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Summary

Mechanical characterization and

constitutive modeling of the coronary artery

Coronary heart disease is the most frequently occurring cardiovascular disease in

Europe. The components of the arterial wall are strongly related to the arterial

mechanical behavior, and the composition may change because of remodeling

processes that take place in the arterial wall, upon disease or intervention.

Accordingly, much interest lies in modeling the mechanical behavior of the

coronary arterial wall. The main objective of the research described in this

thesis is therefore to mechanically characterize the coronary artery and describe

its behavior with a constitutive model.

An in-vitro experimental model has been developed that enables measurement

of the mechanical behavior of an artery under physiological conditions, through

dynamic simultaneous measurement of pressure, internal diameter, and axial

force. By analysis of the properties of a mixture of xanthan gum and normal

culture medium, a new culture medium has been developed, which has blood

mimicking rheological properties to induce physiological wall shear stresses at

physiological flow rates. This blood-analog culture medium does not influence

cell and tissue biology otherwise. To apply physiological loading to the coronary

artery in this set-up, we have investigated a way to assess the physiological axial

pre-stretch of the coronary artery. It has been validated that at the in-vivo pre-

stretch, the axial force is relatively insensitive to changes in pressure.

For the purpose of predicting the mechanical behavior of a specific coronary

artery, we have derived a generic constitutive model, by providing it with a

generic set of material and geometric parameters. This generic constitutive

model is able to predict the pressure-inner radius and pressure-axial force change

relations of a passive porcine coronary artery, by just measuring its radius at
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Summary

physiological loads and the corresponding pressure.

When, instead of a generic, an artery-specific description of the coronary artery

is desired and only in-vivo pressure-radius data are available, more structural

information of the artery is desired. In this thesis it has been shown, by the

analysis of the fitted material parameters, that the preferred material model

fiber orientation at physiological loading is (36.6 ± 0.4)◦ for human as well as

porcine coronary arteries. This finding can be used as an optimization constraint

in fitting a constitutive model to the mechanical data available.

Finally, a new model to describe the extra stress generated by maximally

constricted smooth muscle cells, has been proposed. This model is well able

to describe the extra smooth muscle stress generated in an arterial ring test,

also beyond the physiological range, and has successfully been added to the

generic constitutive model of the coronary artery.
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Chapter 1. Introduction

Coronary heart disease forms the most frequently occurring cardiovascular

disease and is the single-most common cause of death in Europe (Allender

et al., 2008). It reveals itself in atherosclerotic plaques in the coronary arteries,

causing local or diffuse narrowings, impairing normal blood flow. These lesions

can lead to angina pectoris or acute myocardial ischemia. In some cases drugs

are administered to treat coronary heart failure, however, in 80% of the cases

an intervention, with the aim to recover blood flow, is performed. Usually, a

Percutaneous Transluminal Coronary Angioplasty (PTCA) procedure is applied

(Grech, 2003a,b). A catheter is used to guide a balloon towards the stenosis and

the artery is opened by inflation of the balloon. Blood flow is recovered after the

balloon has been removed. In many cases a stent is placed to prevent arterial

recoil (fig. 1.1).

In recent years, catheters have been developed such that they can be introduced

smoothly into the arterial system without damaging too much the arterial

wall and its endothelial inner layer. Still, endothelial damage can occur and

luminal narrowing may follow, because of neointimal formation as a result

of wound healing, or through constrictive remodeling (Newby, 2000; Prasad

et al., 2007; Wilson and Willerson, 2008; Zargham, 2008). The loads during

PTCA are higher than in the normal physiological situation. Consequently, the

inflation of the balloon at the location of the stenosis can lead to damage of the

Figure 1.1: Balloon inflation and stent placement inside a coronary artery

(Medical Illustrations Copyright c© 2010 Nucleus Medical Media, All rights reserved.

www.nucleusinc.com).
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1.1. Anatomy & morphology

Figure 1.2: The heart and the main coronary arteries (Medical Illustrations Copyright

c© 2010 Nucleus Medical Media, All rights reserved. www.nucleusinc.com).

endothelium and other layers of the arterial wall, and may affect its mechanical

properties. Understanding the mechanical interaction of catheterization devices

and the arterial wall, directly during intervention, and the long-term effect of

intervention, would be helpful in the improvement of such devices. The main

objective of the research described in this thesis is therefore to mechanically

characterize the coronary artery and describe this behavior with a constitutive

model.

1.1 Anatomy & morphology

The coronary arteries branch from the aorta and supply oxygen and nutrients

to the heart (fig. 1.2). There are three main epicardial coronary arteries; the

left anterior descending (LAD), left circumflex, and right coronary artery, each

nourishing a different part of the heart.

The arterial wall is made up of three distinct layers; the intima, the media,

and the adventitia (fig. 1.3). The intima consists of an endothelial cell (EC)

monolayer, which is in contact with the flowing blood, and is separated from

the media by a subendothelial layer, made up of collagenous bundles and elastic

fibrils. The media contains layers of nearly circumferentially oriented smooth

muscle cells (SMCs) (Clark and Glagov, 1985; Dingemans et al., 2000; O’Connell

3



Chapter 1. Introduction

Figure 1.3: Cross-section of an artery with the different arterial wall layers (after

Ross and Glomset, 1976).

et al., 2008) separated by elastic laminae, which are made up of collagenous and

elastin bundles. The adventitia, which is the outermost layer of the arterial wall,

mainly consists of collagen fibers (Rhodin, 1980; Alberts et al., 1994).

1.2 Arterial mechanical behavior

The components present in the arterial wall are strongly related to the arterial

mechanical behavior. Arteries do not follow linear elastic behavior, but show an

increased stiffness at increasing stretch (fig. 1.4(a), passive artery curve). One of

the first to relate this typical shape of the distensibility curve to the components

present in the arterial wall were Roach and Burton (1957). They showed, by

removal of elastin through trypsin, that arterial stiffening at increasing stretch

became more pronounced. Removal of collagen, by addition of formic acid, on

the other hand, resulted in less arterial stiffening at increasing pressures. Lanir

(1979) attributed this highly non-linear behavior to the gradual straightening

of collagen fibers at increasing stretch, which have a wavy morphology when

unloaded. Lanir (1979, 1983) also incorporated a distribution on the collagen

fiber orientation to a model describing collagenous tissues.

Apart from the passive elastin and collagen, the arterial mechanical behavior can

also be changed by a change in activity of the ECs and SMCs. SMCs can actively

change the arterial diameter through vasoconstriction or -dilation. Actin

4



1.3. Constitutive models
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Figure 1.4: (a) Example of the pressure-radius relation of an artery in the passive and

the constricted state; (b) Example of the pressure-axial force relation of an artery at

increasing axial stretch (λz), with the dashed line representing the transition stretch

at which the axial force is nearly pressure-invariant.

and myosin filaments, in the SMCs, are incorporated within the intermediate

filaments of the cytoskeleton and enable this vasoconstriction (Alberts et al.,

1994). SMCs undergo slow, sustained contractions. A contraction of the

SMCs causes a shift of the pressure-radius curve downward and to the right,

relative to the curve under passive conditions (fig. 1.4(a), constricted artery

curve). ECs form an important intermediate for SMC activity through their

mechano-responsive nature. Exposing ECs to an increased shear stress leads

to a mechano-transduction pathway, which causes an endothelium-dependent

relaxation of the SMCs (Davies, 1995). ECs are therefore important in vascular

function.

1.3 Constitutive models

Many different constitutive models have been developed, all aiming at describing

the non-linear, anisotropic arterial wall behavior. Most models describe the

arterial wall behavior using a strain energy function (SEF), which relates the

strain energy of an elastic material to its deformation. Fung (1993) termed the

models pseudo-elastic, as arteries do not behave as perfectly elastic material,

5



Chapter 1. Introduction

as the loading path and unloading path are not the same, but are modeled

purely elastic (sometimes with different relations for the loading and unloading

path). The first models were based on a pure phenomenological approach. Fung

et al. (1979) were among the first to model the arterial mechanical behavior

by introducing a seven-parameter exponential SEF. Although this model tends

to be over-parameterized, it is well able to capture the arterial stiffening

behavior of arteries. Later Takamizawa and Hayashi (1987) proposed a four-

parameter logarithmic SEF. This SEF however, has a limited ability to describe

the anisotropic behavior of arteries (Humphrey, 1999). More recent models

are models by, among others, Holzapfel and Weizsäcker (1998), Holzapfel and

Gasser (2000), Humphrey and Na (2002), Zulliger et al. (2004a), and Driessen

et al. (2005, 2008). Holzapfel and Gasser (2000) were the first to use a more

structural approach by modeling the wall as a fiber-reinforced material, with

the fibers representing the collagen present in the arterial wall. The matrix

material is described as Neo-Hookean, representing the elastin, combined with

an exponential SEF, to describe the stiffening behavior of the arterial wall.

Anisotropy was modeled by incorporating the collagen fibers as a cross-ply with

a certain preferred orientation. Zulliger et al. (2004a) adopted this structural

modeling approach by including the wavy nature of collagen that recruits as

load is increased, based on the ideas of Lanir (1983). Driessen et al. (2005,

2008) adapted the model by Holzapfel and Gasser (2000) by incorporating a

distribution on the fiber orientation. Moreover, mixing theory was incorporated

in the direction of the fibers, describing the overall mechanical behavior as a

combination of the individual components (van Oijen, 2003). All three models

are well able in describing the typical pressure-radius relation of arteries.

1.4 Studying arterial remodeling

Nowadays, interest in the remodeling processes of the arterial wall, to study

the long-term arterial wall adaptation upon e.g. intervention, has increased.

Different modeling approaches have been proposed (e.g. Driessen et al., 2008;

Machyshyn et al., 2010) and several experimental models exist (e.g. Chesler

et al., 1999; Bakker et al., 2000, 2004a; Han and Ku, 2001; Fridez et al., 2002;

Gambillara et al., 2005, 2008; VanBavel et al., 2006; Lawrence and Gooch,

2009) to study the effects of loading changes, in-vivo, as well as in-vitro. An

6



1.5. Mechanical characterization of the passive artery

interesting approach in studying arterial remodeling experimentally is to culture

an artery outside the body in an in-vitro set-up and study the mechanical

and biological changes upon a change in load (e.g. an increased pressure to

simulate hypertension, Bakker et al., 2004b) or upon treatment of the vessel

(e.g. balloon angioplasty). The advantage of an in-vitro culturing approach

is that the remodeling response to a single, controlled change in loading can

be studied. It is, however, important to keep the arterial segments under

physiological circumstances, to avoid that the in-vitro culturing affects the

artery’s behavior. Ideally, physiological in-vivo conditions are created within

an in-vitro environment. This includes providing the artery with sufficient

nutrients and oxygen, keeping it at a physiological temperature, and loading the

artery physiologically. The latter includes physiological pressures, axial stretch,

and flow to induce a physiological shear stress. Inducing a mean physiological

wall shear stress, estimated to be 1.5 Pa, is important for maintaining arterial

wall integrity, as this induces an athero-protective endothelial phenotype (Malek

et al., 1999; Lehoux and Tedgui, 2003). The arteries in such in-vitro studies,

however, are typically perfused with culture medium having a viscosity lower

than blood, thus inducing wall shear stresses below physiological levels when

physiological flow rates are applied. The objective of the research described in

chapter 2 therefore is to find a blood-analog culture medium that does not

influence cell and tissue biology otherwise. Such a culture medium could be

used to apply more physiological boundary conditions to a cultured vessel than

is possible with current culture media.

1.5 Mechanical characterization of the passive artery

Before mechanical arterial wall remodeling can be modeled, the arterial

mechanical behavior under normal, healthy circumstances needs to be known.

Several experimental methods have been developed to characterize arterial wall

mechanics, e.g., uniaxial and biaxial tensile tests with arterial rings and strips

(Cox, 1983; Lally et al., 2004; Holzapfel et al., 2005), and inflation and axial

extension tests with longer arterial segments (Lu et al., 2004). The latter

is more preferable as the tubular shape of the artery is preserved (Hayashi,

1993; Humphrey and Na, 2002). In addition, the axial force needed to

keep the imposed axial pre-stretch during inflation constant can be measured

7



Chapter 1. Introduction

Figure 1.5: A radial cut in an unloaded arterial ring (left) results in an opened ring

section, which is stress-free (right). The residual strain present in the arterial wall

of the unloaded ring is quantified with the opening angle α. Here α is defined as in

Holzapfel and Gasser (2000).

simultaneously. The thus measured pressure-radius and pressure-axial force

relations can then be fitted with the use of a proposed constitutive model.

To obtain a full mechanical characterization of the arterial tissue, the reference

state of the unloaded artery needs to be known. In addition, when a radial

cut is made in an arterial ring segment, the ring springs open, denoting the

presence of residual strain in the unloaded configuration. This residual strain

is quantified by the opening angle, which is a measure of the extent to which

the ring is opened in the situation in which the segment is considered stress-

free (Chuong and Fung, 1986; Fung, 1991; Holzapfel and Gasser, 2000, fig. 1.5).

The disadvantage, however, is that the unloaded, stress-free state can only be

obtained in an in-vitro environment.

There are numerous studies that have fitted different artery models to experi-

mentally obtained data (e.g. Holzapfel and Gasser, 2000; Zulliger et al., 2004a;

Pandit et al., 2005; Wang et al., 2006). However, no attempt has been made

to determine how well the derived parameter values can predict the mechanical

behavior of an arbitrary artery, and of the coronary artery specifically, in-vivo

without knowing the reference state. It would be of great value when the arterial

pressure-radius and pressure-axial force relation could be predicted over a larger

pressure range with a single in-vivo radius measurement at physiological pressure

and axial pre-stretch, such that further in-vitro experiments can be avoided. One

of the objectives of the research described in this thesis therefore is to prove the

possible existence of a constitutive model that is able to predict the radius-

specific mechanical behavior of a coronary artery, when provided with a generic

set of material and geometric parameters (Chapter 3).

8



1.5. Mechanical characterization of the passive artery

Constitutive models with corresponding material parameters can be used to

compute the in-vivo stresses present in the arterial wall. To achieve this, the in-

vivo physiological loads to which the artery is subjected need to be known. The

in-vivo axial pre-stretch of the coronary artery, though, has not been validated

and cannot be measured in-vivo. Early studies on dog carotid, femoral, and

aortic arteries (Weizsäcker and Pascale, 1977) and rat carotid arteries (van Loon,

1977) have shown that there is a typical relation between the pressure and axial

force at increasing axial stretch. At low axial stretches, the axial force needed to

maintain the axial stretch constant decreases at increasing pressures, whereas

at higher stretches, the axial force needed increases at increasing pressures.

