a,b); Tower
et al. (2002); Doehring et al. (2005)). Other techniques to quantify the fiber ar-
chitecture include confocal (reflection) laser scanning microscopy and two-photon
microscopy, using the intrinsic properties of collagen fibers (autofluorescence and
second harmonic generation) and/or fluorescent probes to label collagen (e.g., Friedl
et al. (1998); Brightman et al. (2000); Zipfel et al. (2003); Williams et al. (2005);
Krahn et al. (2006)). However, one should bear in mind that collagen fiber dimen-
sions in engineered tissues might be different from those in native tissues, and that
other tissue fibers and/or scaffold fibers might affect the measured fiber distributions.
Therefore, it is expected that techniques which are specifically sensitive for collagen
fibers are the most promising (see e.g., Krahn et al. (2006)).

In response to environmental cues, it is known that collagen fibers increase in size
and number, align in the direction of tension, are arranged into bundles, are cross-
linked and their type changes (Clark, 1996; Rubin and Farber, 1998). The presented
models primarily focused on changes in collagen fiber content and orientation, but
the effects of remodeling on other collagen fiber properties (e.g., fiber thickness, type
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and cross-linking) should also be investigated. It is known that the expression of
various collagen types is affected in mechanically stimulated cardiovascular tissues
(e.g., Chapman et al. (1990), Carver et al. (1991) and Villarreal et al. (1995)). The
effects of changes in the amounts of cross-links in native as well as engineered cardio-
vascular tissues was studied in literature as well (e.g., Bruel et al. (1998), Brasselet
et al. (2005), Elbjeirami et al. (2003) and Dahl et al. (2005)). In addition, Doillon
et al. (1985) demonstrated that collagen fiber thickness increased during remodeling
in wound healing, and Liao and Vesely (2003) argued that tissues with the same col-
lagen contents might have different mechanical properties due to differences in fiber
thickness. Although it is known that elastin plays an important role in the mechanics
of cardiovascular tissues (Vesely, 1998; Adamczyk et al., 2000; Lee et al., 2001b; Holz-
apfel et al., 2000) by providing the tissues with resilience and elasticity, remodeling
of the elastin architecture was not incorporated into the model. Elastin remodeling
should be investigated using both experimental and mathematical models, as elastin
could be a missing link in tissue engineering of cardiovascular tissues (Patel et al.,
2006). It is anticipated that successful tissue engineering of cardiovascular constructs
requires incorporation of an elastic component.

In the current models, only the solid mechanics of the tissues was considered and
any interaction with the surrounding fluid (i.e., blood) was omitted. Flow of the
surrounding fluids induces shear stresses which are sensed by the endothelial cells
that line the surfaces of the tissues. These shear stresses are known to be impor-
tant factors in cardiovascular remodeling (e.g., Nerem (1993); Ziegler and Nerem
(1994); Humphrey (2002)) and the effects could be incorporated into the models
(e.g., Taber (1998)). Furthermore, only the passive mechanical behavior of the tis-
sues was modeled, but it is known that cells participate in the adaptation process
by adjusting their contractile forces (Fridez et al., 2001b, 2003; Zulliger et al., 2002;
Mol, 2005). In addition, the volume of the tissues was considered to be constant,
whereas it may change as a result of volumetric growth during mechanically induced
tissue adaptation. Volumetric growth can occur by cell proliferation, hypertrophy
or accumulation of matrix products, and may result in residual stresses which affect
the stress-free configuration of the tissue (Fung, 1990; Rodriguez et al., 1994; Taber
and Humphrey, 2001; Taber, 2001; Lubarda and Hoger, 2002). However, the causes
(contractile forces and volumetric growth) and consequences (change in mechanical
loading condition) of residual stresses were not considered in the presented models.

In the remodeling studies, it was hypothesized that the cells remodeled the extra-
cellular matrix in such a way that the collagen fibers aligned with the preferred fiber
directions. However, the exact mechanisms by which the cells remodel the collagen
architecture to adapt to changes in functional demands are yet unknown. Neverthe-
less, some speculations about possible mechanisms can be made. It is known that
collagen synthesis and degradation play an important role in remodeling of the colla-
gen architecture and are modulated by mechanical load (Bishop and Lindahl, 1999;
MacKenna et al., 2000; Prajapati et al., 2000a,b). Birk and Trelstad (1984, 1985,
1986) showed that a series of compartments, both inside and outside the cell, is in-
volved in collagen fibrillogenesis and collagen fiber formation. These compartments
are aligned along the cell axes and may control the assembly, position and orien-
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tation of the collagen fibers (Silver et al., 2003). In other words, the cells might
secrete the fibers as they migrate and their paths would govern the geometric loca-
tions and orientation of the collagen fibers (Trelstad and Hayashi, 1979; Stopak and
Harris, 1982). It may then be possible that the cells align with the strain field, thereby
controlling the direction of the secreted fibers. The effect of mechanical load on en-
zymatic degradation of collagen fibers by proteolytic enzymes, such as MMPs, is not
completely clear. Ellsmere et al. (1999) reported accelerated degradation of colla-
gen by mechanical load, whereas others (Nabeshima et al., 1996; Ruberti and Hallab,
2005) observed a decreased susceptibility of collagen to enzymatic degradation by
tensile strain. Mechanical load influenced collagen degradation even in the absence
of cells, which suggests that the load directly affects enzymatic degradation (i.e., me-
chanical load might protect molecules from cleavage). Huang and Yannas (1977)
reported an optimal fiber stretch at which the rate of collagen degradation was min-
imized and, therefore, the hypothesis that the tissue strives for a homogeneous fiber
stretch should be further investigated. The computational framework of Boerboom
et al. (2003) offers strong possibilities to address this hypothesis, which is further
supported by the fact that a ’constant fiber stretch’ mechanism may govern the fiber
directions in the heart (Rijcken et al., 1997, 1999) and may induce remodeling in the
arterial wall (Taber, 1998). Next to synthesis and degradation, reorientation of pre-
existing collagen fibers also plays an important role in tissue reorganization (Guidry
and Grinnell, 1985). The cells might exert contractile forces (traction) on the collagen
fibers as they migrate through the tissue, thereby rearranging the fibers (Harris et al.,
1981; Stopak and Harris, 1982; Guidry and Grinnell, 1987; Sawhney and Howard,
2002). It is further known that the orientation of the fibers might be regulated by
exerting mechanical tension to the tissue (Nakatsuji and Johnson, 1984). The orien-
tation of the cells (i.e., cell alignment) may be influenced by the local orientation of
the collagen fibers, a phenomenon called contact guidance. Subsequently, this results
in cell traction and migration preferentially in the direction of cell alignment, which
further affects fiber reorganization. This biomechanical feedback loop wherein cells
deform the matrix fibers, inducing fiber alignment, which in turns causes cell align-
ment, was modeled by Barocas and Tranquillo (1997a,b). The fact that reorientation
of collagen fibers also occurred in acellular tissue-equivalents (Thomopoulos et al.,
2005) suggests that passive mechanisms play a role as well in reorganization of the
collagen fiber architecture. It may well be possible that cyclic deformation directly
causes reorientation of collagen fibers and this potential mechanism needs further
investigation. Experiments, in combination with the above-mentioned visualization
techniques, should be performed to address the possible mechanisms for collagen
fiber remodeling. It is proposed to start with relatively simple geometries and loading
conditions, where the magnitude and direction of the applied load can be controlled
to subsequently monitor the evolution of the collagen fiber architecture.

Another issue that needs to be addressed is related to the stress-free reference con-
figuration of the remodeled collagen fibers. For the reorientation of existing collagen
fibers this configuration might be unaffected, but this is highly questionable for newly
synthesized collagen fibers (Humphrey and Rajagopal, 2002; Baek et al., 2006). Fi-
nally, the assumption of affine fiber kinematics (i.e., fiber deformation follows the
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macroscopic strain field) should be reconsidered. Billiar and Sacks (1997) showed
that fiber kinematics in the aortic valve are to some extent non-affine, and Chandran
and Barocas (2006) demonstrated that non-affine fiber kinematics has clear effects
on the mechanical behavior of collagen networks.