In between there is a transition stretch, at which the axial force is relatively

insensitive to the changes in the applied pressure load (fig. 1.4(b)). Later it was

found that for those arteries this transition stretch corresponds to the in-vivo

pre-stretch of the artery (Weizsäcker et al., 1983). In Carboni et al. (2007),

it was assumed that this also holds for the coronary artery, though they state

that this is not clear, as this was never validated. Accordingly, the objective of

chapter 4 is to investigate whether this transition stretch can be used as a way

to assess the physiological axial pre-stretch of the coronary artery.

In patient studies, the only information available when studying arterial wall

mechanics, is the pressure-radius relation at physiological pressures. The clinical

data do not provide information regarding e.g., the axial stress and strain

and the radial deformations in the low pressure range. As those arteries

may have an altered wall composition, a generic constitutive model describing

radius-specific mechanical behavior of a healthy coronary artery will probably

not suffice. However, including all these extra unknown parameters in the

estimation procedure can easily result in over-parameterization. To overcome

this problem, extra constraints can be incorporated in the estimation procedure.

One constraint that could be used in fitting model parameters to the clinical

data available, is to use the pressure-invariant axial force relation at physiological

loading (the transition stretch). Still, as finding other constraints is desirable,

the aim of chapter 5 of this thesis is to find additional optimization constraints

to make patient-specific parameter estimation, based on in-vivo data, more

feasible.

9



Chapter 1. Introduction

1.6 Mechanical characterization of the active artery

Once the passive arterial behavior is well understood and described, the

constitutive model, describing the passive components of the arterial wall, can

be extended with an active part, representing the active stress generated by

the SMCs. Up till now, only few models have included the active behavior

of the vascular SMCs (e.g. Rachev and Hayashi, 1999; Zulliger et al., 2004b),

even though SMC activation does alter the mechanical behavior of arteries

significantly (e.g. Hudetz et al., 1980; Bank et al., 1995). Rachev and Hayashi

(1999) included an extra stress developed by the SMCs to a SEF that describes

the passive components in the arterial wall. In this theoretical study they

showed that an increase in muscular tone results in an increase of the opening

angle, denoting an increased residual strain. Zulliger et al. (2004b) modeled

the vascular SMCs as a structural element. At maximum constriction the

extra active stress is linearly dependent on the SMC stretch within a certain

range of deformation, outside this range the SMCs generate no active stress at

all. This relation mostly holds within the physiological range of pressure and

axial pre-stretch. Although Zulliger et al. (2004b) were successful in describing

the pressure-radius curve of constricted rat carotid arteries, it is known that

active SMCs exhibit a typical Hill-like stretch-active stress relation (Dobrin and

Rovick, 1969; Dobrin, 1978; Cox, 1982, 1983), meaning that the active stress

is maximal at a certain stretch. When, for example, an artery is less stiff; or

arterial remodeling occurs; or a balloon is inflated in an artery, the arterial SMCs

may be stretched outside the linear range modeled by Zulliger et al. (2004b).

Therefore, the goal of the study in chapter 6 is to model the circumferential

stretch-active SMC stress relation of the arterial wall, including the relation at

higher and lower circumferential stretches. In addition, as the coronary SMCs

are known to show a relatively low constrictive capacity compared to other

arteries of a similar size (Cox, 1978), specific coronary SMC model parameters

will be incorporated in the model.

10



1.7. Outline

1.7 Outline

In this introduction different objectives have been raised, which will be dealt

with in the following chapters of this thesis:

Chapter 2: Find a blood-analog culture medium that does not significantly

influence cell and tissue biology otherwise, which can be used to

apply physiological boundary conditions to a cultured vessel.

Chapter 3: Prove the possible existence of a constitutive model that is

able to predict the radius-specific mechanical behavior of a

coronary artery, when provided with a generic set of material

and geometric parameters.

Chapter 4: Investigate whether the transition stretch, at which the axial

force is insensitive to changes in pressure, can be used as a way to

assess the physiological axial pre-stretch of the coronary artery.

Chapter 5: Find estimation constraints in order to make patient-specific

parameter estimation to describe the coronary arterial wall,

based on in-vivo data, more feasible.

Chapter 6: Model the stretch-active SMC stress relation and acquire specific

coronary SMC parameters.

Meeting these objectives will lead to more knowledge of the mechanical

characteristics of the coronary artery, both in experiments and modeling. In

chapter 7 the findings will be discussed and the implications and ideas for

future research will be outlined.

11
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Chapter 2. Blood-analog culture medium

Abstract

Physiological wall shear rates and stresses in vessel culture or tissue engineering

are relevant for maintaining endothelial cell (EC) integrity. To this end, the

culture medium should have an appropriate viscosity. The viscosity of a

standard culture medium was increased using xanthan gum (XG) and compared

with literature data on whole blood, resulting in a medium with blood-analog

shear-thinning behavior (XG-medium). The measured osmolality of the XG-

medium was (285± 2) mOsm kg−1, which is within a physiologically acceptable

range. The XG-medium was compared to standard medium to verify whether

XG alters vascular cell function. First, the effect of XG on the growth of human

EC monolayers was determined. In addition, to study whether XG changes

drug-induced vasoconstriction or endothelium-dependent vasodilation, different

drugs were administered to porcine coronary artery rings in a solution with or

without XG, measuring the isometric force developed. XG did not influence

EC growth, nor did it change drug-induced vascular tone. Moreover, the ECs

aligned in the direction of flow after 24 h of physiological shearing with XG-

medium. We conclude that, unlike standard culture media, XG-medium as

a blood-analog culture medium has rheological properties suitable for use in

vessel culture and tissue engineering to induce physiological wall shear stresses

at physiological flow rates.

14



2.1. Introduction

2.1 Introduction

Organ culture has become increasingly important in studying atherosclerosis,

a complex and multifactorial disease (Ross, 1993), and the effect of various

treatments (van den Heuvel, 2005). With organ culture, relevant physiological

parameters such as pressure and flow, with corresponding wall tension and shear

stress, can be controlled and their effect on the arterial wall can be studied

effectively (Chesler et al., 1999; Mavromatis et al., 2000; Clerin et al., 2002;

Gambillara et al., 2006).

Ideally, in arterial culture or tissue engineering, physiological in-vivo conditions

are created within an in-vitro environment. Inducing a mean physiological

wall shear stress, estimated to be 1.5 Pa, is important for maintaining arterial

wall integrity, as this induces an atheroprotective endothelial phenotype (Malek

et al., 1999; Lehoux and Tedgui, 2003). The arteries in such in-vitro studies,

however, are typically perfused with culture medium having a viscosity lower

than blood, thus inducing wall shear stresses below physiological levels when

physiological flow rates are applied.

Human blood is a non-Newtonian fluid, which shows shear-thinning behavior.

Several supplements have been investigated to create a fluid with those blood-

like mechanical properties. Examples of such substances are polyacrylamide

(Moravec and Liepsch, 1983; Mann and Tarbell, 1990), glycerol (Moravec and

Liepsch, 1983; Brookshier and Tarbell, 1993), and xanthan gum (XG) (Thurston

and Pope, 1981; Mann and Tarbell, 1990; Brookshier and Tarbell, 1993; Gijsen

et al., 1999). For use in arterial culture, however, the supplement should not

affect the cell and tissue biology.

Previously, among others, Gijsen et al. (1999) used XG to create a non-

Newtonian solution with blood-analog shear-thinning behavior for use in a large

artery model. XG is a polysaccharide produced by the bacterium Xanthomonas

campestris found on cabbage. It is a very stable thickener and low concentrations

already result in high viscosities and shear-thinning behavior (Rocks, 1971;

Sanderson, 1981). It is expected that the addition of XG to a culture medium

will not lead to large changes in osmolality, because of its high molar mass

(approximately 2 · 106 g mol−1, Katzbauer, 1998) and the low concentration

that is needed to increase fluid viscosity to blood viscosity levels. In human

studies, XG has been documented as a safe additive to food without adverse

dietary or physiological effects (Eastwood et al., 1987). Babbar and Jain (2006)

15



Chapter 2. Blood-analog culture medium

Table 2.1: XG concentration and solutions used for the different experiments.

Experiment Solution XG conc. (g L−1)

Viscosity measurement Culture medium 0.0, 0.1, 0.2,. . . , 1.0

EC medium 0.0, 0.1, 0.2,. . . , 1.0

Osmolality Culture medium 0.0 and 0.7

Culture of EC monolayer EC medium 0.0 and 0.66

EC alignment EC medium 0.66

Vasoactive prop. and cell function PSS 0.0 and 0.69

proved the biocompatibility of XG for cultures of bacteria and fungi.

The aim of this study was to develop a culture medium with blood-analog

mechanical properties, based on the addition of XG, that does not significantly

influence cell and tissue biology otherwise. Such a culture medium could be

used to apply more physiological boundary conditions to a cultured vessel than

is possible with current culture media.

Viscosity measurements were performed to determine the XG concentration

needed to create a culture medium with non-Newtonian shear-thinning behavior

comparable to that of blood. To examine the effect of XG on cell biology both

the osmolality of the XG supplemented culture medium and the effect of the

culture medium with XG on cell growth in endothelial cell (EC) monolayers were

investigated. It has been well established that, after a certain time, ECs align

in the direction of the flow when exposed to a laminar shear stress (Dewey-Jr.

et al., 1981). Therefore, the shear-sensing property of ECs will be studied by

examining EC alignment after 24 h of physiological shear stress. It was also

investigated whether XG possesses any intrinsic vasoactive properties or affects

arterial smooth muscle and endothelial cell function.

2.2 Materials & Methods

2.2.1 Preparation of an XG solution

XG (Fluka Biochemika, 95465) was sterilized by exposure to UV light for

90 minutes. The XG was added to different culture media or a physiological

salt solution (PSS) at different concentrations (table 2.1) and dissolved at 37◦C

at constant agitation for a period of approximately 24 h, until clear solutions

were obtained.
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2.2.2 Viscosity measurements

The culture medium should have shear-thinning behavior comparable to that

of blood for physiological shear rates of 100–500 s−1 in the larger arteries

(> 1 mm diameter). A porcine epicardial coronary artery, such as the proximal

part of the left anterior descending coronary artery (LAD), has an inner

diameter of approximately 3 mm, and a flow rate (at rest) of 60 mL min−1.

The required fluid viscosity to induce a mean physiological wall shear stress

(1.5 Pa) is estimated considering the culture medium as a Newtonian solution.

Consequently, the fluid viscosity should be about 4 · 10−3 Pa·s for a wall shear

rate of approximately 200 s−1. Around this mean shear rate the medium should

show non-Newtonian, blood-analog shear-thinning behavior.

Viscosity measurements were performed with a regular culture medium, as used

in organ culture and an EC medium for use in the culture of endothelial cells.

The regular culture medium (Dulbecco’s Modified Eagle’s Medium (DMEM),

BE12-707, BioWhittaker) was supplemented with 2% fetal bovine serum (FBS),

1% penicillin/streptomycin, 1% L-glutamine, 0.2% amphotericin, 5 mg L−1

vancomycin, as used in arterial culture. The EC medium consisted of EGM-

2 medium supplemented with growth supplements (Cambrex, CC-3162) and

20% FBS (Greiner). We examined both media with stepwise increasing XG

concentrations from 0.1, 0.2, 0.3, . . . 1.0 g L−1.

A cone-plate test (Macosko, 1994) was performed at 37◦C to determine the

viscous behavior of the DMEM and EC medium solutions with different

concentrations of XG (ARES, Rheometric Scientific). The shear rate varied

from 1000 s−1 to 10 s−1 decreasing by 6 steps per decade. Each measurement

took 4 s and was repeated twice. The viscosities measured at a shear rate of

200 s−1 for the different XG concentrations were fitted with a quadratic function.

From this fit the XG concentration needed to increase the medium viscosity to

4 · 10−3 Pa·s was determined.

2.2.3 Osmolality

The osmolality of DMEM alone and DMEM supplemented with XG (0.7 g L−1)

was measured at 37◦C using a vapor-pressure osmometer (Knauer). A

calibration curve was determined using different concentrations of NaCl. The

osmolality of both solutions was determined from 3 samples and averaged.
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2.2.4 Effect of XG on cell morphology and growth

ECs were harvested from fresh discarded vein segments of the human saphenous

vein, obtained from patients undergoing coronary bypass surgery, in conformity

with the code of conduct for secondary use of human tissue as stated by the

Dutch Federation of Biomedical Scientific Societies. The cells were expanded

in-vitro with standard methods using EC medium. At passage 5, the ECs were

seeded in 25 cm2 flasks (n = 48) at a concentration of 5000 cells cm−2. After

1 day, the flasks were divided into 2 groups, one where the cells were kept on

EC medium, and one where the EC medium was supplemented with XG, at a

concentration of 0.66 g L−1 at which the viscosity was 4·10−3 Pa·s at a shear rate

of 200 s−1 (EC-XG medium). At days 2, 4, 6, and 8, phase contrast images were

made of flasks (n = 6) from each group and the number of cells was determined

using a nucleocounter (chemometec).

Quantitative data were averaged per group per time point, and represented as

mean ± standard deviation. Using a weighted two-way ANOVA analysis, the

influence of time and XG-medium were determined. Post-hoc comparisons using

the Bonferroni correction were used to determine significant differences (p <

0.05) between groups per time point. All statistical analyses were performed

using SPSS v.15.0 software (SPSS Inc., Chicago, IL, USA).

2.2.5 Effect of XG on endothelial cell alignment

ECs harvested and expanded as described in section 2.2.4 were seeded (1.6 ·

104 cells cm−2) on 0.1% gelatin coated glass slides (n = 8). The ECs were

cultured overnight in EC medium, after which medium was changed to EC-XG

medium. The slides were divided into a static and a shear stress group. ECs

in the shear stress group (n = 4) were subjected to a steady laminar shear

stress with a physiological value of 1.5 Pa induced by the EC-XG medium using

a parallel-plate flow chamber. Flow was generated by a roller pump, which

was configured such that pulsations were minimized. After 24 h of culture

at zero-flow (n = 4) and physiological shear stress (n = 4), EC monolayers

were fixed in formalin for 10 minutes. The ECs were stained with rhodamin-

conjugated Phalloidin (1:200, Sigma) and DAPI (1:500, Sigma), labeling the

EC actin filaments and cell nuclei, respectively. Images were made with a 40×

objective using a fluorescence microscope (Zeiss).
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2.2.6 Intrinsic vasoactive properties of XG and its effect on cell function

To test whether XG possesses any intrinsic vasoactive properties or affects

smooth muscle and endothelial cell function, rings of a porcine coronary artery

were stimulated by inducing either vasoconstriction by direct smooth muscle

stimulation, or vasodilation by indirect stimulation of the smooth muscle

cells through an endothelium-dependent pathway. Ideally, vasoconstrictor

and vasodilator properties remain unchanged upon addition of XG to the

surrounding saline.