9.3 Future perspectives

The models presented in this thesis can be further employed to improve the bioreactor
systems and to optimize the mechanical conditioning protocols. The structural consti-
tutive model can be used to assess the mechanical properties of the engineered tissues
over time. Until now, these properties have been determined a posteriori by sacrific-
ing the engineered leaflets and performing two uniaxial tensile tests in orthogonal
directions (Mol et al., 2006). However, in the future, these properties should be mea-
sured real-time and non-invasively. This can be done by employing an experimental-
numerical approach, wherein experimentally measured quantities are correlated to
numerical simulations to determine the material properties. Possible candidates to be
correlated are the tissue strain field (Sun et al., 2005) or an easier accessible scalar
quantity such as the volume change induced by deformation and displacements of
the leaflets (Kortsmit et al., 2006). The estimated mechanical properties can then
be used as a real-time non-invasive quality check for the tissue-engineered leaflets,
and in combination with the presented remodeling frameworks this may be used to
monitor tissue remodeling over time during culturing. In addition, this approach
provides the opportunity to assess and control the deformations of the heart valve
leaflets during conditioning, which are currently unknown or determined a posteriori
(Hoerstrup et al., 2000; Mol et al., 2005). Controlling tissue deformations makes it
possible to systematically study the effects of mechanical loading on tissue remodeling
by employing various straining protocols and should serve as a next step to optimize
mechanical conditioning protocols in heart valve tissue engineering.

It is envisaged that the models can be employed to gain further insight into the ef-
fects of mechanical factors on the pathophysiology of cardiovascular diseases such as
heart valve failure and the formation of aneurysms. Sacks and Schoen (2002) showed
that changes in the valvular collagen fiber architecture occur in damaged regions of
aortic bioprosthetic heart valves and might contribute to valve failure. Watton et al.
(2004) presented a model to simulate the growth of an aneurysm and they defined
remodeling equations for the constituents of the aneurysm wall. However, in their
study, the fiber directions were kept constant during remodeling. Baek et al. (2006),
on the other hand, compared several hypotheses for the orientation of newly synthe-
sized collagen to gain more insight into potential mechanisms that are involved in the
enlargement of aneurysms. Their hypotheses for the preferred alignment, in between
the principal loading directions, are comparable to those presented in this thesis. It is
anticipated that much can be learned about collagen remodeling from changes in the
fiber architecture in pathological conditions and this area may provide additional op-
portunities to validate and gain insight into the remodeling laws. To further study the
mechanics of cardiovascular tissues, such as the factors involved in diseases, a reliable
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description of the local collagen fiber architecture seems to be of paramount impor-
tance to model the mechanical behavior of these tissues accurately. It is expected that
the presented remodeling algorithms can be used to incorporate the collagen fiber
architecture in complex geometries. Hariton et al. (2005) employed a comparable
strategy to incorporate the collagen fiber orientations in an arterial bifurcation. They
used a similar approach as presented in Chapter 4 and hypothesized that the collagen
fibers in the arterial bifurcation were embedded in the plane spanned by the principal
stress directions.

It should be emphasized that the presented constitutive model is not limited to
describe the mechanics of the arterial wall and aortic valve. The model might also
be used to describe the biaxial behavior of other fibrous tissues, such as myocardium
(Yin et al., 1987), pericardium (Sacks, 2003), the bladder wall (Gloeckner et al.,
2002) and intestinal submucosa (Sacks and Gloeckner, 1999). The corresponding
material properties can then be assessed using regular biaxial tests (Billiar and Sacks,
2000a) or indentation tests (Cox et al., 2006). Although the remodeling framework
has been applied successfully to predict the fiber architecture in the arterial wall,
aortic valve and articular cartilage, the model could be applied to other tissues as
well to further validate and generalize the remodeling laws. It is interesting to note
that the framework should not be limited to biological tissues, and the feasibility of
the model to optimize the fiber architecture in fiber-reinforced technical materials,
such as pressure vessels (Krikanov, 2000) and fiber-nets (Pedersen, 2003), should be
addressed.

In conclusion, the presented modeling and remodeling frameworks were able to
predict the collagen architecture in the cardiovascular tissues considered and gave
insight into the effects of mechanical stimuli on tissue remodeling. They offer strong
possibilities to further optimize mechanical conditioning protocols in tissue engineer-
ing strategies and may further guide experimental approaches to elucidate the com-
plex mechanisms involved in the process of mechanically induced tissue remodeling.





Bibliography

Adamczyk, M. M., Lee, T. C., and Vesely, I. (2000). Biaxial strain properties of elastase-digested porcine
aortic valves. Journal of heart valve disease, 9, 445–453.

Alberts, B., Bray, D., Lewis, J., Raff, M., Roberts, K., and Watson, J. D. (1994). Molecular biology of the cell.
New York: Garland publishing.

American Heart Association (2004). 2004 heart disease and stroke statistics.

Avery, N. C. and Bailey, A. J. (2005). Enzymic and non-enzymic cross-linking mechanisms in relation to
turnover of collagen: relevance to aging and exercise. Scandinavian journal of medicine and science in
sports, 15, 231–240.

Baaijens, F. P. T. (1993). An U-ALE formulation of 3-d unsteady viscoelastic flow. International journal for
numerical methods in engineering, 36, 1115–1143.

Baek, S., Rajagopal, K. R., and Humphrey, J. D. (2006). A theoretical model of enlarging intracranial
fusiform aneurysms. Journal of biomechanical engineering, 128, 142–149.

Balestrini, J. L. and Billiar, K. L. (2006). Equibiaxial cyclic stretch stimulates fibroblasts to rapidly remodel
fibrin. Journal of biomechanics, in press, available online.

Barocas, V. H. and Tranquillo, R. T. (1997a). An anisotropic biphasic theory of tissue-equivalent mechan-
ics: the interplay among cell traction, fibrillar network deformation, fibril alignment and cell contact
guidance. Journal of biomechanical engineering, 119, 137–145.

Barocas, V. H. and Tranquillo, R. T. (1997b). A finite element solution for the anisotropic biphasic theory
of tissue-equivalent mechanics: the effect of contact guidance on isometric cell traction measurement.
Journal of biomechanical engineering, 119, 261–268.

Bashey, R. I., Torii, S., and Angrist, A. (1967). Age-related collagen and elastin content of human heart
valves. Journal of gerontology, 22, 203–208.

Bathe, K. J. (1996). Finite element procedures. Prentice Hall, Englewood Cliffs, NJ.

Benninghoff, A. (1925). Form und bau der gelenknorpel in ihren bezeihungen zur funktion. Z zellforsch
mikrosk anat, 2, 783–862.

Billiar, K. L. and Sacks, M. S. (1997). A method to quantify fiber kinematics of planar tissues under biaxial
stretch. Journal of biomechanics, 30, 753–756.

Billiar, K. L. and Sacks, M. S. (2000a). Biaxial mechanical properties of the natural and glutaraldehyde
treated aortic valve cusp - part I: experimental results. Journal of biomechanical engineering, 122, 23–30.

Billiar, K. L. and Sacks, M. S. (2000b). Biaxial mechanical properties of the natural and glutaraldehyde
treated aortic valve cusp - part II: a structural constitutive model. Journal of biomechanical engineering,
122, 327–335.

147



148

Birk, D. E. and Trelstad, R. L. (1984). Extracellular compartments in matrix morphogenesis: collagen fibril,
bundle, and lamellar formation by corneal fibroblasts. Journal of cell biology, 99, 2024–2033.

Birk, D. E. and Trelstad, R. L. (1985). Fibroblasts create compartments in the extracellular space where
collagen polymerizes into fibrils and fibrils associate into bundles. Annals of the New York academy of
sciences, 460, 258–266.

Birk, D. E. and Trelstad, R. L. (1986). Extracellular compartments in tendon morphogenesis: collagen
fibril, bundle, and macroaggregate formation. Journal of cell biology, 103, 231–240.

Birkedal-Hansen, H. (1995). Proteolytic remodeling of extracellular matrix. Current opinion in cell biology,
7, 327–335.

Bishop, J. E. and Lindahl, G. (1999). Regulation of cardiovascular collagen synthesis by mechanical load.
Cardiovascular research, 42, 27–44.