Hearts from Landrace-Yorkshire hogs were obtained at a local slaughterhouse.

Immediately after sacrifice the aorta was cannulated and the coronary circu-

lation perfused with a physiological salt solution (PSS, containing (mM) 119

NaCl, 25 NaHCO3, 4.7 KCl, 1.2 MgSO4, and 1.5 CaCl2) with 5.5 mM glucose,

bubbled with 5% CO2 in O2 and buffered with HEPES (20 mM). The LAD

was carefully dissected and the proximal 3–4 cm of the artery were left intact.

Arterial rings were mounted on two steel wires for isometric force measurement

(Multi Myograph System 610M, Danish Myo Technology, Denmark). One wire

was attached to an isometric force transducer and the other to a displacement

unit, permitting control of the internal circumference of the preparation. The

organ bath contained PSS, gassed with 5% CO2 in O2. The coronary arteries

were allowed to equilibrate in PSS to 37◦C and stretched to the stretch at

which the active force development was maximum. After a stabilizing period

in the organ bath, artery tone was induced via receptors by prostaglandin F2α

(PGF2α, 10−5 M). In some experiments the endothelial cell layer was removed

with a small cotton stick. Successful removal was evaluated by adding the

endothelium-dependent vasodilator bradykinin (Bk, 10−7 M). Total inhibition

of relaxation to Bk was indicative of successful mechanical removal of endothelial

cells.

Potential vasoactive properties of XG (0.69 g L−1, the concentration at which

medium viscosity is 4·10−3 Pa·s at a shear rate of 200 s−1) were tested by: (1) the

effect of adding XG on preconstriction with 10−5 M PGF2α in arterial segments

with and without endothelium; (2) the effect of adding XG on endothelial

function with Bk concentration response curves. Bk concentration varied from

10−10 to 10−7 M increasing in two steps per decade. Results are presented

as mean ± SEM and the number of coronary segments. Because coronary

artery tension varied between the segments, the steady state tension induced by

19



Chapter 2. Blood-analog culture medium

PGF2α was used as an internal standard (100%). To test for differences between

preconstriction with PGF2α, a Student’s T-test was used. Differences in Bk

concentration response curves were evaluated using two-way ANOVA analysis.

Differences were considered statistically significant when p < 0.05.
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Figure 2.1: (a) XG concentration in DMEM and EC medium versus the viscosity at

a shear rate of 200 s−1. The data are fitted with a quadratic function (R2 = 0.992

and 0.999 for the fit of the XG concentration vs. the DMEM and EC medium,

respectively); (b) Shear rate versus the viscosity of DMEM supplemented with XG

(0.7 g L−1) and of blood determined by Chien et al. (1970), McMillan et al. (1987),

and Thurston (1979). The two vertical dashed lines indicate the range of physiological

shear rates for large arteries (> 1 mm diameter).
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2.3 Results

2.3.1 Viscosity measurements

Viscosity increased with increasing XG concentration (fig. 2.1(a)). Moreover,

the solution demonstrated shear-thinning behavior (fig. 2.1(b)). From the fit

in figure 2.1(a) it can be shown that the XG concentration in DMEM and EC

medium should be 0.69 g L−1 and 0.66 g L−1 respectively to create a medium

viscosity of 4 · 10−3 Pa·s at a shear rate of 200 s−1. This would result in an

average wall shear stress of 1.5 Pa for a porcine epicardial coronary artery.

2.3.2 Osmolality

The osmolality of DMEM was (317±10) mOsm kg−1, compared to an osmolality

of (285 ± 2) mOsm kg−1 for DMEM supplemented with XG.

2.3.3 Effect of XG on cell morphology and growth

To examine the effect of XG on cell growth, the effect of XG supplemented

culture medium on cell growth in an endothelial cell monolayer was investigated.

No differences were found in the EC shape and size, between the normal

EC medium and EC-XG medium (fig. 2.2), suggesting that the ECs are not

influenced by the presence of XG. In both groups, the EC growth was rapid in

the first days and leveled off towards confluence, suggesting contact inhibition

of growth (fig. 2.3).

Figure 2.2: Typical images of EC monolayers after 8 days of culture in (a) EC medium

and (b) EC-XG medium. No difference in EC shape and size can be observed.
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Figure 2.3: Time versus the cell density in a human EC culture in EC and EC-XG

medium. No significant difference in cell density was found.

The two-way ANOVA analysis of the growth curves (fig. 2.3) revealed a

significant effect of time on cell density (p < 0.001), but the presence of XG

did not have that significant effect. At each time point, post-hoc comparisons

of the groups did not show any significant differences between the EC medium

control group and the EC-XG medium group.

2.3.4 Effect of XG on endothelial cell alignment

When ECs were cultured with EC-XG medium under zero-flow conditions, ECs

were oriented randomly (fig. 2.4(a)). After 24 h under a shear stress of 1.5 Pa

with EC-XG medium, the ECs and the associated actin filaments elongated and

aligned in the direction of the flow (fig. 2.4(b)). Moreover, the actin cytoskeleton

organization changed; more actin filaments can be observed in the central part

of the ECs, in contrast to the ECs in the control group where actin filaments

were concentrated at the outer edges of the cells.

2.3.5 Intrinsic vasoactive properties of XG and its effect on cell function

To investigate whether XG possesses any intrinsic vasoactive properties, or

affects smooth muscle and endothelial cell function, rings of a porcine coronary

artery were stimulated by addition of PGF2α (vasoconstriction) and Bk

22



2.4. Discussion and conclusion

Figure 2.4: F-actin filaments and cell nuclei in ECs cultured (a) under static

conditions; (b) after 24 h under a physiological laminar shear stress of 1.5 Pa (both at

40× magnification). The scale bar represents 50 µm length, the arrow in (b) indicates

the direction of the flow. ECs are oriented (a) randomly and (b) in the direction of

the flow.

(endothelium-dependent vasodilation).

There was no effect of XG on the coronary artery tension of arterial rings in

PSS preconstricted with 10−5 M PGF2α in arterial segments with or without

ECs (fig. 2.5(a)). The tension is presented relative to the steady state tension

induced by 10−5 M PGF2α.

Figure 2.5(b) represents the effect of adding XG on the Bk-induced vasodilation

of preconstricted arterial rings in PSS, as a measure of endothelial cell function.

As in figure 2.5(a), arterial tension is presented relative to the steady state

tension induced by 10−5 M PGF2α. XG did not alter Bk-induced vasodilation

significantly.

2.4 Discussion and conclusion

We investigated XG for its suitability as a viscosity enhancing agent for use in

cardiovascular tissue culture. The main findings of this study were that: (1)

XG-medium has blood-analog mechanical properties; (2) the osmolality of XG-

medium is within a physiologically acceptable range; (3) addition of XG to EC

medium does not influence EC growth; (4) ECs align in the direction of the flow

after 24 h of physiological shear stress induced by XG-medium, and (5) XG does

not change drug-induced vascular tone.
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Figure 2.5: (a) The effect of XG compared to normal medium on preconstriction with

PGF2α in coronary artery segments with endothelium, and without endothelium.

No significant differences in arterial tension were found; (b) Addition of XG (n =

14) compared to normal medium (n = 14) on Bk concentration response curves in

coronary artery segments after preconstriction with 10−5 M PGF2α. No significant

difference in arterial tension was found.

Viscosity measurements were performed to study the effect of XG on medium

viscosity. Medium viscosity indeed increases with increasing XG concentration

(fig. 2.1(a)). Also, the solution shows shear-thinning behavior (fig. 2.1(b)).

The viscosity measurements performed on blood, as found in the literature,

exhibit a large spread. Still, the DMEM-XG solution, though showing more

pronounced shear-thinning behavior than blood, has viscosities within the

same range as the different blood measurements at physiological shear rates.

For DMEM with supplements, the XG concentration should be 0.69 g L−1.

With this XG concentration, a medium viscosity of 4 · 10−3 Pa·s for an

average shear rate of 200 s−1 is created and the required mean physiological

wall shear stress, estimated to be approximately 1.5 Pa (Malek et al., 1999;

Lehoux and Tedgui, 2003), is induced at physiological flow rates. For the EC-

XG medium the required XG-concentration to create this increased medium

viscosity is 0.66 g L−1 (fig. 2.1(a)), so less XG is needed, probably due to the

higher concentration of FBS in the EC medium. Because of this, viscosity

measurements should be performed to determine the optimal concentration for

each specific medium.
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A culture medium with blood-like shear-thinning behavior is of specific im-

portance for physiologically pulsatile flow in arteries, as the oscillatory shear

stress amplitude is attenuated by the shear-thinning behavior. Also, in flow

in veins and venules, exhibiting low shear rates, the shear-thinning behavior is

more pronounced. Therefore, the use of XG-medium is of particular interest in

culturing arteries and veins at physiological pulsatile flows.

In tissue engineering and organ culture, for which the XG supplemented culture

medium may be used, it is of importance that the medium viscosity is constant

over time. After subjecting XG-medium to 48 h of flow (1.5 Pa shear stress)

generated with a roller pump, no differences in shear thinning behavior were

found (data not shown). As culture medium is usually replaced every 2–3 days,

these results indicate that physiological shear stresses are maintained during

culturing. It should be noted, however, that if degradation of XG occurs this

will not be caused by the 1.5 Pa shear stress, but by the pump in which higher

shear stresses may occur. Consequently, degradation of the XG polymer chains

leading to a change in viscosity may happen when a different pump is used.

To date, dextran, exhibiting Newtonian behavior in solution, is the most

widely used viscosity enhancing additive in artery culture (Chesler et al., 1999).

However, Sen et al. (2002) reported that the medium osmolality is increased

to 385 mOsm g−1 for a dextran concentration of 150 g L−1, which, in that

study, was needed to increase medium viscosity to blood viscosity levels, whereas

osmolalities between 260 mOsm kg−1 and 320 mOsm kg−1 are acceptable

for most cells (Freshney, 1994). This was corroborated by the finding that

dextran concentrations above 50 g L−1 were detrimental to cell proliferation

and affected cell metabolism (Sen et al., 2002). Other examples of supplements

that have been reported to increase medium viscosity for use in cultures of fungi,

bovine embryos, and neural stem cells, respectively, are, alginate (Gromada and

Fiedurek, 1997), hyaluronic acid potassium salt (Stojkovic et al., 2002), and

(carboxy)methylcellulose (Sen et al., 2002). However, a study at our labratory

showed that, when added to DMEM, the osmolalities of the solutions were

outside the physiologically acceptable range (data not shown). Therefore, they

have not been investigated further. The osmolality of DMEM-XG (0.7 g L−1)

is (285± 1.9) mOsm kg−1, which is within the physiologically acceptable range

and comparable to blood plasma osmolality (±290 mOsm kg−1, Boron and

Boulpaep, 2005). DMEM alone has an osmolality of 317 mOsm kg−1. Therefore,

all DMEM-XG solutions up to a concentration of at least 0.7 g L−1 will be
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physiologically compatible. Accordingly, there was no significant difference

between the growth of human endothelial cells in normal EC medium or EC

medium supplemented with XG (fig. 2.3). Moreover, the shape and size of the

ECs did not change (fig. 2.2). From those results it can be concluded that the

proliferation rates are not compromised due to the added XG. The standard

deviation of the growth curves increases with time, and this might be explained

by the fact that the EC layers were already confluent after 6 days and it is

known that growing cells overconfluent is not recommended (Freshney, 1994).

The response of ECs to fluid shear stress was studied by subjecting ECs to

physiological shear stress in a parallel-plate flow chamber. After 24 h of shear,

EC alignment in the direction of flow was prominent, whereas, when ECs were

cultured statically in presence of EC-XG medium, no cell alignment was visible

(fig. 2.4), which is in agreement with previous investigations (Dewey-Jr. et al.,

1981; Remuzzi et al., 1984). Also, the change in arrangement of the actin

filaments; i.e. the increase of aligned actin filaments in the center of the ECs, was

similar to a study in which ECs were subjected to 1.5 Pa shear stress induced

with medium, which had not been supplemented with a viscosity-enhancing

substance (Galbraith et al., 1998). Therefore, it can be concluded that XG

does not influence the response of ECs to shear stress. In addition, as it has

been suggested that the EC glyocalyx surface layer is necessary for ECs in

mechanosensing (Florian et al., 2003; Yao et al., 2007), it can be concluded

that, in that case also, the functioning of the glycocalyx layer is not affected by

the XG.

To investigate whether XG possesses any intrinsic pharmacological properties,

porcine coronary rings were tested for their constrictive and dilative capacity in

the presence of XG in PSS. XG had no significant influence on PGF2α-induced

preconstriction in arterial segments with and without endothelium (fig. 2.5(a)).

Moreover, it did not affect Bk-induced vasodilation significantly (fig. 2.5(b)).

From those tests it can be concluded that XG does not influence endothelial

and smooth muscle cell activity.

In conclusion, this study shows that, unlike standard culture media, XG-medium

as a blood-analog culture medium has rheological properties suitable for use in

vessel culture and tissue engineering to induce physiological wall shear stresses

under physiological flow conditions.
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Abstract

Constitutive models describing the arterial mechanical behavior are important

in the development of catheterization products, to be used in arteries with a

specific radius. To prove the possible existence of a constitutive model that,

provided with a generic set of material and geometric parameters, is able to

predict the radius-specific mechanical behavior of a coronary artery, the passive

pressure-inner radius (P -ri) and pressure-axial force change (P -∆Fz) relations

of seven porcine left anterior descending coronary arteries were measured in

an in-vitro set-up and fitted with the model of Driessen et al. (2005, 2008).

Additionally, the collagen volume fraction, the approximated physiological axial

pre-stretch, and the wall thickness to inner radius ratio at physiological loading

were determined for each artery. From this, two generic parameter sets, each

comprising four material and three geometric parameters, were obtained. These

generic sets were used to compute the deformation of each tested artery using a

single radius measurement at physiological loading as an artery-specific input.