Boerboom, R. A., Driessen, N. J. B., Bouten, C. V. C., Huyghe, J. M., and Baaijens, F. P. T. (2003). Finite
element model of mechanically induced collagen fiber synthesis and degradation in the aortic valve.
Annals of biomedical engineering, 31, 1040–1053.

Brasselet, C., Durand, E., Addad, F., Al Haj Zen, A., Smeets, M. B., Laurent-Maquin, D., Bouthors, S., Bellon,
G., de Kleijn, D., Godeau, G., Garnotel, R., Gogly, B., and Lafont, A. (2005). Collagen and elastin cross-
linking: a mechanism of constrictive remodeling after arterial injury. American journal of physiology,
289, H2228–H2233.

Breen, E. C. (2000). Mechanical strain increases type I collagen expression in pulmonary fibroblasts in-
vitro. Journal of applied physiology, 88, 203–209.

Brightman, A. O., Rajwa, B. P., Sturgis, J. E., McCallister, M. E., Robinson, J. P., and Voytik-Harbin, S. L.
(2000). Time-laps confocal reflection microscopy of collagen fibrillogenesis and extracellular matrix
assembly in vitro. Biopolymers, 54, 222–234.

Bruel, A., Ortoft, G., and Oxlund, H. (1998). Inhibition of cross-links in collagen is associated with reduced
stiffness of the aorta in young rats. Atherosclerosis, 140, 135–145.

Buschmann, M. D., Gluzband, Y. A., Grodzinsky, A. J., and Hunziker, E. B. (1995). Mechanical compression
modulates matrix biosynthesis in chondrocyte / agarose culture. Journal of cell science, 108, 1497–1508.

Butler, D. L., Goldstein, S. A., and Guilak, F. (2000). Functional tissue engineering: the role of biomechan-
ics. Journal of biomechanical engineering, 122, 570–575.

Canham, P. B., Finlay, H. M., and Boughner, D. R. (1997). Contrasting structure of the saphenous vein and
internal mammary artery used as coronary bypass vessels. Cardiovascular research, 34, 557–567.

Carew, E. O., Barber, J. E., and Vesely, I. (2000). Role of preconditioning and recovery time in repeated
testing of aortic valve tissues: validation through quasilinear viscoelastic theory. Annals of biomedical
engineering, 28, 1093–1100.

Carver, W., Nagpal, M. L., Nachtigal, M., Borg, T. K., and Terracio, L. (1991). Collagen expression in
mechanically stimulated cardiac fibroblasts. Circulation research, 69, 116–122.

Chandran, P. L. and Barocas, V. H. (2006). Affine versus non-affine fibril kinematics in collagen networks:
theoretical studies of network behavior. Journal of biomechanical engineering, 128, 259–270.

Chapman, D., Weber, K. T., and Eghbali, M. (1990). Regulation of fibrillar collagen types I and III and base-
ment membrane type IV collagen gene expression in pressure overloaded rat myocardium. Circulation
research, 67, 787–794.

Chiquet, M. (1999). Regulation of extracellular matrix gene expression by mechanical stress. Matrix
biology, 18, 417–426.



Bibliography 149

Christie, G. W. and Medland, I. C. (1982). A nonlinear finite element stress analysis of bioprosthetic heart
valves. In: Gallagher R.H., Simon B.R., Johnson P.C., and Gross J.F., editors. Finite elements in biome-
chanics. Wiley, Chichester.

Chuong, C. J. and Fung, Y. C. (1983). Three-dimensional stress distribution in arteries. Journal of biome-
chanical engineering, 105, 268–274.

Clark, J. M. (1990). The organisation of collagen fibrils in the superficial zones of articular cartilage.
Journal of anatomy, 171, 117–130.

Clark, R. A. F. (1996). The molecular and cellular biology of wound repair. New York: Plenum press.

Clark, R. E. and Finke, E. H. (1974). Scanning and light microscopy of human aortic leaflets in stressed
and relaxed states. Journal of thoracic and cardiovascular surgery, 67, 792–804.

Cowin, S. C. (1986). Wolff’s law of trabecular architecture at remodeling equilibrium. Journal of biome-
chanical engineering, 108, 83–88.

Cowin, S. C. (1996). Strain or deformation rate dependent finite growth in soft tissues. Journal of biome-
chanics, 29, 647–649.

Cowin, S. C., Sadegh, A. M., and Luo, G. M. (1992). An evolutionary wolff’s law for trabecular architecture.
Journal of biomechanical engineering, 114, 129–136.

Cox, M. A. J., Driessen, N. J. B., Bouten, C. V. C., and Baaijens, F. P. T. (2006). Mechanical characterization
of anisotropic planar biological soft tissues using large indentation: A computational feasibility study.
Journal of biomechanical engineering, 128, 428–436.

Dahl, S. L., Rucker, R. B., and Niklason, L. E. (2005). Effects of copper and cross-linking on the extracellular
matrix of tissue-engineered arteries. Cell transplantation, 14, 861–868.

Dallon, J., Sherratt, J., Maini, P., and Ferguson, M. (2000). Biological implications of a discrete mathemat-
ical model for collagen deposition and alignment in dermal wound repair. IMA journal of mathematics
applied in medicine and biology, 17, 379–393.

Dallon, J. C. and Sherratt, J. A. (1998). A mathematical model for fibroblast and collagen orientation.
Bulletin of mathematical biology, 60, 101–129.

Dallon, J. C., Sherratt, J. A., and Maini, P. K. (1999). Mathematical modelling of extracellular matrix
dynamics using discrete cells: fiber orientation and tissue regeneration. Journal of theoretical biology,
199, 449–471.

de Hart, J. (2002). Fluid-structure interaction in the aortic heart valve: a three-dimensional computational
analysis. Ph-D thesis, Technische Universiteit Eindhoven.

de Hart, J., Cacciola, G., Schreurs, P. J. G., and Peters, G. W. M. (1998). A three-dimensional analysis of a
fibre-reinforced aortic valve prosthesis. Journal of biomechanics, 31, 629–638.

de Hart, J., Peters, G. W. M., Schreurs, P. J. G., and Baaijens, F. P. T. (2000). A two-dimensional fluid-
structure interaction model of the aortic valve. Journal of biomechanics, 33, 1079–1088.

de Hart, J., Baaijens, F. P. T., Peters, G. W. M., and Schreurs, P. J. G. (2003). A computational fluid-structure
interaction analysis of a fiber-reinforced stentless aortic valve. Journal of biomechanics, 36, 699–712.

de Hart, J., Peters, G. W. M., Schreurs, P. J. G., and Baaijens, F. P. T. (2004). Collagen fibers reduce stresses
and stabilize motion of aortic valve leaflets during systole. Journal of biomechanics, 37, 303–311.

Deck, J. D., Thubrikar, M. J., Schneider, P. J., and Nolan, S. P. (1998). Structure, stress and tissue repair in
aortic valve leaflets. Cardiovascular research, 22, 7–16.



150

Doehring, T. C., Kahelin, M., and Vesely, I. (2005). Mesostructures of the aortic valve. Journal of heart
valve disease, 14, 679–686.

Doillon, C. J., Dunn, M. G., Bender, E., and Silver, F. H. (1985). Collagen fiber formation in repair tissue:
development of strength and toughness. Collagen and related research, 5, 481–492.

Driessen, N. J. B., Boerboom, R. A., Huyghe, J. M., Bouten, C. V. C., and Baaijens, F. P. T. (2003a). Compu-
tational analyses of mechanically induced collagen fiber remodeling in the aortic heart valve. Journal of
biomechanical engineering, 125, 549–557.

Driessen, N. J. B., Peters, G. W. M., Huyghe, J. M. R. J., Bouten, C. V. C., and Baaijens, F. P. T. (2003b). Re-
modelling of continuously distributed collagen fibres in soft connective tissues. Journal of biomechanics,
36, 1151–1158.

Driessen, N. J. B., Wilson, W., Bouten, C. V. C., and Baaijens, F. P. T. (2004). A computational model for
collagen fibre remodelling in the arterial wall. Journal of theoretical biology, 226, 53–64.

Driessen, N. J. B., Bouten, C. V. C., and Baaijens, F. P. T. (2005a). Improved prediction of the collagen fiber
architecture in the aortic heart valve. Journal of biomechanical engineering, 127, 329–336.

Driessen, N. J. B., Bouten, C. V. C., and Baaijens, F. P. T. (2005b). A structural constitutive model for
collagenous cardiovascular tissue incorporating the angular fiber distribution. Journal of biomechanical
engineering, 127, 494–503.

Driessen, N. J. B., Mol, A., Bouten, C. V. C., and Baaijens, F. P. T. (2006). Modeling the mechanics of
tissue-engineered human heart valve leaflets. Journal of biomechanics, in press, available online.

Dubey, N., Letourneau, P. C., and Tranquillo, R. T. (2001). Neuronal contact guidance in magnetically
aligned fibrin gels: effect of variation in gel mechano-structural properties. Biomaterials, 22, 1065–
1075.

Elbjeirami, W. M., Yonter, E. O., Starcher, B. C., and West, J. L. (2003). Enhancing mechanical properties
of tissue-engineered constructs via lysyl oxidase crosslinking activity. Journal of biomedical materials
research, 66, 513–521.

Ellsmere, J. C., Khanna, R. A., and Lee, J. M. (1999). Mechanical loading of bovine pericardium accelerates
enzymatic degradation. Biomaterials, 20, 1143–1150.

Engelmayr, G. C., Hildebrand, D. K., Sutherland, F. W. H., Mayer, J. E., and Sacks, M. S. (2003). A
novel bioreactor for the dynamic flexural stimulation of tissue engineered heart valve biomaterials.
Biomaterials, 24, 2523–2532.

Engelmayr, G. C., Rabkin, E., Sutherland, F. W. H., Schoen, F. J., Mayer, J. E., and Sacks, M. S. (2005). The
independent role of cyclic flexure in the early in vitro development of an engineered heart valve tissue.
Biomaterials, 26, 175–187.

Finlay, H. M., McCullough, L., and Canham, P. B. (1995). Three-dimensional collagen organization of
human brain arteries at different transmural pressures. Journal of vascular research, 32, 301–312.

Finlay, H. M., Whittaker, P., and Canham, P. B. (1998). Collagen organization in the branching region of
human brain arteries. Stroke, 29, 1595–1601.

Fridez, P., Rachev, A., Meister, J. J., Hayashi, K., and Stergiopulos, N. (2001a). Model of geometrical and
smooth muscle tone adaptation of carotid artery subject to step change in pressure. American Journal
of physiology, 280, H2752–H2760.

Fridez, P., Makino, A., Miyazaki, H., Meister, J. J., Hayashi, K., and Stergiopulos, N. (2001b). Short-
term biomechanical adaptation of the rat carotid to acute hypertension: contribution of smooth muscle.
Annals of biomedical engineering, 29, 26–34.



Bibliography 151

Fridez, P., Zulliger, M., Bobard, F., Montorzi, G., Miyazaki, H., Hayashi, K., and Stergiopulos, N. (2003). Ge-
ometrical, functional, and histomorphometric adaptation of rat carotid artery in induced hypertension.
Journal of biomechanics, 36, 671–680.

Friedl, P., Zanker, K. S., and Brocker, E. B. (1998). Cell migration strategies in 3-d extracellular matrix:
differences in morphology, cell matrix interactions, and integrin function. Microscopy research and tech-
niques, 43, 369–378.

Fung, Y. C. (1990). Biomechanics: motion, flow, stress and growth. New York: Springer-Verlag.

Fung, Y. C. (1993). Biomechanics: mechanical properties of living tissues. Berlin, Germany: Springer.

Fung, Y. C., Fronek, K., and Patitucci, P. (1979). Pseudoelasticity of arteries and the choice of its mathe-
matical expression. American journal of physiology, 237, H620–H631.

Gasser, T. C., Ogden, R. W., and Holzapfel, G. A. (2006). Hyperelastic modelling of arterial layers with
distributed collagen fibre orientations. Journal of the royal society interface, 3, 15–35.

Gleason, R. L., Wilson, E., and Humphrey, J. D. (2006). Biaxial biomechanical adaptations of mouse carotid
arteries cultured at altered axial extension. Journal of biomechanics, in press, available online.

Gloeckner, D. C., Sacks, M. S., Billiar, K. L., and Bachrach, N. (2000). Mechanical evaluation and design of
a multilayered collagenous repair biomaterial. Journal of biomedical materials research, 52, 365–373.

Gloeckner, D. C., Sacks, M. S., Fraser, M. O., Somogyi, G. T., de Groat, W. C., and Chancellor, M. B. (2002).
Passive biaxial mechanical properties of the rat bladder wall after spinal cord injury. Journal of urology,
167, 2247–2252.

Guidry, C. and Grinnell, F. (1985). Studies on the mechanism of hydrated collagen gel reorganization by
human skin fibroblasts. Journal of cell science, 79, 67–81.

Guidry, C. and Grinnell, F. (1987). Contraction of hydrated collagen gels by fibroblasts: evidence for two
mechanisms by which collagen fibrils are stabilized. Collagen and related research, 6, 515–529.

Han, H. C., Ku, D. N., and Vito, R. P. (2003). Arterial wall adaptation under elevated longitudinal stretch
in organ culture. Annals of biomedical engineering, 31, 403–411.

Hariton, I., deBotton, G., Gasser, T. C., and Holzapfel, G. A. (2005). How to incorporate collagen fiber orien-
tations in an arterial bifurcation. In: Hamza M. H., editor. Proceedings of the 3rd IASTED international
conference on biomechanics. Acta press, Anaheim.

Harris, A. K., Stopak, D., and Wild, P. (1981). Fibroblast traction as a mechanism for collagen morphogen-
esis. Nature, 290, 249–251.

Hart, R. T. (2001). Bone modeling and remodeling: theories and computation. In: Cowin, S.C., editor. Bone
mechanics handbook, chapter 31. CRC Press, Boca Raton.

Hayashi, K. (1996). Biomechanical studies of the remodeling of knee joint tendons and ligaments. Journal
of biomechanics, 29, 707–716.

Hiester, E. D. and Sacks, M. S. (1998). Optimal bovine pericardial tissue selection sites. i. fiber architecture
and tissue thickness measurements. Journal of biomedical materials research, 39, 207–214.

Hoerstrup, S. P., Sodian, R., Daebritz, S., Wang, J., Bacha, E. A., Martin, D. P., Moran, A. M., Guleresian,
J., Sperling, J. S., Kaushal, S., Vacanti, J. P., Schoen, F. J., and Mayer, J. E. (2000). Functional living
trileaflet heart valves grown in vitro. Circulation, 102, III49–III49.

Holzapfel, G. A. (2006). Determination of material models for arterial walls from uniaxial extension tests
and histological structure. Journal of theoretical biology, 228, 290–302.



152

Holzapfel, G. A., Gasser, T. C., and Ogden, R. W. (2000). A new constitutive framework for arterial wall
mechanics and a comparative study of material models. Journal of elasticity, 61, 1–48.

Holzapfel, G. A., Gasser, T. C., and Stadler, M. (2002). A structural model for the viscoelastic behavior of
arterial walls: Continuum formulation and finite element analysis. European journal of mechanics. A.
Solids, 21, 441–463.

Huang, C. and Yannas, I. V. (1977). Mechanochemical studies of enzymatic degradation of insoluble colla-
gen fibers. Journal of biomedical materials research, 11, 137–154.

Huiskes, R., Ruimerman, R., van Lenthe, G. H., and Janssen, J. D. (2000). Effects of mechanical forces on
maintenance and adaptation of form in trabecular bone. Nature, 405, 704–706.

Humphrey, J. D. (1999a). An evaluation of pseudoelastic descriptors used in arterial mechanics. Journal
of biomechanical engineering, 121, 259–262.

Humphrey, J. D. (1999b). Remodeling of a collagenous tissue at fixed lengths. Journal of biomechanical
engineering, 121, 591–597.

Humphrey, J. D. (2001). Stress, strain, and mechanotransduction in cells. Journal of biomechanical engi-
neering, 123, 638–641.

Humphrey, J. D. (2002). Cardiovascular solid mechanics: cells, tissues, and organs. New York: Springer-
Verlag.