Artery-specific P -ri and P -∆Fz relations were predicted with an accuracy of

32 µm (2%) and 6 mN (29% relative to ∆Fz-range) on average compared to

the relations measured in-vitro. It was concluded that the constitutive model,

provided with the generic parameters found in this study, can well predict artery-

specific mechanical behavior.
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3.1 Introduction

The percutaneous transluminal coronary angioplasty procedure is one of the

most commonly used methods to restore blood flow in case of coronary artery

disease. Although this procedure has proven to be very successful, restenosis

may still occur. Therefore, in recent years, much attention has been paid

to the development of drug-eluting stents with the aim to reduce the risk of

restenosis. Apart from pharmacological developments, mechanical developments

in the treatment of coronary artery disease are also of major importance. The

development of catheters with such mechanical properties that they can be

introduced smoothly into the arterial system without damaging the arterial

wall and its endothelial inner layer too much is therefore of great interest.

Also, less damage of the endothelium and other layers of the arterial wall as

a result of the inflation of the balloon at the location of the stenosis might

decrease the restenosis rate. Therefore, a better understanding of the mechanical

interaction of catheterization products and the arterial wall may be helpful in

the improvement of those products. For this, a generic constitutive model,

describing the coronary arterial wall behavior under load, is needed.

Several experimental methods have been developed to characterize arterial wall

mechanics, e.g. uniaxial and biaxial tensile tests with arterial rings and strips

(Cox, 1983; Lally et al., 2004; Holzapfel et al., 2005), and inflation and axial

extension tests with longer arterial segments (Lu et al., 2004). The latter

is more preferable as the tubular shape of the artery is preserved (Hayashi,

1993; Humphrey and Na, 2002). In addition, the axial force needed to

keep the imposed axial pre-stretch during inflation constant can be measured

simultaneously. The thus measured pressure-radius and pressure-axial force

relations can then be fitted with the use of a proposed constitutive model.

A commonly used model is the one developed by Holzapfel and Gasser (2000) in

which the arterial wall is described as a fiber-reinforced material, with the fibers

representing the collagen. This model was adapted by Driessen et al. (2005,

2008), incorporating a distribution on the fiber orientation. To obtain a full

mechanical characterization of the arterial tissue, the reference state needs to

be known. Therefore, the pressure needs to be varied below the physiological

range, and the axial pre-stretch needs to be known. The disadvantage, however,

is that such measurements can only be conducted in an in-vitro environment.

It would be of great value when the arterial pressure-radius and pressure-axial
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force relation could be predicted over a larger pressure range with a single

in-vivo radius measurement at physiological pressure and axial pre-stretch.

The objective of this study is therefore to prove the possible existence of a

constitutive model that, provided with a generic set of material and geometric

parameters, is able to predict the radius-specific mechanical behavior of a

coronary artery. To achieve this goal, the arterial wall behavior, including

pressure-radius and pressure-axial force measurements, was determined for seven

porcine left anterior descending coronary arteries (LADs). The LAD was used,

as this coronary is relatively straight and hardly tapering (about 5% cm−1).

The measurements were fitted with the constitutive model of Driessen et al.

(2005, 2008). It is expected that the physiological incorporated fiber distribution

in this model will improve the fit and will therefore lead to a better generic

description of the artery. From those fits, two different generic parameter

sets (Ῡ and Υm), each comprising four material parameters, were obtained.

The first, by taking the mean of the parameters derived for each LAD, and

the second, by fitting the parameters to the mean behavior of all LADs, so

combining all measurements. Moreover, the wall thickness to inner radius

ratio, the approximated physiological axial pre-stretch, and the collagen fiber

fraction were determined for the seven arteries and averaged. Next, the generic

parameter sets and the averaged geometric parameters, together with the radius

determined at physiological pressure of a particular artery, were used as an

input for the model to predict the arterial wall behavior of that artery. The

thus determined pressure-inner radius and pressure-axial force change relations

of each artery were validated by comparing with the experimentally measured

relations of each LAD.

3.2 Materials & Methods

3.2.1 Sample preparation

Porcine hearts (n = 7) were obtained at a local slaughterhouse. Immediately

after exsanguination of the animal, the heart was removed and immersed in

a cold cardioplegia solution to stop its activity. Hearts were transported to

the laboratory on ice. Within 3h after explantation, segments of the LAD,

20–30 mm in unstretched length, were excised from the heart. Side branches

were closed using arterial clips, and loose connective tissue was removed. Two

cannulae were inserted at the proximal and distal ends of each segment and fixed
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with a suture. The ex-vivo, unstretched segment length (l0) was determined by

measuring the length between the two sutures. As the contraction state of the

heart after exsanguination is unknown, the pre-stretched segment length on the

heart was not used.

3.2.2 Experimental set-up

The arterial segment was placed in an in-vitro set-up (fig. 3.1) and mounted at l0

between two stainless steel tubes immersed in a Kreb’s solution. The cannulae

were connected to silicone rubber tubes using polypropylene connector parts,

making up a closed circuit together with the organ bath. Part of the circuit

consisted of a pressure pump, which was driven with a proportional pneumatic

valve (Festo, The Netherlands), inducing a pulsatile pressure. The pressure was

measured by a pressure transducer (P10EZ, BD, USA). The Kreb’s solution

was pumped through a silicone tube that was immersed in a warm water bath

heating up the Kreb’s solution. The heated solution was then returned to the

organ bath. A temperature sensor in the organ bath allowed temperature control

of the fluid surrounding the arterial segment, keeping it at 38◦C.

The tube at the proximal end of the segment was fixed to a stainless steel

rod perpendicular to the tube. The rod was fixed to a linear actuator and a

controller (235.5 DG and C843, Physik Instrumente, Germany) by which the

Figure 3.1: In-vitro set-up for the arterial mechanical behavior assessment.
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pre-stretched length of the segment could be controlled. The distal cannula was

connected to an axial force transducer via a rigid axial bearing, measuring the

reduced axial force (Fz, eq. 3.8) during the inflation experiment. Changes in

arterial inner diameter were recorded using an ultrasound scanner with a linear

probe (8 MHz, Esaote Europe, The Netherlands) combined with an arterial

analyzer (Art.Lab, Esaote Europe, The Netherlands). The ultrasound probe

was placed in a 3D manipulator for easy positioning. The inner diameter (Di)

was measured along 32 lines cm−1 in B-Mode (30 frames s−1). The pressure (P )

signal was recorded simultaneously with Di. The proportional valve controlling

the pressure, the linear actuator, and P -Fz data acquisition, were controlled

with Labview software (National Instruments, USA).

3.2.3 Test protocol

Arterial segments were allowed to equilibrate at l0 in a Kreb’s solution at 38◦C

for 30 min. Subsequently, papaverine was added (10−4 M) inducing arterial

relaxation and a moderate flow through the segment was induced. After 15 min,

flow was stopped and a cyclic pressure load at a frequency of 1 Hz was applied.

Transmural pressure varied from 0 kPa to the maximum pressure that could be

achieved without inducing arterial buckling, with a maximum of 16 kPa. The

artery was stretched axially at a strain rate of 0.01 s−1 until the axial force

amplitude resulting from the cyclic pressure was minimized. This was used as

an approximation of the physiological length of the segment (lphys, Weizsäcker

et al., 1983), with the corresponding axial pre-stretch being λz,phys = lphys/l0.

The arterial segment was axially preconditioned by stretching the artery from l0

to lphys 5 times at a strain rate of 0.01 s−1, after which the axial force response

did not change anymore.

Next, the segment was cyclically pressurized from 0–16 kPa with a sinusoidal

function (1 Hz) at lphys. The P -inner radius (P -ri) and P -Fz relations were

measured for one pressure cycle, once the relations were reproducible. The

pressure signals from the ultrasound system and the data acquisition system

were used to synchronize the P -ri and P -Fz recordings. Next, the change in

axial force during a pressure cycle, ∆Fz, was obtained by subtracting the axial

force at P = 0 from the axial force data. As some hysteresis was present, the

P -ri and P -∆Fz relations at increasing pressure load were averaged with the

corresponding relations at decreasing pressure load. The resulting P -ri and

P -∆Fz relations were used to fit with the model (see section 3.2.6).
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3.2.4 Morphologic analysis

Histological analysis was performed to investigate the morphology of the arterial

wall. At the end of the test protocol, a small ring was cut from the middle part

of each arterial segment and fixed in a 10% formalin solution in PBS for 12–

24 h. Next, segments were embedded in paraffin. From each segment 6 µm

thick circular tissue sections were cut and placed on poly-L-lysine coated glass

slides. After rehydration of the tissue sections, major structural components in

the vascular tissue were visualized using a Masson Trichrome (MTC) staining,

coloring muscular and connective tissue pink and collagen blue. Pictures of the

tissue sections were taken at a 10× magnification. An estimate of the average

cross-sectional area of the unloaded segment (A0), to be used in section 3.2.6,

was determined by measuring the inner and outer circumference (Ci and Co

resp.) of the tissue section (A0 = (C2
o − C2

i )/4π). The relative thickness of

the adventitia layer, used as a measure of the collagen fiber volume fraction in

the arterial wall (φf ), was determined by measuring the inner circumference of

the adventitia layer (Ca) (φf = (Co − Ca)/(Co − Ci)). This approximation for

the collagen fiber fraction is motivated by the fact that the main component

of the adventitia is collagen and the media mainly consists of smooth muscle

cells (Rhodin, 1980). It is assumed that the overestimation of collagen in the

adventitia is mostly compensated by neglecting the collagen in the media.

3.2.5 Constitutive model

To describe the arterial mechanical response to axial extension and intraluminal

pressure variations, the artery is considered an incompressible (Chuong and

Fung, 1984), thick-walled tube. The Cauchy stress (σ) in the arterial wall

is calculated using the constitutive model of Driessen et al. (2005, 2008). In

this model, the arterial wall is described as a fiber-reinforced material with a

spatial distribution of the fiber orientation, the fibers representing the collagen.

Using the rule of mixtures in the direction of the fibers, the general constitutive

equation is given by

σ = −pI + τ̂ +

N
∑

i=1

φi
f

(

τ i
f − ~ei

f · τ̂ · ~ei
f

)

~ei
f~ei

f ,
�

�

�

�
3.1

with p the hydrostatic pressure, τ̂ the isotropic matrix stress, and τ i
f , φi

f , and ~ei
f

the stress, relative volume fraction and current orientation of fiber i respectively,
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and N the number of fiber families. For the isotropic part of the stress, a Neo-

Hookean description with a shear modulus G is used:

τ̂ = G(B − I) ,
�

�

�

�
3.2

with the left Cauchy-Green deformation tensor (B) given by B = F · FT , with

F the deformation gradient tensor. To describe the non-linear stress-strain

behavior of arteries, the stress of fiber i is described with an exponential relation

for λi
f ≥ 1:

τ i
f = 2k1λ

i
f

2
(

λi
f

2
− 1

)

ek2(λi
f

2
−1)

2

,
�

�

�

�
3.3

where λi
f is the stretch of fiber i and k1 and k2 are a stiffness and dimensionless

fiber parameter. As the fibers can only exert force in tension, τ i
f = 0 for λi

f < 1.

The direction of fiber i in the deformed configuration is derived from the fiber

direction in the undeformed configuration (~ei
f0

), the fiber stretch (λi
f ) and F by

λi
f~ei

f = F · ~ei
f0

, λi
f = ‖F · ~ei

f0
‖ =

√

~ei
f0

· C · ~ei
f0

,
�

�

�

�
3.4

with C = FT · F, the right Cauchy-Green deformation tensor and

~ei
f0

= cos(βi)~eθ + sin(βi)~ez ,
�

�

�

�
3.5

with βi the angle of fiber i relative to the circumferential direction in the

unloaded configuration. The volume fraction of fiber i is defined by a periodic

approximation of the normal probability distribution (Driessen et al., 2008) as

φi
f (βi) = A exp

[

cos(2(βi − β)) + 1

γ

]

,
�

�

�

�
3.6

with β and γ the main fiber angle and the dispersion of the fiber volume fraction

distribution resp., and A a scaling factor to ensure the total volume fraction of

fibers equals φf .

The prescribed internal lumen pressure P can be calculated using the boundary

conditions σrr|r=ro
= 0 and σrr|r=ri

= −P by:

P =

ro
∫

ri

(σθθ − σrr)
dr

r
,

�

�

�

�
3.7

with P the internal lumen pressure. The deformation resulting from a known

load with internal pressure P and axial extension λz can then be found by
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solving (3.7) following the procedure described in e.g. Driessen et al. (2004).

When the deformation is known, the reduced axial force Fz needed to keep the

axial stretch during inflation constant can be computed using:

Fz = 2π

ro
∫

ri

σzzrdr − πr2
i P .

�

�

�

�
3.8

3.2.6 Fit procedure

The model (section 3.2.5, with N=9 and γ=10◦) was fitted to the experimental

data of each LAD j (j = {1, ..., 7}) obtained in section 3.2.3, by estimation

of the unloaded inner radius (Ri) and wall thickness (H0), and optimization

of the four fit parameters {G, k1, k2, β}, using the algorithm as described

in figure 3.2. First, an estimate of the unloaded geometry (R
(0)
i and H

(0)
0 )

based on A0 (section 3.2.4, A0 = π((R
(0)
i + H

(0)
0 )2 − (R

(0)
i )2) of each data set

j (j = 1 − 7) and the model parameters (Υ(0)) were used as an input for the

model for the first iteration. Next, Ri and H0 were optimized by minimization

of the sum of squares of the deviation between the experimentally measured

ri(P = 0) (E0) and the model output for ri(P = 0) (M0). Subsequently, the

sum of squares of the deviations between the experimentally measured ri and

∆Fz (P = 0 − 16 kPa) (E) and the model output for ri and ∆Fz for the same

pressure range (M) was minimized using the Levenberg-Marquardt algorithm to

optimize the four fit parameters. Each time the parameter set was changed, also

during the Levenberg-Marquardt process (loop 2, fig. 3.2), a new estimate of the

unloaded geometry was made. During the entire fit procedure, incompressibility

was maintained by keeping the volume constant. For the estimation of the

unloaded geometry this meant that the unloaded cross-sectional A0 was kept

constant as λz is 1 for that case. In the loaded configuration at λz,phys the

loaded cross-sectional area, defined as Aphys = A0/λz,phys, was kept constant

to meet the incompressibility condition. The resulting individual parameter set

of LAD j is referred to as Υj = {Gj , k1,j , k2,j , βj}.
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Figure 3.2: A schematic representation of the protocol used to estimate the unloaded

geometry and to fit the model parameters to the experimental data, using the

Levenberg-Marquardt method. A load (λz,P ), unloaded cross-sectional area (CSA)

and estimate of the model parameters and unloaded geometry ((Υ,Ri,H0)
(0)) were

given as an initial input for the numerical model. First, the unloaded geometry was

estimated by fitting ri (P = 0) (loop 1). Next, the model parameters were estimated

by fitting the experimental ri and ∆Fz data (loop 2), using the estimated unloaded

geometry as an input. Υj is the final optimal parameter set of LAD j. M0 and E0

are the model and experimental output for ri (P = 0) and M and E are the model

and experimental output for ri and ∆Fz (P = 0 − 16 kPa).
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3.2.7 Generic description of the porcine LAD

To determine whether the estimated parameters of section 3.2.6 can be used to

obtain a generic description of the porcine LAD, two generic parameter sets were

defined (fig. 3.3). The first generic parameter set was obtained by averaging the

seven parameter sets Υj (section 3.2.6), giving the averaged parameter set Ῡ

(={Ḡ, k̄1, k̄2, β̄}). To obtain the second generic parameter set, the experimental

data of LAD 1−7 were averaged. This data set was fitted with the model using

the fit procedure as described in section 3.2.6, by which the generic parameter

set Υm was obtained. The sets Ῡ and Υm were used as an input for the model.

Moreover, three generic geometric parameters were obtained by averaging: φf ,

λz,phys and the ratio κ = h/ri at physiological loading (P ≈ 13.3 kPa and

λz,phys) of the 7 LADs considered resulting in φ̄f , λ̄z,phys, and κ̄ respectively.

Both Ῡ and Υm, and φ̄f , λ̄phys, and κ̄ were used as an input for the model

and applied to each LAD j. The experimentally measured ri at physiological

loading (ri,phys = ri(P ≈ 13.3 kPa, λz,phys)), was used as an LAD-specific

input. The unloaded geometry (i.e. Ri and H0) was determined iteratively by

fitting the model to the experimentally measured ri,phys and keeping the known

cross-sectional area (A0 = λ̄z,physπ(κ̄2 + 2κ̄)r2
i,phys) constant.

Figure 3.3: The different obtained parameter sets, Υj being the parameter set fitted

to the experimental data of LAD j, Ῡ the averaged parameter set of the sets Υ1−7,

and Υm the parameter set derived by fitting the averaged data of LAD 1–7.
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3.2.8 Data analysis

The model approximations of the P -ri relations were analyzed by determining

the mean relative deviations of the approximated P -ri relations with Υj , Ῡ, or

Υm from the experimentally derived relation for each LAD j, i.e.

δr =
1

nk

nk
∑

k=1

∣

∣

∣

∣

ri,M (k) − ri,E(k)

ri,E(k)

∣

∣

∣

∣

,
�

�

�

�
3.9

with nk the number of data points, and ri,M (k) and ri,E(k) the model

approximation and experimentally determined ri at data point k respectively.

As a measure of the quality of the model fit of the P -∆Fz relations, the relative

deviations of the approximated axial force amplitude from the experimentally

measured amplitude were determined. This was done by determining the

deviation of the model approximation of the maximum and minimum of the

∆Fz-range from the experimentally measured maximum and minimum, relative

to the experimentally measured ∆Fz-range for each LAD j, i.e.

δF =
1

2

|min(∆Fz,M ) − min(∆Fz,E)| + |max(∆Fz,M ) − max(∆Fz,E)|

max(∆Fz,E) − min(∆Fz,E)

�

�

�

�
3.10

with ∆Fz,M and ∆Fz,E the model approximation of and the experimentally

determined ∆Fz respectively.

Table 3.1: Geometric parameter values of LAD 1–7 and their means and

standard deviations (SD); Ri and H0 the final estimate of the unloaded inner

radius and wall thickness from the fit procedure; κ = h/ri at P ≈ 13.3 kPa and

λz,phys; φf the collagen fiber fraction; λz,phys the physiological axial pre-stretch.

LAD Ri (mm) H0 (mm) κ (-) φf (-) λz,phys (-)

1 1.25 0.34 0.092 0.37 1.36

2 1.52 0.39 0.088 0.39 1.49

3 1.14 0.29 0.086 0.35 1.39

4 1.23 0.33 0.113 0.45 1.41

5 1.36 0.31 0.105 0.48 1.34

6 1.07 0.29 0.064 0.41 1.38

7 1.32 0.32 0.112 0.42 1.36

Mean±SD 1.3 ± 0.2 0.32 ± 0.04 0.09 ± 0.05 0.41 ± 0.05 1.39 ± 0.05
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3.3 Results

Arterial geometry and mechanical behavior were determined for seven porcine

LADs. Figure 3.4 shows an MTC-stained histological section from which the

LAD-specific unloaded cross-sectional area was derived to be used for fitting

(A0 = (3.0 ± 0.7) mm2). Moreover, the fiber fraction φf was derived from

the thickness of the adventitia of the histology sections and was 0.41 ± 0.05 on

average. The average approximation of the physiological pre-stretch λz,phys was

1.39± 0.05 (table 3.1). The wall thickness to inner radius ratio at physiological

loading was 0.09 ± 0.02.

The experimentally measured P -∆Fz and P -ri relations, the model fits, and

the resulting parameter sets are shown in figures 3.5(b-h), 3.6(b-h), and 3.7,

respectively. The variation in the fitted parameters of the 7 sets is larger for k1

and k2 than for G and β (fig. 3.7). The optimal parameter sets Υj resulted in a

good quality of the fits of the P -ri relations with an average relative deviation

of 0.005 ± 0.003 (δ̄r, table 3.2), corresponding to a deviation of 8.6 µm on

average. The optimal model approximations of the P -∆Fz relations resulted in

Figure 3.4: Histological section of an LAD stained with MTC with the inner

circumference (Ci, dotted line), inner circumference of the adventitia layer (Ca,

dashed line), and the outer circumference (Co, solid line) used to determine geometric

parameters. Muscular and connective tissue are colored pink and collagen is stained

blue.
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Figure 3.5: Model approximations of the experimental P -∆Fz data (circles) of the

mean data of LAD 1–7 (a) and of LAD 1–7 (b-h) using Υi (solid lines), Ῡ (dashed

lines), and Υm (dotted lines).
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Figure 3.6: Model approximations of the experimental P -ri data (circles) of the mean

data of LAD 1–7 (a) and of LAD 1–7 (b-h) using Υi (solid lines), Ῡ (dashed lines),

and Υm (dotted lines).

43



Chapter 3. A generic constitutive model

Table 3.2: Parameter values of the generic sets Ῡ and Υm, the generic geometric

parameters used as a generic input for the constitutive model, and the mean relative

deviations ± SD of the model approximations from the experimental data of LAD

1–7 using Υj , Ῡ, and Υm.

G k1 k2 β λ̄z,phys φ̄f κ̄ δ̄F δ̄r

(kPa) (kPa) (-) (◦) (-) (-) (-) (-) (×10−2)

Υj see figure 3.7 see table 3.1 0.2 ± 0.1 0.5 ± 0.3

Ῡ 18 29 3.6 37
1.39 0.41 0.09

0.7 ± 0.26 2 ± 1

Υm 22 33 3.6 34 0.29 ± 0.09 2 ± 1

an average relative deviation of the maxima and minima from the ∆Fz range of

0.2 ± 0.1 (δ̄F ), corresponding to an average deviation of about 4 mN from the

experimentally measured axial force range. Averaging the sets Υ1−7 resulted in

Ῡ (table 3.2) and fitting the average data of LAD 1–7 (fig. 3.5(a) and 3.6(a))

resulted in the generic set Υm (table 3.2). The parameters G and k1 of set Ῡ

are smaller than the corresponding parameters of set Υm, whereas k2 and β of

the two sets correspond well (difference < 10%). Using the generic parameter

sets in combination with the generic geometric parameters (table 3.2) with a

given LAD specific ri at physiological loading to approximate the P -∆Fz and

the P -ri relations, resulted in the relations as shown in figures 3.5(b-h) and

3.6(b-h). The deviations of the model approximations from the experimental

data increased when a generic parameter set was used compared to the use of

Υj . δF increased more when Ῡ was used than with Υm (3.5× vs 1.5× increase,

table 3.2) and the increase was similar for δr (4×, table 3.2).

3.4 Discussion

In this study a generic description of the passive mechanical behavior of

the porcine LAD is presented by prescribing generic geometric and material

parameters to be used with the model by Driessen et al. (2005). Contrary to

other studies, the generic parameters that were obtained have been applied to

each tested artery using a single radius measurement at physiological loading

to obtain artery specific P -ri and P -∆Fz relations, which compared well to the

relations measured in-vitro.

The experimental method, with maximum pressures still physiological and
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Figure 3.7: The parameter values of the parameter sets Υj (j = {1, ..., 7}). Bars and

errorbars represent the mean values ± SD of the parameters of Υ1−7.

measurements at the approximated physiological axial pre-stretch, differs from

other studies. E.g., Schulze-Bauer et al. (2003) loaded human iliac arteries with

a maximum pressure of 250 mmHg and, in contrast to our study, an axial force

(0–9.9 N) while measuring the resulting axial stretch. Holzapfel et al. (2005)

performed uniaxial tests to determine layer-specific mechanical properties of

human coronary arteries. We preferred measurements to be performed in a

physiological environment, while maintaining the artery’s structural integrity.

Accordingly, we let the maximum load not exceed maximal physiological levels

to prevent arterial wall damage and used whole artery segments. Maintaining

the tubular shape of the arterial segments, nevertheless, had the disadvantage

that layer-specific material parameters could not be obtained, as layers could

not be separated while maintaining segments free of any leakage.

In this study, only the axial force change during a pressure cycle (i.e. ∆Fz)

has been considered due to a possible inaccuracy in the absolute axial force

measurements. Moreover, it has been shown that when the P -ri and P -Fz

relations are fitted simultaneously using a fiber-reinforced model as used in

this study, the results are relatively poor (Zulliger et al., 2004a; Rezakhaniha

and Stergiopulos, 2008). Hence, Rezakhaniha and Stergiopulos (2008) included

an anisotropic elastin structure in the model to overcome this problem. In

future studies it would therefore be interesting to fit the P -Fz, instead of P -

∆Fz behavior, while considering the findings of the study mentioned above. It
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should be noted, though, that when elastin anisotropy is taken into account this

also increases the number of material parameters.

Residual strains were not accounted for in this study. As the stress distribution

through the vessel wall is of interest, including the residual strain might be of

interest as well. Since measuring the opening angle as a measure of residual

strain leads to very heterogenous results, a better option would be to include

the opening angle as an extra fit parameter using a method as presented by

e.g. van Dyke and Hoger (2002). However, we tried to keep the number of

fit parameters to a minimum and therefore it was decided not to include the

residual strain in this study.

The generic geometrical parameters φ̄f , κ̄, and λ̄z,phys, were derived by

averaging the measurements of the 7 tested LADs (tables 3.1 and 3.2).

The collagen fiber volume fraction φ̄f was derived from histological data by

determination of the relative thickness of the adventitia, as collagen is mainly

located in this layer (Rhodin, 1980). Although the adventitia not only consists of

collagen it was assumed that this was compensated by neglecting the collagen in

other parts of the arterial wall. The volume fraction of 0.41 found in this study

is in the same range as the 0.48 fraction of collagen per dry weight found by

Fischer and Llaurado (1966) for the canine coronary artery. A possible under- or

overestimation of φ̄f used in this study will mostly be compensated by a higher

or lower k1 as those two are directly related in the fiber part of the constitutive

model. The wall thickness to inner radius ratio at 13.3 kPa was 0.09 with a

small standard deviation of 0.02, which would be expected as circumferential

stress levels are assumed to be comparable for different arteries. This ratio

corresponds to the value of 0.10 for porcine coronary arteries derived from the

data by Lu et al. (2004).

All P -ri and P -∆Fz measurements were performed at the stretch at which the

axial force is pressure-invariant (referred to as λz,phys). A clear transition stretch

at which the axial force range during a pressure cycle was minimal could be

observed. On average λz,phys was found to be 1.39 ± 0.05, which is the same

as the in-vivo stretch for the canine coronary artery in Humphrey et al. (2009).

The typical P -Fz behavior at in-situ stretch has been shown for rat carotid

arteries (Weizsäcker et al., 1983) and dog carotid, femoral, and aortic arteries

(van Loon, 1977). To the best of our knowledge, this has not yet been proven

for porcine coronary arteries. Kassab et al. (2002) did derive a measure of the

physiological stretch by pressurizing the main coronary arteries in an isolated
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heart preparation at 80 mmHg (λz = 1.32 ± 0.11, n = 5). An underestimation

of the physiological stretch of the LAD in that study would be expected as

pressures in the unloaded heart were below physiological levels. Nevertheless,

we compared the derived mean λz,phys from our study to the stretch found in

that study and no significant difference in the stretches was found (P-value of

0.24). It would be preferred to validate this stretch in a more accurate way.

Measuring the in-vivo stretch of the coronary arteries is rather complicated as

they are located on a beating heart and in the ex-vivo situation, as beating has

ceased, pressure load on the heart, and thus stretch, are reduced. In spite of

the complexity of such a measurement, information on the in-vivo stretch of the

coronary artery is desired.

The experimentally measured reduced axial force range at λz,phys was 20 mN

on average (fig. 3.5), compared to an absolute axial force of 150− 200 mN. The

P -ri relations show the typical arterial stiffening behavior (fig. 3.6), which is

captured by the exponential relation for the fiber stress in the model (eq. 3.3).

An assumption was made for the distribution of the fiber orientation, using a

periodic approximation of the normal probability distribution with a dispersion

of 10◦ (eq. 3.6). Using a technique that enables visualization of collagen, like

confocal microscopy, would make it possible to use a possibly more physiological

distribution in future studies.

The relations of each artery were fitted (fig. 3.5 and 3.6) resulting in the optimal

fit parameter sets Υj (fig. 3.7). There is quite some spread in the parameter

values between the different individual data sets, with the highest standard

deviations on the fiber parameters k1 and k2 (fig. 3.7). The P -ri relation of

LAD 3 does not reveal a clear s-shape, resulting in a low shear modulus and

high k1. LAD 4, 5, and 7 show arterial stiffening at a lower pressure, correlating

with the higher value found for the fit parameter k2. LAD 6 shows the largest

change in ri, resulting in a lower value of the fitted shear modulus and the fiber

parameters, and a higher mean fiber orientation β corresponding to a more

axially oriented arrangement of the fibers. The fits correspond well with the

experimentally measured relations for the whole pressure range. The resulting

average deviation from the maxima and minima of the P -∆Fz relations was

about 4 mN (δ̄F = 0.20) and the average deviation from the P -ri relations

was 8.5 µm (δ̄r = 0.005). In addition, preliminary studies have shown that

the modeled distribution on the fiber orientation led to a better fit of the

experimental data than when this distribution was not accounted for. From
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this it can be concluded that the constitutive model of Driessen et al. (2005)

that was used in this study is well capable of describing the P -∆Fz and P -ri

relations of the passive porcine coronary artery.