Humphrey, J. D. and Rajagopal, K. R. (2002). A constrained mixture model for growth and remodeling of
soft tissues. Mathematical models and methods in applied sciences, 12, 407–430.

Humphrey, J. D. and Yin, F. C. (1987). A new constitutive formulation for characterizing the mechanical
behavior of soft tissues. Biophysical journal, 52, 563–570.

Hurschler, C., Provenzano, P. P., and Vanderby Jr., R. (2003). Application of a probabilistic microstructural
model to determine reference length and toe-to-linear region transition in fibrous connective tissue.
Journal of biomechanical engineering, 125, 415–422.

Jackson, Z. S., Gotlieb, A. I., and Langille, B. L. (2002). Wall tissue remodeling regulates longitudinal
tension in arteries. Circulation research, 90, 918–925.

Jockenhoevel, S., Zund, G., Hoerstrup, S. P., Schnell, A., and Turina, M. (2002). Cardiovascular tissue
engineering: a new laminar flow chamber for in vitro improvement of mechanical tissue properties.
ASAIO journal, 48, 8–11.

Kershaw, J. D., Misfeld, M., Sievers, H. H., Yacoub, M. H., and Chester, A. H. (2004). Specific regional and
directional contractile responses of aortic cusp tissue. Journal of heart valve disease, 13, 798–803.

Kim, B., Nikolovski, J., Bonadio, J., and Mooney, D. J. (1999). Cyclic mechanical strain regulates the
development of engineered smooth muscle tissue. Nature biotechnology, 17, 979–983.

Kolpakov, V., Rekhter, M. D., Gordon, D., Wang, W. H., and Kulik, T. J. (1995). Effect of mechanical forces
on growth and matrix protein synthesis in the in-vitro pulmonary artery. analysis of the role of individual
cell types. Circulation research, 77, 823–831.

Kortsmit, J., Rutten, M. C. M., and Baaijens, F. P. T. (2006). Non-invasive assessment of leaflet deformation
in heart valve tissue engineering. Proceedings of the 5th World Congress of Biomechanics 2006, Munich,
Germany.

Krahn, K. N., Bouten, C. V. C., van Tuijl, S., van Zandvoort, M. A. M. J., and Merkx, M. (2006). Fluorecently
labeled collagen binding proteins allow specific visualization of collagen in tissues and live cell culture.
Analytical biochemistry, 350, 177–185.



Bibliography 153

Krikanov, A. A. (2000). Composite pressure vessels with higher stiffness. Composite structures, 48, 119–
127.

Krucinski, S., Vesely, I., Dokainish, M. A., and Campbell, G. (1993). Numerical simulation of leaflet flexure
in bioprosthetic valves mounted on rigid and expansile stents. Journal of biomechanics, 26, 929–943.

Kuhl, E., Garikipati, K., Arruda, E. M., and Grosh, K. (2005). Remodeling of biological tissue: Mechanically
induced reorientation of a transversely isotropic chain network. Journal of the mechanics and physics of
solids, 53, 1552–1573.

Langille, B. L. (1996). Arterial remodeling: relation to hemodynamics. Canadian journal of physiology and
pharmacology, 74, 834–841.

Lanir, Y. (1979). A structural theory for the homogeneous biaxial stress-strain relationships in flat collage-
nous tissues. Journal of biomechanics, 12, 423–436.

Lanir, Y. (1983). Constitutive equations for fibrous connective tissues. Journal of biomechanics, 16, 1–12.

Lee, A. A., Delhaas, T., McCulloch, A. D., and Villarreal, F. (1999). Differential responses of adult cardiac
fibroblasts to in-vitro biaxial strain patterns. Molecular and cellular cardiology, 31, 1833–1843.

Lee, R. T., Yamamoto, C., Feng, Y., Potter-Perigo, S., Briggs, W. H., Landschulz, K. T., Turi, T. G., Thompson,
J. F., Libby, P., and Wight, T. N. (2001a). Mechanical strain induces specific changes in the synthesis
and organization of proteoglycans by vascular smooth muscle cells. Journal of biological chemistry, 276,
13847–13851.

Lee, T. C., Midura, R. J., Hascall, V. C., and Vesely, I. (2001b). The effect of elastin damage on the mechanics
of the aortic valve. Journal of biomechanics, 34, 203–210.

Li, J., Luo, X. Y., and Kuang, Z. B. (2001). A nonlinear anisotropic model for porcine aortic heart valves.
Journal of biomechanics, 34, 1279–1289.

Liao, J. and Vesely, I. (2003). A structural basis for the size-related mechanical properties of mitral valve
chordae tendineae. Journal of biomechanics, 36, 1125–1133.

Lo, D. and Vesely, I. (1995). Biaxial strain analysis of the porcine aortic valve. Annals of thoracic surgery,
60, S374–378.

Lubarda, V. A. and Hoger, A. (2002). On the mechanics of solids with a growing mass. International journal
of solids and structures, 39, 4627–4664.

Luo, X. Y., Li, W. G., and Li, J. (2003). Geometrical stress-reducing factors in the anisotropic porcine heart
valves. Journal of biomechanical engineering, 125, 735–744.

MacKenna, D., Summerour, S. R., and Villarreal, F. J. (2000). Role of mechanical factors in modulating
cardiac fibroblast function and extracellular matrix synthesis. Cardiovascular research, 46, 257–263.

Mann, B. K., Schmedlen, R. H., and West, J. L. (2001). Tethered-TGF-beta increases extracellular matrix
production of vascular smooth muscle cells. Biomaterials, 22, 439–444.

Matsumoto, T. and Hayashi, K. (1994). Mechanical and dimensional adaptation of rat aorta to hyperten-
sion. Journal of biomechanical engineering, 116, 278–283.

Matsumoto, T., Tsuchida, M., and Sato, M. (1996). Change in intramural strain distribution in rat aorta
due to smooth muscle contraction and relaxation. American journal of physiology, 271, H1711–H1716.

May-Newman, K. and Yin, F. C. (1995). Biaxial mechanical behavior of excised porcine mitral valve leaflets.
American journal of physiology, 269, H1319–H1327.

McLeish, T. C. B. and Larson, R. G. (1998). Molecular constitutive equations for a class of branched
polymers: the pom-pom polymer. Journal of rheology, 42, 81–110.



154

Meng, X., Mavromatis, K., and Galis, Z. S. (1999). Mechanical stretching of human saphenous vein grafts
induces expression and activation of matrix-degrading enzymes associated with vascular tissue injury
and repair. Experimental and molecular pathology, 66, 227–237.

Menzel, A. (2005). Modelling of anisotropic growth in biological tissues. a new approach and computa-
tional aspects. Biomechanics and modeling in mechanobiology, 3, 147–171.

Mol, A. (2005). Functional tissue engineering of human heart valve leaflets. Ph-D thesis, Technische Univer-
siteit Eindhoven.

Mol, A. and Hoerstrup, S. P. (2004). Heart valve tissue engineering - where do we stand? International
journal of cardiology, 95, S57–58.

Mol, A., Bouten, C. V. C., Zund, G., Guenter, C. I., Visjager, J. F., Turina, M., Baaijens, F. P. T., and Hoerstrup,
S. P. (2003). The relevance of large strains in functional tissue engineering of heart valves. Thoracic and
cardiovascular surgeon, 51, 78–83.

Mol, A., Driessen, N. J. B., Rutten, M. C. M., Hoerstrup, S. P., Bouten, C. V. C., and Baaijens, F. P. T. (2005).
Tissue engineering of human heart valve leaflets: a novel bioreactor for a strain-based conditioning
approach. Annals of biomedical engineering, 33, 1778–1788.

Mol, A., Rutten, M. C. M., Driessen, N. J. B., Bouten, C. V. C., Zund, G., Baaijens, F. P. T., and Hoerstrup,
S. P. (2006). Autologous human tissue-engineered heart valves: prospects for systemic applications.
Circulation, 114, I152–I158.

Mullender, M. G. and Huiskes, R. (1995). A proposal for the regulatory mechanism of wolff’s law. Journal
of orthopaedic research, 13, 503–512.

Nabeshima, Y., Grood, E. S., Sakurai, A., and Herman, J. H. (1996). Uniaxial tension inhibits tendon
collagen degradation by collagenase in vitro. Journal of orthopaedic research, 14, 123–130.