The generic sets Ῡ and Υm correspond well for k2 and β, whereas the parameters

G and k1 are higher for the set Υm, indicating stiffer arterial wall behavior

(table 3.2). The difference in the generic parameter sets can be attributed to

the non-linearity of the constitutive model. The model approximations of the

P -∆Fz relations deviate less from the experimental data when Υm instead of Ῡ

was used. This can be ascribed to the fact that the set Υm was derived from

the fit of the averaged mechanical relations of all 7 arteries at the mean λz,phys,

which is the same as the generic λ̄z,phys. The averaged P -∆Fz relation shows a

small axial force range. The parameters of Υm describe this small axial force

range at λ̄z,phys, which was used as a generic input. As the axial force range of

the individual experimental data sets was small as well, deviations are smaller

when Υm was used.

The P -ri approximation using a generic set was made LAD-specific by intro-

ducing the measured ri at physiological loading as an LAD specific input. This

ri,phys was approximated iteratively with the model using the generic parame-

ters. Consequently, the model approximates the experimentally measured P -ri

relation at physiological pressures very well (fig. 3.6). At lower pressures more

deviation was found, especially for LAD 6 with Υ6, which has parameter values

different from the other parameter sets Υj . Using the generic parameter sets

Ῡ and Υm resulted in an increase of δ̄F to 0.7 and 0.29 respectively, the latter

corresponding to an average deviation from the experimentally measured axial

force range of only 6 mN. The approximation of the P -ri relations resulted in a

relative deviation of 0.02 for both generic sets, corresponding to a deviation of

only 32 µm on average, which is in the same order as the measuring accuracy

of the change in diameter of the used ultrasound machine (=31 µm).

Summarizing, a generic geometric parameter set in combination with two generic

model parameter sets for the model by Driessen et al. (2005) describing the

passive mechanical behavior of the porcine LAD has been proposed. The generic

model parameter set Υm is preferred as using this set results in a more accurate

approximation of the P -∆Fz relation. Using a single radius measurement at

physiological loading with the corresponding pressure, the P -∆Fz and P -ri

relations, as a measure of the mechanical behavior of the porcine LAD, can

be predicted with an accuracy of about 6 mN (= 29% relative to the ∆Fz
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range) and 32 µm (= 2%) on average. The proposed model in combination with

the generic parameters of Υm (table 3.2) enables prediction of the behavior of

a specific porcine coronary artery for a larger pressure range by performing a

single radius measurement at physiological loading.
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Chapter 4. Coronary axial pre-stretch

Abstract

Studying arterial wall mechanics is important in the understanding of patho-

logical processes and the optimization of the diagnosis and treatment of arterial

disease. The coronary arteries are of particular interest as those arteries are

prone to the development of atherosclerosis, the consequences of which may

be very severe. To mechanically characterize the arterial wall, the in-vivo

physiological loads to which the artery is subjected need to be known. The

in-vivo axial pre-stretch of the coronary artery though, was never validated and

can not be measured in-vivo. Therefore, the aim of this study is to find a way to

assess the physiological axial pre-stretch of the left anterior descending coronary

artery (LAD). It was hypothesized that the physiological pre-stretch of the LAD

corresponds to the transition stretch of the artery, defined as the stretch at

which the artery shows a pressure-invariant axial force behavior. To test this

hypothesis, the physiological pre-stretch of the porcine LAD was determined on

an isolated physiological beating heart. Subsequently, the LAD was dissected

from the heart and the transition stretch was determined in an in-vitro set-up

with an inflation and extension experiment. The average stretch at transition

was 1.37 ± 0.02, which was found not to be significantly different from the

determined mean physiological pre-stretch of the LADs considered, which was

1.36± 0.04. Hence, we have good reasons to assume that the physiological axial

pre-stretch of the healthy LAD corresponds to the transition stretch.
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4.1. Introduction

4.1 Introduction

In recent years interest in mechanically characterizing the arterial wall and its

growth and remodeling has increased considerably. Knowledge of the stresses

and strains present in the arterial wall is useful as these are closely related to

the physiology and patho-physiology of the arterial wall. Much attention has

been given to the contribution of wall shear stress and circumferential stress

in remodeling processes, though axial wall stress is of great importance as well

(Humphrey et al., 2009). It has even been suggested that axial loading is a

primary mediator of vascular remodeling (Lawrence and Gooch, 2009). In-

vivo, the artery is pre-strained with an axial strain of typically 40 − 60%. The

corresponding pre-stress is nearly completely borne by the elastin present in the

arterial wall (Dobrin et al., 1990; Cardamone et al., 2009). Zhang et al. (2005)

suggested that an axial pre-stretch exists to homogenize the stress and strain

distributions present in the arterial wall during loading. In addition, Rachev

(2009) states that under physiological loading the artery should be mechanically

stable. Instability occurs under high intraluminal pressures and low axial pre-

stretch ratios, resulting in buckling of the artery.

As the coronary arteries are prone to the development of atherosclerosis and

the consequences may be very severe, research has been done to characterize

those arteries (Carmines et al., 1991; Holzapfel et al., 2005; Carboni et al.,

2007; van den Broek et al., 2010). The in-vivo axial pre-stretch of the coronary

artery though, has been approximated in those experiments, as the true value

has not been validated. Carmines et al. (1991) performed inflation experiments

on human and porcine coronary arteries and made no attempt to approximate

the in-vivo axial pre-stretch. Instead measurements were performed at different

axial lengths, acquiescing an unknown in-vivo stress state. Holzapfel et al. (2005)

determined the axial in situ pre-stretch of the human left anterior descending

coronary artery (LAD) by measuring the distance between two markers along

the LAD on an unloaded heart and related this to the distance between the two

markers when the arterial segment was disconnected from the heart. However,

it is questionable whether this pre-stretch coincides with the in-vivo axial pre-

stretch, i.e. whether the artery’s length on an unloaded relaxed heart is similar to

the length when the heart is at physiological pressures. In Carboni et al. (2007)

and van den Broek et al. (2010), the axial force and diameter response of porcine

coronary arteries to a dynamic pressure load were measured at the stretch at
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which the axial force behavior was relatively insensitive to changes in pressure,

as an approximation of the physiological axial pre-stretch. Early findings of

Weizsäcker and Pascale (1977) showed similar behavior for rat carotid arteries

and later it was found that this stretch, referred to as the transition stretch,

corresponds to the in-vivo pre-stretch of the artery (Weizsäcker et al., 1983).

Below the transition stretch the axial force needed to maintain the axial stretch

constant decreased during inflation, whereas at supra-physiological stretches the

axial force needed increased at increasing pressures. Similar observations were

found in experiments on dog carotid, femoral, and aortic arteries (van Loon,

1977). As also noticed by Carboni et al. (2007), it is not clear whether this

behavior is also characteristic of the coronary artery. It could be that this

relation is different for the coronary artery, because of the special location of

the coronary on the beating heart. Therefore, the aim of this study is to find

the physiological axial pre-stretch of the porcine LAD, hypothesizing that this

is the stretch at the transition length.

To test this hypothesis the physiological axial pre-stretch of the LAD was deter-

mined on an isolated beating porcine heart, which was beating physiologically.

Subsequently, the LAD segment was isolated from the heart and used in an

experiment in which the transition length was determined. The LAD segment

was loaded with a pulsatile pressure while the axial extension was stepwise

increased until the transition length was reached. In this way, the stretch at the

transition length and the physiological axial pre-stretch found in the isolated

heart experiment could be compared.

4.2 Materials & Methods

The physiological axial pre-stretch of the LAD was measured on an isolated

beating heart model and compared to the transition stretch, which was

determined in an in-vitro set-up with an inflation and extension experiment.

4.2.1 Heart preparation

Porcine hearts (n = 5) were obtained from pigs that were slaughtered for

human consumption at a local slaughterhouse, following regular slaughter

protocols. The protocols at the slaughterhouse and laboratory were developed in

accordance with EC regulations 1774/2002 regarding the use of slaughterhouse

animal material for diagnosis and research, supervised by the Dutch government
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(Dutch Ministry of Agriculture, Nature and Food Quality) and approved by the

associated legal authorities of animal welfare (VWA).

Immediately after exsanguination by an incision of the carotid artery, the thorax

was opened and the heart, usually still beating, was removed from the body

and cooled in ice. The aorta was cannulated for administration of 1L of cold

cardioplegia solution (4◦C Modified StThomas supplemented with 5000IU of

Heparin) to the coronary arteries to stop the heart’s activity. In addition, 5L

of blood were collected from pigs slaughtered afterwards and heparinized with

5000IU L−1, for later reperfusion. The heart and blood were transported to the

lab on ice (4◦C).

Preparations in the lab were performed under cold and cardioplegic conditions

by hourly administration of cardioplegia solution. Cannulae were connected to

the aorta and left atrium, and excess pulmonary veins were ligated. In addition,

a cannula was inserted into the pulmonary artery. The inferior vena cava and

the azygothic vein were ligated at the atrium and the superior vena cava was

cannulated. The coronary ostia were left intact to allow natural perfusion of the

heart, meaning that blood from the aorta perfuses the myocardium. Pressure

and flow transducers (P10EZ, BD, USA and 28-PAX, Transonic Ultrasound flow

probe, The Netherlands, resp.) were connected to measure the aortic and left

atrial pressure and the aortic flow. The left ventricular pressure was measured

by introducing a pressure wire (PW5, RADI, Sweden) trans-apically into the

left ventricle.

An irregular speckle pattern was sprayed onto the heart surface using black

paint from a spray can, which was needed for later image analysis using image

correlation techniques. Two small markers were sutured to the heart surface

next to the LAD, one at the proximal end and one about 4 cm more distal. A

small rod with a known length was fixed right next to the LAD with a single

suture, serving as a reference length (fig. 4.1 top).

4.2.2 Isolated physiological heart experiment

Experiments were performed using the isolated physiological heart model, the

PhysioHeart, as used by de Weger et al. (2010). Both sides of the heart

were included in the fluid circulation and full electrophysiological recovery was

obtained. Only the left side of the heart was subjected to a physiological pre- and

afterload. The right side of the heart was loaded with a pre- and afterload, but

those were not tuned. The heart was mounted to the set-up by connecting the
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Figure 4.1: Schematic representation of the segment length measurements during the

different phases of the experiment. The transition stretch is represented in red in the

pressure-axial force curve (bottom right), with λz the axial pre-stretch. Note that the

segment used for the isolated physiological heart experiment may be slightly different

in length compared to the segment used for the in-vitro experiment, explaining the

two different symbols for the segment’s length on the unloaded heart (lh,IPH and

lh,iv).
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aortic, left atrial, right atrial, and pulmonary arterial cannulae to the circulation

loop. First, the coronary arteries were reperfused with oxygenated blood (95%

O2/5% CO2, 38◦C) in the Langendorff mode. After starting the reperfusion the

heart showed spontaneous contractions, and gradually regained sinus rhythm

as the heart was warming up again. Next, after a stabilization period of at

least 15 minutes, the heart was gradually loaded by slowly opening the preload

of the left atrium. At this point the heart started to eject. Subsequently, the

afterload at the aorta was adjusted to obtain aortic pressures in the physiological

range of approximately 120 over 80 mmHg. Once the heart was stabilized at

physiologically relevant pressure and flow levels (aortic pressure: 80−120 mmHg

and cardiac output: 4 L min−1), the heart surface area near the LAD was

video recorded during 5 s at 100 frames s−1 (M5, IDT, Italy). Recordings

were triggered to be synchronized with the pressure and flow data. After the

recordings were finished the beating of the heart was halted by a bolus injection

of potassium chloride (10 mL of 1 M KCl). Next, a picture of the unloaded

heart surface was taken to determine the pre-stretch of the LAD on the loaded

beating heart relative to the unloaded heart (fig. 4.1 top right).

4.2.3 In-vitro experiment on LAD segment

An approximately 3 cm segment of the LAD, about 1 cm from the bifurcation,

was isolated from the heart used in the isolated heart experiment (section 4.2.2).

Two cannulae were inserted at the proximal and distal ends of the segment and

fixed with sutures. The distance between the two sutures of the segment, still

connected to the heart, was measured, defined as lh,iv (fig. 4.1 bottom left). All

side branches were closed using arterial clips. Next, the segment was completely

excised and the ex-vivo, unstrained length (l0) was measured (fig. 4.1 bottom

middle). The segment was clamped to an in-vitro set-up (fig. 4.2(a)) at l0 and

immersed in a Krebs solution at 38◦C. In this set-up an arterial segment can be

loaded with a pulsatile pressure and stretched longitudinally and the axial force

response can be measured (van den Broek et al., 2010). After a stabilization

period of 30 min the arterial smooth muscle cells were relaxed by addition of

papaverine (0.1 mM). Subsequently, the segment was stretched to lh,iv at a

strain rate of 0.01 s−1 and a pulsatile pressure, varying from 0 to 120 mmHg

max at a frequency of 1 Hz, was induced. Pressure (P ) and axial force (Fz)

were monitored and the segment was stretched in small steps until the axial

force amplitude was minimized (fig. 4.2(b), phase 1), defined as the transition
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Figure 4.2: (a) Experimental set-up used to measure the pressure-axial force behavior

of an arterial segment at variable axial extensions; (b) Schematic of the in-vitro

experiment protocol, representing the pressure P , axial pre-stretch λz, and axial force

Fz variation during the experiment in time t.

length of the segment liv. The arterial segment was axially preconditioned by

stretching the artery from l0 to liv 5 times at a strain rate of 0.01 s−1, after

which the axial force response did not change anymore (fig. 4.2(b), phase 2).

Next, the artery was stretched to the transition length liv again and the P -

Fz relation was measured (fig. 4.2(b), phase 3). Next, the P -Fz relation at

liv − 0.1l0 and liv + 0.1l0 were measured (fig. 4.2(b), phase 4 and 5 resp.). The

axial force change relative to the applied pressure range of the P -Fz curves ρ

was determined for liv and liv ± 0.1l0 by

ρ =
Fz(Pmax) − Fz(Pmin)

Pmax − Pmin

,
�

�

�

�
4.1

with Fz(Pmax) and Fz(Pmin) the axial force at the maximum and minimum

pressure (Pmax and Pmin resp.) during a pressure cycle, respectively.

4.2.4 Derivation of axial stretches

The pre-stretch of the LAD on the unloaded heart was defined as the ratio of

the LAD segment length while it was still on the unloaded heart (lh,iv) and the
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unstretched length of the segment (l0):

λh =
lh,iv

l0
.

�

�

�

�
4.2

To determine the length of the LAD on a beating heart in time (lIPH(t)), the

curve length of the LAD between the two small markers (section 4.2.1) was

determined in time (fig. 4.1 top left) using image correlation techniques. Next,

the length of the same part of the LAD on the unloaded heart surface (lh,IPH)

was measured. The total pre-stretch of the LAD on the loaded beating heart

(λIPH(t)), relative to l0, was then calculated according to:

λIPH(t) = λh

lIPH(t)

lh,IPH

.
�

�

�

�
4.3

λIPH was defined as the time-average of λIPH(t) over 3 heart beats. For

each artery the transition stretch determined in the in-vitro experiment

(section 4.2.3), was computed as follows:

λiv =
liv
l0

.
�

�

�

�
4.4

4.2.5 Data analysis

Data are reported as means ± standard deviation. A one-way ANOVA test

was performed to test whether λh, λiv, and λIPH were significantly different,

after they were tested for normality. The difference was considered significant

for a P-value < 0.05. Next, a multiple comparison test was performed to test

which pairs are significantly different. To analyze the agreement between λiv

and λIPH , data were plotted in a Bland-Altman plot (Bland and Altman, 1986).

4.3 Results

The isolated hearts showed a rhythmic contraction with synchronized pressure

pulses in the left part of the heart (fig. 4.3(a)). During diastole, the left

atrium pressure course was similar to that of the left ventricle. During the

iso-volumetric contraction phase a rapid increase in the left ventricular pressure

could be observed. Maximum pressures in the left ventricle were comparable to

maximum aortic pressures (112 ± 11 mmHg vs 108 ± 7 mmHg, table 4.1). The

59



Chapter 4. Coronary axial pre-stretch

Table 4.1: Mean ± standard deviation of the pressures and

flow in the isolated physiological heart experiments (n = 5).

PAO, the aortic pressure; PLV , the left ventricular pressure;

QAO, the mean aortic flow.

PAO (mmHg) PLV (mmHg) QAO (L min−1)

min 78 ± 6 13 ± 11

max 108 ± 7 112 ± 11

mean 90 ± 8 58 ± 8 3.4 ± 0.9

pulmonary pressure rose to a maximum of about 20 mmHg. The aortic pressure

signal shows a clear dicrotic notch, corresponding to the closing of the aortic

valve. The mean aortic flow was 3.4±0.9 L min−1 (table 4.1). The stretch of the

LAD on the beating heart increased during the contraction phase of the heart

and was maximum at the end of the heart’s ejection phase (fig. 4.3(b)). During

diastole, the stretch of the LAD decreased. A small peak in the LAD stretch

(e.g. at 0.5 s) could be observed, which corresponds to the atrial contraction

phase (fig. 4.3(b)).

The slopes of the P -Fz curves of the porcine LAD show a clear change from

negative to positive at increasing axial extensions (fig. 4.4(a)). The curve

with a slope approximating 0 represents the P -Fz curve at the transition
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Figure 4.3: (a) Example of the pressures in an isolated physiological heart experiment;

(b) Example of the pre-stretch of the LAD in an isolated physiological heart

experiment.
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Table 4.2: Values of the derived stretches for each

segment and their means ± standard deviations (SD).

Segment λh λIPH λiv

1 1.22 1.32 1.36

2 1.21 1.39 1.39

3 1.21 1.32 1.34

4 1.20 1.40 1.38

5 1.23 1.36 1.36

mean ± SD 1.21 ± 0.01 1.36 ± 0.04 1.37 ± 0.02

stretch, corresponding to the hypothesized physiological axial pre-stretch of the

segment. The axial force change relative to the applied pressure range ρ at

λiv was (−0.07 ± 0.04) mN mmHg−1 for the five arterial segments. When the

stretch was decreased with 0.1, ρ decreased to (−0.97 ± 0.05) mN mmHg−1,

whereas increasing the stretch with 0.1 led to an increase in ρ to (1.58 ±

0.38) mN mmHg−1. λiv was 1.37 ± 0.02, compared to 1.36 ± 0.04 for the pre-

stretch of the LAD on the isolated beating heart (table 4.2). The pre-stretch

of the LAD on the unloaded heart was 1.21 ± 0.01 (table 4.2). A significant

difference was found between λh and λiv, and λh and λIPH . λiv and λIPH were

not significantly different. In figure 4.4(b) the relation between the average of

λIPH and λiv and the difference between the two for each segment is depicted in

a Bland-Altman plot. The stretches show a good agreement; all measurements

lie within the limits of agreement (mean difference ± 1.96 SD of difference) and

the mean difference between the two stretches is 0.008.

4.4 Discussion

This study has shown that the physiological axial pre-stretch of the porcine

coronary artery corresponds to the stretch at which the artery shows a pressure-

invariant axial force behavior. In future studies, the pressure-invariant axial

force relation at physiological pre-stretch may be used as a constraint in the

parameter optimization in mechanically modeling the coronary artery.

The physiological pre-stretch of the LAD was determined in an isolated

physiological heart experiment in which a porcine slaughterhouse heart was

loaded physiologically. Hemodynamic loads on the left ventricle and atrium were
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Figure 4.4: (a) Example of the pressure-axial force relation of an LAD at λiv − 0.1,

λiv, and λiv +0.1; (b) The derived λiv and λIPH represented in a Bland-Altman plot

in which the differences between λiv and λIPH are plotted against the averages of the

two stretches. The horizontal dashed lines represent the mean difference ± 1.96 times

the standard deviation of the differences between the two stretches.

considered physiological (fig. 4.3(a), Hughes, 1986). The right side of the heart

was volume loaded, but the pre- and afterload were not tuned to physiological

levels and the pulmonary flow did not have to be equal to the aortic flow, which

made the beating of the heart not completely physiological. As the volume load

on the right half of the heart was at a physiological level and the low right

ventricular pressures are rated inferior for the pre-stretch on the heart surface,

the method to determine the physiological pre-stretch of the LAD was considered

valuable. During systole, the pre-stretch of the LAD increased, whereas it

decreased during diastole, apart from a small peak during atrial contraction

(fig. 4.3(b)). It was expected that the pre-stretch of the LAD would increase

when left ventricular volume increases (the filling phase) and decrease during

the ejection phase. However, the LAD is located in the anterior interventricular

groove and the muscle fibers on the heart surface are oriented perpendicular to

this groove (Ferner and Staubesand, 1982). As the heart contracts, the muscle

fibers shorten and thicken, which results in a stretch perpendicular to the muscle

fibers, which is in the axial direction of the LAD, causing the LAD to stretch.

The stretch increase was steeper during isovolumetric contraction than during

the ejection phase, probably the stretching of the LAD was partially reduced

because of the decrease of the left ventricular volume. The mean pre-stretch for
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the LAD was found to be 1.36 ± 0.04.

When the beating of the heart was stopped and the heart was unpressurized the

LAD was still pre-stretched to 1.21 ± 0.01. Yet, this pre-stretch is significantly

lower than the derived physiological pre-stretch of the LAD. Therefore, the axial

in-situ pre-stretch of the human LAD on an unpressurized heart determined

by Holzapfel et al. (2005) of 1.04 ± 0.06 is probably lower than the actual in-

vivo pre-stretch. Still, for human arteries, compared to young, healthy porcine

arteries a lower physiological pre-stretch would be expected, probably due to

aging (Schulze-Bauer et al., 2003).

The transition stretch was determined in an in-vitro experiment conducted on

isolated coronary artery segments. Han (2007) has shown that the transition

stretch level changes with a slenderness ratio (segment length to inner radius

ratio) of up to 10− 20. We used segments that were long enough, such that the

slenderness ratio was higher than 20, so the segment length was considered to be

of no influence on the transition stretch in this study. The in-vitro experiments

resulted in a mean stretch at transition of 1.37 ± 0.02. The axial force change

relative to the pressure change, represented by ρ (eq. 4.1), of the P -Fz curve

at transition was (−0.07 ± 0.04) mN mmHg−1. The change in ρ was higher

when the stretch was increased with 0.1 than when it was decreased with 0.1 (ρ

of (1.58 ± 0.38) mN mmHg−1 vs (−0.97 ± 0.05) mN mmHg−1), which can be

attributed to the non-linearity of the arterial wall, showing an increased stiffness

at increasing stretch. The transition stretch was found not to be significantly

different from the physiological pre-stretch determined in the isolated heart

experiment, indicating that the transition stretch approach can indeed be used

to determine the physiological axial pre-stretch of the LAD.

Additional experiments in which the transition stretch was determined for

isolated porcine LADs have been conducted (no isolated heart experiments

preceded those experiments), which, for all experiments together, resulted in an

average stretch of 1.37±0.04 (n = 16). The mean transition stretch found for this

larger group is the same as the mean transition stretch reported in this study.

In the literature several physiological axial pre-stretches of the coronary artery

have been reported. Cox (1978) reported a value of 1.39 for the canine coronary

artery (derivation method not specified), a transition stretch of 1.41± 0.07 was

found for the porcine left circumflex coronary artery (Carboni et al., 2007),

Lu et al. (2003) states the pre-stretch of the porcine LAD is 1.4 (method not

specified), and Kassab et al. (2002) pressurized dead porcine hearts to 80 mmHg
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and found a stretch of 1.32 ± 0.11 for the porcine LAD. Though methods and

arterial origin vary, the pre-stretch found in this study is in the same range as

in the other studies.

To the best of our knowledge, this is the first study that has validated the

physiological axial pre-stretch of the coronary artery. From this study we can

assume that the physiological axial pre-stretch of the LAD corresponds to the

stretch at transition. The stretch at transition is 1.37 ± 0.02.
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Abstract

A patient-specific mechanical description of the coronary arterial wall can

be useful regarding diagnosis and treatment of coronary artery disease. A

way to determine the artery’s mechanical properties, is to fit the parameters

of a constitutive model to experimental data. Clinical data, however, only

provide pressure-radius information in the physiological pressure range, and

no information concerning the axial direction and the stress-free geometry.

Therefore, extra constraints on the parameter estimation procedure are required.

One of the constraints described to be necessary in literature, is fixing the ratio of

circumferential to axial stress (ϕ) at mean physiological pressure. The aim of this

study was to validate this constraint for porcine and human coronary arteries

using in-vitro experiments at physiological axial pre-stretch and a pressure

range of 0 − 16 kPa. A single layer, hyperelastic, thick-walled, fiber-reinforced

material model could be accurately fitted to the experimental data, enabling

the computation of stress and strain. The average of ϕ for all tested porcine

and human coronary arteries was 1.57±0.13. When constraining the estimation

procedure with this average value ϕ̄, the experimental data could still be fitted

accurately, but resulted in large deviations (1–29%) in the estimated material

parameters compared to the situation without the ϕ̄-constraint. The orientation

of the fibers at physiological loading (βphys) was found to be almost equal for all

arterial segments measured (36.6±0.4)◦, which could be explained using netting

analysis. Incorporating this average β̄phys into the model had a similar effect as

the ϕ̄-constraint; an accurate fit of the experimental data, but different material

parameters. However, this constraint has the advantage that it reduces the

number of parameters to be estimated. In future studies, this β̄phys-constraint

might be useful in the parameter estimation from clinical data.
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5.1 Introduction

Insight into the mechanical properties of the coronary arterial wall can give

valuable information concerning atherosclerosis, wall remodeling, and in the

prediction of the effects of medical intervention; e.g. balloon angioplasty

(Holzapfel and Gasser, 2000; Humphrey et al., 2009).

A widely used approach to characterize arteries is a mixed experimental-

numerical scheme in which parameters of a constitutive model are fitted to

experimental stress-strain data. In a previous study, a generic approach was

used, with which a porcine coronary artery could be described radius-specific

using a generic material parameter set, with average morphologic parameters

(van den Broek et al., 2010). The only information needed was a radius

measurement at physiological loading and the corresponding pressure. This can

be very useful, e.g. in the development of PTCA-catheters. In patients, however,

more variation in the material behavior is expected, due to aging or disease. To

obtain a patient-specific mechanical description of the arterial wall, the patient-

specific material parameters have to be fitted to the clinical data available.

Several studies have adopted this approach to assess the elastic modulus or

distensibility from a clinically obtained pressure-radius relation (Hansen et al.,

1995; Vavuranakis et al., 1999). More recently, constitutive models, which take

the microstructure in a global sense into account, were fitted to patient data

(Masson et al., 2008; St̊alhand, 2009; Danpinid et al., 2010). This has the

advantage that pathologies can be related to the parameters associated with

different tissue components. An obvious challenge in the parameter estimation

based on clinical data, is the limited amount of information in the measured

signals. For example, they do not provide any information regarding the

axial stress and strain, the radial deformations in the low pressure range,

and residual stresses in the load-free configuration. Including all these extra

unknown parameters in the estimation procedure can easily result in over-

parameterization, which may lead to a non-unique parameter set and decrease

the predictive performance of the model. To overcome this problem, extra

optimization constraints can be incorporated into the fit protocol. From in-

vitro studies it is well known that at physiological axial strain, the external

axial force is independent of the internal pressure (see chapter 4 and van

Loon, 1977; Weizsäcker et al., 1983). This was incorporated by St̊alhand

et al. (2004) as a modeling constraint, where parameters of a thick-walled
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fiber-reinforced model including residual stresses (Holzapfel and Gasser, 2000)

were successfully estimated from in-vivo human aorta data. However, to avoid

over-parameterization, the parameter which accounts for the orientation of the

collagen fibers had to be prescribed. Since collagen is the main load-bearing

structure in arteries at physiological loading, it is evident that the global

orientation of these fibers is very important in modeling the arterial wall.

Schulze-Bauer and Holzapfel (2003) and St̊alhand (2009) used a thin wall

approach to fit their constitutive models to clinical data obtained from human

aortas. Besides the pressure-invariant axial force constraint, they also added

an extra constraint, which prescribes the ratio of axial to circumferential

stress at a certain characteristic pressure. This avoided over-parameterization,

and a unique set of parameters could be found. A drawback of using

this methodology is that the value of this stress-ratio was adopted from in-

vitro animal experiments (Fung et al., 1979), which may not directly apply

to (pathological) human arteries, and this approach is phenomenological.

Furthermore, since a thin-walled approach was used, residual stresses were not

taken into account, and there was no validation with respect to the axial force

and radius in the low pressure range.