Nakatsuji, N. and Johnson, K. E. (1984). Experimental manipulation of a contact guidance system in
amphibian gastrulation by mechanical tension. Nature, 307, 453–455.

Nerem, R. M. (1993). Vascular tissue engineering. Journal of biomechanical engineering, 115, 510–514.

Nerem, R. M. and Seliktar, D. (2001). Vascular tissue engineering. Annual review of biomedical engineering,
3, 225–243.

Niklason, L. E., Gao, J., Abbott, W. M., Hirschi, K. K., Houser, S., Marini, R., and Langer, R. (1999).
Functional arteries grown in vitro. Science, 284, 489–493.

Niklason, L. E., Abott, W., Gao, J., Klagges, B., Hirschi, K. K., Ulubayram, K., Conroy, N., Jones, R.,
Vasanawala, A., Sanzgiri, S., and Langer, R. (2001). Morphological and mechanical characteristics
of engineered bovine arteries. Journal of vascular surgery, 33, 628–638.

O’Callaghan, C. J. and Williams, B. (2000). Mechanical strain induced extracellular matrix production by
human vascular smooth muscle cells: Role of tgf-beta. Hypertension, 36, 319–324.

Olsen, L., Maini, P. K., Sherratt, J. A., and Dallon, J. C. (1999). Mathematical modelling of anisotropy in
fibrous connective tissue. Mathematical biosciences, 158, 145–170.

Orberg, J. W., Klein, L., and Hiltner, A. (1982). Scanning electron microscopy of collagen fibers in intestine.
Connective tissue research, 9, 187–193.

Patel, A., Fine, B., Sandig, M., and Mequanint, K. (2006). Elastin biosynthesis: The missing link in tissue-
engineered blood vessels. Cardiovascular research, 71, 40–49.

Pedersen, P. (2003). A note on design of fiber-nets for maximum stiffness. Journal of elasticity, 73, 127–145.



Bibliography 155

Peeters, E. A., Bouten, C. V., Oomens, C. W., and Baaijens, F. P. (2003). Monitoring the biomechanical
response of individual cells under compression: a new compression device. Medical and biological
engineering and computing, 41, 498–503.

Peskin, C. S. and McQueen, D. M. (1994). Mechanical equilibrium determines the fractal fiber architecture
of aortic heart valve leaflets. American journal of physiology, 266, H319–H328.

Prabhakar, V., Grinstaff, M. W., Alarcon, J., Knors, C., Solan, A. K., and Niklason, L. E. (2003). Engineering
porcine arteries: effects of scaffold modification. Journal of biomedical materials research, 67, 303–311.

Prajapati, R. T., Eastwood, M., and Brown, R. A. (2000a). Duration and orientation of mechanical loads
determine fibroblast cyto-mechanical activation: monitored by protease release. Wound repair and
regeneration, 8, 238–246.

Prajapati, R. T., Chavally-Mis, B., Herbage, D., Eastwood, M., and Brown, R. A. (2000b). Mechanical
loading regulates protease production by fibroblasts in three-dimensional collagen substrates. Wound
repair and regeneration, 8, 226–237.

Rabkin, E., Hoerstrup, S. P., Aikawa, M., Mayer, J. E., and Schoen, F. J. (2002). Evolution of cell pheno-
type and extracellular matrix in tissue-engineered heart valves during in-vitro maturation and in-vivo
remodeling. Journal of heart valve disease, 11, 308–314.

Rachev, A. (1997). Theoretical study of the effect of stress-dependent remodeling on arterial geometry
under hypertensive conditions. Journal of biomechanics, 30, 819–827.

Rachev, A. and Hayashi, K. (1999). Theoretical study of the effects of vascular smooth muscle contraction
on strain and stress distributions in arteries. Annals of biomedical engineering, 27, 459–468.

Rachev, A., Stergiopulos, N., and Meister, J. J. (1996). Theoretical study of dynamics of arterial wall
remodeling in response to changes in blood pressure. Journal of biomechanics, 29, 635–642.

Rachev, A., Stergiopulos, N., and Meister, J. J. (1998). A model for geometric and mechanical adaptation
of arteries to sustained hypertension. Journal of biomechanical engineering, 120, 9–17.

Rhodin, J. A. G. (1980). Architecture of the vessel wall. In: Sparks Jr., H.V., Bohr, D.F., Somlyo, A.D.,
Geiger, S.R., editors. Handbook of physiology, The cardiovascular system, Vol. 2, pp. 1-31, American
physiological society, Bethesda, Maryland.

Rijcken, J., Bovendeerd, P. H., Schoofs, A. J., van Campen, D. H., and Arts, T. (1997). Optimization of
cardiac fiber orientation for homogeneous fiber strain at beginning of ejection. Journal of biomechanics,
30, 1041–1049.

Rijcken, J., Bovendeerd, P. H., Schoofs, A. J., van Campen, D. H., and Arts, T. (1999). Optimization of
cardiac fiber orientation for homogeneous fiber strain during ejection. Annals of biomedical engineering,
27, 289–297.

Rodriguez, E. K., Hoger, A., and McCulloch, A. D. (1994). Stress-dependent finite growth in soft elastic
tissues. Journal of biomechanics, 27, 455–467.

Ruberti, J. W. and Hallab, N. J. (2005). Strain-controlled enzymatic cleavage of collagen in loaded matrix.
Biochemical and biophysical research communications, 336, 483–489.

Rubin, E. and Farber, J. L. (1998). Pathology. Philadelphia: Lippincott-Raven publishers.

Sacks, M. S. (2003). Incorporation of experimentally-derived fiber orientation into a structural constitutive
model for planar collagenous tissues. Journal of biomechanical engineering, 125, 280–287.

Sacks, M. S. (2004). personal communication.

Sacks, M. S. and Chuong, C. J. (1992). Characterization of collagen fiber architecture in the canine di-
aphragmatic central tendon. Journal of biomechanical engineering, 114, 183–190.



156

Sacks, M. S. and Chuong, C. J. (1998). Orthotropic mechanical properties of chemically treated bovine
pericardium. Annals of biomedical engineering, 26, 892–902.

Sacks, M. S. and Gloeckner, D. C. (1999). Quantification of the fiber architecture and biaxial mechanical
behavior of porcine intestinal submucosa. Journal of biomedical materials research, 46, 1–10.

Sacks, M. S. and Schoen, F. J. (2002). Collagen fiber disruption occurs independent of calcification in
clinically explanted bioprosthetic heart valves. Journal of biomedical materials research, 62, 359–371.

Sacks, M. S., Chuong, C. J., Petroll, W. M., Kwan, M., and Halberstadt, C. (1997a). Collagen fiber architec-
ture of a cultured dermal tissue. Journal of biomechanical engineering, 119, 124–127.

Sacks, M. S., Smith, D. B., and Hiester, E. D. (1997b). A small angle light scattering device for planar
connective tissue microstructural analysis. Annals of biomedical engineering, 25, 678–689.

Sacks, M. S., Smith, D. B., and Hiester, E. D. (1998). The aortic valve microstructure: effects of transvalvu-
lar pressure. Journal of biomedical materials research, 41, 131–141.

Sauren, A. A., van Hout, M. C., van Steenhoven, A. A., Veldpaus, F. E., and Janssen, J. D. (1983). The
mechanical properties of porcine aortic valve tissues. Journal of biomechanics, 16, 327–337.

Sauren, A. A. H. J. (1981). The mechanical behaviour of the aortic valve. Ph-D thesis, Technische Hogeschool
Eindhoven.

Sauren, A. A. H. J., Kuijpers, W., van Steenhoven, A. A., and Veldpaus, F. E. (1980). Aortic valve histology
and its relation with mechanics - preliminary report. Journal of biomechanics, 13, 97–104.

Sawhney, R. K. and Howard, J. (2002). Slow local movements of collagen fibers by fibroblasts drive the
rapid global self-organization of collagen gels. Journal of cell biology, 157, 1083–1091.

Schoen, F. J. (1997). Aortic valve structure-function correlations: role of elastic fibers no longer a stretch
of the imagination. Journal of heart valve disease, 6, 1–6.

Schoen, F. J. (2001). Pathology of heart valve substitution with mechanical and tissue prostheses. In: Silver
M.D., Gotlieb A.I. and Schoen F.J., editors. Cardiovascular pathology, third edition. New York: Churchill
Livingstone.

Schoen, F. J. and Levy, R. J. (1999). Tissue heart valves: current challenges and future research perspec-
tives. Journal of biomedical materials research, 47, 439–465.

Scott, M. and Vesely, I. (1995). Aortic valve microstructure: the role of elastin. Annals of thoracic surgery,
60, S391–394.

Scott, M. and Vesely, I. (1996). Morphology of aortic valve cusp elastin. Journal of heart valve disease, 5,
464–471.

Segal, A. (1984). SEPRAN user manual, standard problems and programmers guide. Leidschendam: Inge-
nieursbureau SEPRA, the Netherlands.

Seliktar, D., Black, R. A., Vito, R. P., and Nerem, R. M. (2000). Dynamic mechanical conditioning of
collagen-gel blood vessel constructs induces remodeling in vitro. Annals of biomedical engineering, 28,
351–362.

Shi, Y., Ramamurthi, A., and Vesely, I. (2002). Towards tissue engineering of a composite aortic valve.
Biomedical sciences instrumentation, 38, 35–40.

Silver, F. H., Christiansen, D. L., and Buntin, C. M. (1989). Mechanical properties of the aorta: a review.
Critical Reviews in biomedical engineering, 17, 323–358.

Silver, F. H., Freeman, J. W., and Seehra, G. P. (2003). Collagen self-assembly and the development of
tendon mechanical properties. Journal of biomechanics, 36, 1529–1553.



Bibliography 157

Sodian, R., Hoerstrup, S. P., Sperling, J. S., Daebritz, S., Martin, D. P., Moran, A. M., Kim, B. S., Schoen,
F. J., Vacanti, J. P., and Mayer, J. E. (2000a). Early in vivo experience with tissue-engineered trileaflet
heart valves. Circulation, 102, III22–III29.

Sodian, R., Hoerstrup, S. P., Sperling, J. S., Daebritz, S. H., Martin, D. P., Schoen, F. J., Vacanti, J. P., and
Mayer, J. E. (2000b). Tissue engineering of heart valves: in-vitro experiences. Annals of thoracic surgery,
70, 14–144.

Stegemann, J. P. and Nerem, R. M. (2003). Phenotype modulation in vascular tissue engineering using
biochemical and mechanical stimulation. Annals of biomedical engineering, 33, 391–402.

Stekelenburg, M. (2006). Strain-based optimization of human tissue-engineered small diameter blood vessels.
Ph-D thesis, Technische Universiteit Eindhoven.

Stock, U. A., Wiederschain, D., Kilroy, S. M., Shum-Tim, D., Khalil, P. N., Vacanti, J. P., Mayer, J. E., and
Moses, M. A. (2001). Dynamics of extracellular matrix production and turnover in tissue engineered
cardiovascular structures. Journal of cellular biochemistry, 81, 220–228.

Stopak, D. and Harris, A. K. (1982). Connective tissue morphogenesis by fibroblast traction. I. tissue culture
observations. Developmental biology, 90, 383–398.

Streuli, C. (1999). Extracellular matrix remodelling and cellular differentiation. Current opinion in cell
biology, 11, 634–640.

Sun, W., Abad, A., and Sacks, M. S. (2005). Simulated bioprosthetic heart valve deformation under quasi-
static loading. Journal of biomechanical engineering, 127, 905–914.

Taber, L. A. (1998). A model for aortic growth based on fluid shear and fiber stresses. Journal of biome-
chanical engineering, 120, 348–354.

Taber, L. A. (2001). Biomechanics of cardiovascular development. Annual review of biomedical engineering,
3, 1–25.

Taber, L. A. and Eggers, D. W. (1996). Theoretical study of stress-modulated growth in the aorta. Journal
of theoretical biology, 180, 343–357.

Taber, L. A. and Humphrey, J. D. (2001). Stress-modulated growth, residual stress, and vascular hetero-
geneity. Journal of biomechanical engineering, 123, 528–535.

Takamizawa, K. and Hayashi, K. (1987). Strain energy density function and uniform strain hypothesis for
arterial mechanics. Journal of biomechanics, 20, 7–17.

Talman, E. A. and Boughner, D. R. (1995). Glutaraldehyde fixation alters the internal shear properties of
porcine aortic heart valve tissue. Annals of thoracic surgery, 60, S369–S373.

Talman, E. A. and Boughner, D. R. (1996). Internal shear properties of fresh porcine aortic valve cusps:
implications for normal valve function. Journal of heart valve disease, 5, 152–159.

Talman, E. A. and Boughner, D. R. (2001). Effect of altered hydration on the internal shear properties of
porcine aortic valve cusps. Annals of thoracic surgery, 71, S375–S378.

Thomopoulos, S., Fomovsky, G. M., and Holmes, J. W. (2005). The development of structural and me-
chanical anisotropy in fibroblast populated collagen gels. Journal of biomechanical engineering, 127,
742–750.

Thoumine, O., Nerem, R. M., and Girard, P. R. (1995). Changes in organization and composition of the
extracellular matrix underlying cultured endothelial cells exposed to laminar steady shear stress. Labo-
ratory investigation, 73, 565–576.

Thubrikar, M. (1990). The aortic valve. Boca Raton CRC Press.



158

Thubrikar, M. J., Aouad, J., and Nolan, S. P. (1986). Comparison of the in vivo and in vitro mechanical
properties of aortic valve leaflets. Journal of thoracic and cardiovascular surgery, 92, 29–36.

Torbet, J. and Ronzière, M. C. (1984). Magnetic alignment of collagen during self-assembly. Biochemical
journal, 219, 1057–1059.

Tower, T. T. and Tranquillo, R. T. (2001a). Alignment maps of tissues: I. microscopic elliptical polarimetry.
Biophysical journal, 81, 2954–2963.

Tower, T. T. and Tranquillo, R. T. (2001b). Alignment maps of tissues: II. fast harmonic analysis for imaging.
Biophysical journal, 81, 2964–2971.

Tower, T. T., Neidert, M. R., and Tranquillo, R. T. (2002). Fiber alignment imaging during mechanical
testing of soft tissues. Annals of biomedical engineering, 30, 1221–1233.

Trelstad, R. L. and Hayashi, K. (1979). Tendon collagen fibrillogenesis: intracellular subassemblies and
cell surface changes associated with fibril growth. Developmental biology, 71, 228–242.

Vaishnav, R. N. and Vossoughi, J. (1983). Estimation of residual strains in aortic segments. In: Hall, C.W.,
editor. Biomedical engineering II: recent developments, pp. 330-333, New York: Pergamon Press.

Vaishnav, R. N., Young, J. T., and Patel, D. J. (1973). Distribution of stresses and of strain-energy density
through the wall thickness in a canine aortic segment. Circulation research, 32, 577–583.

van de Vosse, F. N., de Hart, J., van Oijen, C. H. G. A., Bessems, D., Gunther, T., Segal, A., Wolters, B. J.
B. M., Stijnen, J. M. A., and Baaijens, F. P. T. (2003). Finite-element-based computational methods for
cardiovascular fluid-structure interaction. Journal of engineering mathematics, 47, 335–368.

van Oijen, C. H. G. A. (2003). Mechanics and design of fiber-reinforced vascular prostheses. Ph-D thesis,
Technische Universiteit Eindhoven.

Verbeeten, W. M. H., Peters, G. W. M., and Baaijens, F. P. T. (2001). Differential constitutive equations for
polymer melts: the extended pom-pom model. Journal of rheology, 45, 823–843.

Vesely, I. (1996). Reconstruction of loads in the fibrosa and ventricularis of porcine aortic valves. ASAIO
Journal, 42, M739–M746.

Vesely, I. (1998). The role of elastin in aortic valve mechanics. Journal of biomechanics, 31, 115–123.

Vesely, I. and Boughner, D. (1989). Analysis of the bending behaviour of porcine xenograft leaflets and
of natural aortic valve material: bending stiffness, neutral axis and shear measurements. Journal of
biomechanics, 22, 655–671.

Vesely, I. and Noseworthy, R. (1992). Micromechanics of the fibrosa and the ventricularis in aortic valve
leaflets. Journal of biomechanics, 25, 101–113.

Villarreal, F. J. and Dillmann, W. H. (1992). Cardiac hypertrophy-induced changes in mRNA levels for
TGF-beta1, fibronectin, and collagen. American journal of physiology, 262, H1861–H1866.

Villarreal, F. J., MacKenna, D. A., Omens, J. H., and Dillmann, W. H. (1995). Myocardial remodeling in
hypertensive ren-2 transgenic rats. Hypertension, 25, 98–104.

Watton, P. N., Hill, N. A., and Heil, M. (2004). A mathematical model for the growth of the abdominal
aortic aneurysm. Biomechanics and modeling in mechanobiology, 3, 98–113.

Whittaker, P., Kloner, R. A., Boughner, D. R., and Pickering, J. G. (1994). Quantitative assessment of my-
ocardial collagen with picrosirius red staining and circularly polarized light. Basic research in cardiology,
89, 397–410.

Williams, R. M., Zipfel, W. R., and Webb, W. W. (2005). Interpreting second-harmonic generation images
of collagen I fibrils. Biophysical journal, 88, 1377–1386.



Bibliography 159

Wilson, W., Driessen, N. J. B., van Donkelaar, C. C., and Ito, K. (2006). Mechanoregulation of collagen
orientation in articular cartilage. Osteoarthritis and cartilage, in press, available online.

Wolff, J. (1986 (1892)). The law of bone remodeling (Das Gesetz der Transformation der Knochen). Berlin:
Springer (Hirchwild).

Yang, J. H., Briggs, W. H., Libby, P., and Lee, R. T. (1998). Small mechanical strains selectively suppress
matrix metalloproteinase-1 expression by human vascular smooth muscle cells. Journal of biological
chemistry, 273, 6550–6555.

Yin, F. C., Strumpf, R. K., Chew, P. H., and Zeger, S. L. (1987). Quantification of the mechanical properties
of noncontracting canine myocardium under simultaneous biaxial loading. Journal of biomechanics, 20,
577–589.

Ziegler, T. and Nerem, R. M. (1994). Tissue engineering a blood vessel: regulation of vascular biology by
mechanical stresses. Journal of cellular biochemistry, 56, 204–209.

Zioupos, P. and Barbenel, J. C. (1994a). Mechanics of native bovine pericardium. I. the multiangular
behaviour of strength and stiffness of the tissue. Biomaterials, 15, 366–373.

Zioupos, P. and Barbenel, J. C. (1994b). Mechanics of native bovine pericardium. II. a structure based
model for the anisotropic mechanical behaviour of the tissue. Biomaterials, 15, 374–382.

Zipfel, W. R., Williams, R. M., Christie, R., Nikitin, A. Y., Hyman, B. T., and Webb, W. W. (2003). Live
tissue intrinsic emission microscopy using multiphoton-excited native fluorescence and second harmonic
generation. Proceedings of the national academy of sciences of the United States of America, 100, 7075–
7080.

Zulliger, M. A., Montorzi, G., and Stergiopulos, N. (2002). Biomechanical adaptation of porcine carotid
vascular smooth muscle to hypo and hypertension in vitro. Journal of biomechanics, 35, 757–765.

Zulliger, M. A., Fridez, P., Hayashi, K., and Stergiopulos, N. (2004). A strain energy function for arteries
accounting for wall composition and structure. Journal of biomechanics, 37, 989–1000.





Samenvatting

Een veel voorkomende behandeling voor hartklepafwijkingen is het vervangen van
het aangetaste weefsel door een mechanische of biologische prothese. Beide typen
hebben echter nadelen, die het gevolg zijn van het feit dat ze uit niet-levend ma-
teriaal bestaan. De prothesen zijn niet in staat om te groeien en te herstellen bij
schade. Bovendien zijn ze van lichaamsvreemd materiaal gemaakt wat een afweer-
reactie kan induceren en kunnen ze zich niet aanpassen aan veranderende behoeften
van het lichaam. Tissue engineering is een alternatieve techniek om de nadelen van
de huidige hartklepprothesen te ondervangen. Het doel van tissue engineering is
het vervaardigen van een lichaamseigen prothese die, zowel qua functionaliteit als
weefseleigenschappen, lijkt op het oorspronkelijke weefsel. Het concept van tissue
engineering is gebaseerd op het kweken van lichaamseigen cellen op een biologisch
afbreekbaar dragermateriaal en het aanbieden van geschikte stimuli. Deze techniek
is relatief succesvol en tissue-engineerde hartkleppen zijn in diermodellen aan de pul-
monaal zijde gëımplanteerd. Echter, de mechanische eigenschappen van deze tissue-
engineerde weefsels zijn nog niet toereikend voor implantatie aan de aorta zijde.

Om deze mechanische eigenschappen te verbeteren wordt de weefselvorming ge-
stimuleerd via een conditioneringsprotocol. Hierbij wordt het weefsel in een biore-
actor systeem blootgesteld aan geschikte biochemische en biomechanische stimuli.
Aangezien de mechanische eigenschappen van de tissue-engineerde weefsels nog niet
optimaal zijn, dienen deze protocollen verbeterd en geoptimaliseerd te worden. De
belastbaarheid van de aortaklep wordt voornamelijk bepaald door een specifieke ar-
chitectuur van collageenvezels die de drukken opvangen tijdens de hartcyclus en de
krachten naar de aortawand doorleiden. Het conditioneringsprotocol zou zich, om
die reden, dan ook moeten richten op het verkrijgen van voldoende hoeveelheden
correct georganiseerd collageen. In deze conditioneringsprotocollen spelen mecha-
nisch gëınduceerde weefseladaptatie en remodellering een essentiële rol. Het ver-
krijgen van inzicht in deze processen is gewenst om de protocollen te optimaliseren
en de mechanische eigenschappen van het weefsel te verbeteren. Echter, de relatie
tussen weefselremodelleren en de mechanische belastingstoestand is complex omdat
deze sterk gekoppeld zijn. Daarom zijn mathematische modellen gewenst om deze
interactie te bestuderen en de reactie van het weefsel op mechanische stimuli te voor-
spellen.

Het doel van dit onderzoek is het verkrijgen van inzicht in weefselremodelleren
onder invloed van mechanische stimuli. In dit proefschrift worden mathematische
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modellen geformuleerd die 1) de mechanische belastingstoestand in het weefsel be-
schrijven en 2) rekening houden met het effect van remodelleren op de mechanica
van het weefsel. De modellen worden in dit proefschrift voornamelijk op de aortaklep
toegepast. Aangezien ook bloedvaten een specifieke collageen-architectuur bevatten,
worden de modellen eveneens hierop toegepast. In dit onderzoek wordt gestart met
het formuleren van remodelleringswetten waarbij uitgegaan wordt van de hypothese
dat de collageenvezels zich richten naar het rekveld. De voorspelde vezelrichtingen
komen sterk overeen met experimentele data van natuurlijke aortakleppen. Echter,
de geformuleerde hypothese blijkt niet toereikend te zijn om de collageenoriëntatie
in bloedvaten te beschrijven. Vervolgens wordt de hypothese succesvol gemodificeerd
en de voorspelde vezeloriëntatie representeert de architectuur die in natuurlijke vaten
aanwezig is. Deze gemodificeerde hypothese wordt daarna ook op de aortaklep
toegepast en hiermee wordt een verbeterde voorspelling van de collageenarchitec-
tuur in de aortaklep verkregen. Vervolgens wordt een structureel constitutief model
gepresenteerd om een nauwkeurigere beschrijving van het mechanisch gedrag van de
weefsels te verkrijgen. Dit model bevat parameters om de hoeveelheid en oriëntatie
van de collageenvezels te beschrijven en maakt het daardoor mogelijk om experi-
menteel gemeten vezeldistributies te incorporeren. Tenslotte wordt het structureel
constitutief model gekoppeld aan de hypothesen voor collageen remodellering. Op
deze manier kan de evolutie van de distributie van collageenvezels en de mecha-
nische eigenschappen in tissue-engineerde cardiovasculaire weefsels bestudeerd en
voorspeld worden.
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