This study aims to gain more insight into the validity of the assumption, con-

cerning the constant stress-ratio, for passive coronary arteries, and investigates

whether other constraints might be more suitable to mechanically characterize

coronary arteries based on clinical data.

Hereto, in-vitro measurements were performed on porcine and human coronary

arteries, at physiological axial pre-stretch. The inner radius and reduced axial

force were measured, while the artery was loaded with a dynamic pressure.

Taking into account that the results should be applicable to clinical data, a

constitutive model with a limited number of parameters is preferable. Therefore,

a thick-walled, 1D, single-layer, fiber-reinforced model, developed by Holzapfel

and Gasser (2000) and used for parameter estimation from clinical data

(St̊alhand et al., 2004; St̊alhand, 2009), was used in this study. Residual

stresses were incorporated into the model by minimizing the circumferential

stress gradients at physiological pressure by introducing a stress-free geometry

with an opening angle (Chuong and Fung, 1986; Takamizawa and Hayashi,

1987). An estimation procedure was employed to fit the parameters of the

model to the experimental data over the entire pressure range. The model

was then used to compute the stress, strain, and morphological parameters
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at physiological loading. This enabled validation of, and investigation into,

appropriate constraints for parameter estimation from clinically obtained data

in coronary arteries.

5.2 Materials & Methods

5.2.1 Experimental procedure

Since the experimental method has already been described in detail in van den

Broek et al. (2010), only a short summary of the experimental protocol

is presented here. Porcine hearts (n = 7) were obtained from a local

slaughterhouse. Human coronary artery segments (n = 2) were obtained

from explanted hearts from heart failure patients receiving a donor heart

at the Herz- und Diabeteszentrum Nordrhein-Westfalen (HDZ-NRW, Bad

Oeynhausen, Germany). The study was approved by the local medical ethics

committee. Patient details can be found in table 5.1.

A proximal segment of the left anterior descending coronary artery (LAD)

was excised from the heart and cannulae were connected to the proximal and

distal ends of the segment. The length between the sutures was measured,

representing the unstretched length (l0). The arterial segment was placed in

an organ bath (fig. 5.1), containing a Kreb’s solution, which was kept at a

temperature of 37◦C and 38◦C for the human and porcine arteries, respectively.

The segment was mounted to the set-up by connecting the cannulae to silicone

Figure 5.1: Schematic representation of the experimental set-up.
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Table 5.1: Patient data, and the measured λz,phys. m, male; dTGA, dextro-

Transposition of the great arteries; lTGA, levo-Transposition of the great

arteries.

Sex Age (yrs) Heart disease Status LAD λz,phys

1 m 26 dTGA Minor intimal thickening 1.3

2 m 41 lTGA Minor intimal thickening 1.15

rubber tubes, making it part of a closed circuit. A pressure pump, which

was driven by a pneumatic proportional valve (Festo, The Netherlands), was

used to create a pulsatile pressure (P ), which was measured with a pressure

transducer (P10EZ, BD, USA). The length of the arterial segment could be

controlled with a linear actuator and controller (235.5 DG and C843, Physik

Instrumente, Germany), which was connected to the proximal cannula. The

axial force (Fz) was measured with a force transducer (J&M Instruments, The

Netherlands) which was connected to the distal cannula. An ultrasound scanner

with a linear probe (8MHz, Esaote Europe, The Netherlands), combined with

an arterial analyzer (Art.Lab, Esaote Europe, The Netherlands), operated at 32

lines cm−1 in B-mode (30 frames s−1), was used to measure the inner diameter

(Di = 2ri, with ri the inner radius), which was recorded simultaneously with

the pressure. The linear actuator, the pressure-axial force acquisition, and the

valve controlling the pressure were controlled using Labview software (National

Instruments, USA).

Test protocol

The arterial segments were kept in the Kreb’s solution for 30 min, after which

papaverine was added to induce vasorelaxation (10−4 M). After 15 min, the

artery was loaded with a cyclic pressure, and stretched axially at a strain

rate of 0.01 s−1 until the amplitude of the measured axial force signal was

minimal. In chapter 4 it was shown that this axial pre-stretch (λz) is equal

to the physiological axial pre-stretch (λz,phys) of the coronary artery. At this

λz,phys, the artery was pressurized with a sinusoidal function with a mean and

amplitude of 8 kPa. After reproducible signals were measured, the P -ri and P -

Fz signal were recorded for one pressure cycle. The change in axial force during

a pressure cycle (∆Fz) was obtained by subtracting the axial force at P = 0. As
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some hysteresis was present, the P -ri and P -∆Fz relations at increasing pressure

load were averaged with the corresponding relations at decreasing pressure load.

The resulting P -ri and P -∆Fz relations were used in the estimation procedure

described in section 5.2.3. After the mechanical testing, a small ring was cut

from the middle of the arterial segment and fixed in a 10% formalin solution in

PBS. By measuring the inner and outer circumference of a stained ring section,

the cross-sectional area of the unloaded segment (A0) was determined.

5.2.2 Constitutive model

Following Holzapfel and Gasser (2000), the artery is modeled as an incompres-

sible, thick-walled, fiber-reinforced cylinder. The collagen fibers are modeled

one-dimensionally, exerting only stress in the fiber direction (~ei
f ). The Cauchy

stress σ is defined as:

σ = −pI + τ̂ +

2
∑

i=1

τ i
f~ei

f~ei
f ,

�

�

�

�
5.1

with p the hydrostatic pressure, I the unity tensor, τ̂ the isotropic matrix stress,

and τ i
f the fiber stress of fiber i. τf represents the contribution of all fibrous

material and τ̂ of all other (isotropic) tissue components. The isotropic matrix

is described as a neo-Hookean material by

τ̂ = G(B − I) ,
�

�

�

�
5.2

with G the shear modulus and B the Finger tensor. B is defined as B = F ·FT ,

with F the deformation gradient tensor (see (5.9)). The fiber stress is defined

as:

τf = k1λf
2(λf

2 − 1)ek2(λf
2
−1)2 if λf ≥ 1

τf = 0 if λf < 1 .

�

�

�

�
5.3

Here, k1 and k2 are constants determining the stress-strain relation of the

collagen fibers, and λf is the fiber stretch. The fibers can only exert force

in tension. The fiber stretch can be calculated from the right Cauchy-Green

tensor (C = FT · F) and the undeformed fiber direction (~ef0
):

λf =
√

~ef0
· C · ~ef0

.
�

�

�

�
5.4

~ef0
of fiber i (i = 1, 2) can be described in matrix notation:

~ei
f0

= [0 cos(β0) (−1)i sin(β0)]
T ,

�

�

�

�
5.5
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Figure 5.2: The stress-free reference configuration Ω0, the unloaded configuration

Ωr, and the loaded configuration Ω. Adapted from van Oijen (2003).

with β0 the angle of the fiber relative to the circumferential direction.

To take the residual stresses in the unloaded configuration (Ωr) into account,

we assume an open configuration (Ω0) as the stress-free reference configuration

(fig. 5.2). In cylindrical coordinates (R,Θ,Z) the geometry of Ω0 is then defined

by

Ri ≤ R ≤ Ro, 0 ≤ Θ ≤ (2π − α), 0 ≤ Z ≤ l0 ,
�

�

�

�
5.6

with Ri and Ro, the inner and outer radius, respectively, α the opening angle,

and l0 the length of the undeformed tube. The geometry of the deformed

configuration (Ω) is defined in cylindrical coordinates (r,θ,z) by

ri ≤ r ≤ ro, 0 ≤ θ ≤ 2π, 0 ≤ z ≤ l .
�

�

�

�
5.7

Here, ri, ro, and l represent the inner and outer radius, and the length of the

deformed tube, respectively. When assuming isochoric deformation without

torsion, the cylindrical coordinates (r,θ,z) can be written as

r =

√

R2 − R 2
i

kλz

+ r 2
i , θ = kΘ, z = λzZ ,

�

�

�

�
5.8

with k = 2π/(2π − α). The deformation gradient F can be written as:

F = λr~er~eR + λθ~eθ~eΘ + λz~ez~eZ ,
�

�

�

�
5.9
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with ~eR, ~eΘ, ~eZ the unit base vectors of (R,Θ,Z), and the following stretch

ratios:

λr =
∂r

∂R
=

R

rkλz

, λθ =
r

R

∂θ

∂Θ
=

kr

R
, λz =

l

l0
.

�

�

�

�
5.10

Balance equations

When we neglect body forces and inertia, the conservation of momentum

equation reads

~∇ · σ = ~0 .
�

�

�

�
5.11

Assuming axisymmetry and neglecting edge effects, only the radial component

of (5.11) is relevant:

∂σrr

∂r
+

σrr − σθθ

r
= 0 .

�

�

�

�
5.12

Using the boundary conditions, σrr(r = ro) = 0 and σrr(r = ri) = −P , together

with τ = σ + pI we obtain an expression for the internal pressure:

P =

∫ ro

ri

(τθθ − τrr)
dr

r
= 0 .

�

�

�

�
5.13

The deformation resulting from axial extension and an internal pressure is found

by solving (5.13). Since, in general, (5.13) cannot be solved analytically, a

numerical technique is used. We define the circumferential stretch at the inner

surface as: λθi
= kri

Ri
. For a given α and λz, the extra stress can be written as

a function of λθi
and r. (5.13) can then be written as:

ro
∫

ri

f(λθi
, r)

dr

r
− P = 0, with f(λθi

, r) = (τθθ − τrr) .
�

�

�

�
5.14

A Newton iteration scheme was employed to linearize (5.14) for λθi
. The

linearized equations were then solved by dividing the wall into 10 subdomains

and performing piecewise quadratic Newton-Cotes integration. When (5.14) was

solved, the reduced axial force could be computed using:

Fz = 2π

∫ ro

ri

σzzrdr − Pπr2
i .

�

�

�

�
5.15
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5.2.3 Estimation procedure

The main idea of the estimation procedure is to minimize the difference between

the experiments, consisting of the P -ri and P -∆Fz data, and the same signals

computed with the model, by optimizing the model parameters. First, to have

an equal contribution over the pressure range, the data were re-sampled from

time-equidistant to pressure-equidistant over the pressure range of 0 − 16 kPa

with 25 samples.

The model parameters that needed to be determined consist of four parameters

describing the material (Υ = {G, k1, k2, β0}) and two parameters determining

the stress-free geometry (Ri and α). The difference between the experiment and

model was quantified with an objective function ς(Υ,Ri,α):

ς(Υ, Ri, α) =
1

Ns

Ns
∑

j=1

(

(ri,M (j) − ri,E(j))
2

+ εF (∆Fz,M (j))
2
)

.
�

�

�

�
5.16

Here, Ns is the number of samples, εF is a scaling parameter for ∆Fz, and

subscript M and E represent the model and experiment, respectively. To

introduce residual stresses in the unloaded configuration, a second objective

function ι(α) was defined. ι(α) was based on the hypothesis that the

circumferential stress gradient is minimal at physiological pressure (P =

13.3 kPa) and axial pre-stretch (Chuong and Fung, 1986; Takamizawa and

Hayashi, 1987):

ι(α) =
1

Nd

Nd
∑

m=1

(∆σθθ(m))2 ,
�

�

�

�
5.17

with ∆σθθ = σθθ − σθθ(ri), and Nd the number of subdomains that make up

the wall. A third objective function ̺(Ri) was introduced to determine Ri and

was defined in terms of the difference in ri between the model and experiments

in the axially stretched configuration at P = 13.3 kPa (ri,phys) by

̺(Ri) = (ri,phys,M − ri,phys,E)2 .
�

�

�

�
5.18

Making use of the incompressibility condition, and assuming that the mid-wall

circumferential stretch does not change between the stress-free and the unloaded

configuration (Taber and Eggers, 1996), Ri and Ro could be calculated according
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to:

Ri = 1
2

(

k
(√

A0

πλz
+ r2

i + ri

)

−
(√

A0

πλz
+ r2

i − ri

))

Ro =
√

A0k
π

+ R2
i

�

�

�

�
5.19

The estimation procedure started with the input for the model; the axial pre-

stretch (λz), the unloaded cross-sectional area (A0), and the pressure (P ),

obtained from the experiments, and an initial estimate of Υ (Υ(0)) and α

(α(0)). Then, Ri was estimated by minimizing ̺ using the Levenberg-Marquardt

algorithm. Subsequently, ι was minimized (also using Levenberg-Marquardt),

leading to a new estimate of α. If, during this process α was changed, the

minimization of ̺ was repeated. This continued until ι was minimized, resulting

in an estimate of both α and Ri for a certain Υ. This procedure of minimizing

̺ and ι was repeated every time one of the parameters of Υ was changed.

The objective function ς was minimized using the active-set algorithm, as

implemented in the fmincon-subroutine in Matlab (The Mathworks, Natick

(MA), USA; partly based on Han, 1977). To prevent convergence issues in

solving (5.14), the upper and lower bounds of Υ were {5kPa, 0.1kPa, 0.1, 10◦}

and {500kPa, 50kPa, 100, 50◦}, respectively. This resulted in an Υ, α, and

Ri, for which the model described the experimental data and which meets the

uniform stress/strain hypothesis. To make sure that a global minimum of ς was

found, the estimation procedure was repeated with different initial parameter

values Υ(0).

5.2.4 Data analysis

The variation of the estimated parameters (Ri, α, G, k1, k2, β0) between the

different LADs were analyzed by determining the mean and standard deviation

of each parameter.

For each LAD, the quality of the P -ri relation obtained with the model was

quantified by determining the mean relative difference between the model and

the experiment:

δr =
1

Ns

Ns
∑

j=1

∣

∣

∣

∣

ri,M (j) − ri,E(j)

ri,E(j)

∣

∣

∣

∣

.
�

�

�

�
5.20
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The deviation of ∆Fz from zero was quantified according to:

δF =
1

Ns

Ns
∑

j=1

|∆Fz,M (j)| .
�

�

�

�
5.21

In addition, the stress ratio σθθ/σzz at mean arterial pressure (ϕ) was

determined for all segments. Other studies (Schulze-Bauer and Holzapfel, 2003;

St̊alhand, 2009) prescribed ϕ−1, which was necessary for parameter estimation

from clinical data. The effect of using the mean of ϕ (ϕ̄) as an extra constraint on

the parameter estimation was investigated by reapplying the fitting procedure

for all arteries with an altered version of the objective function ς, which was

defined as:

ςϕ̄(Υ, Ri, α) =
1

Ns

Ns
∑

j=1

(

(ri,M (j) − ri,E(j))2 + εF (∆Fz,M (j))2
)

+ εϕ(ϕM − ϕ̄)2 ,

�

�

�

�
5.22

in which an extra constraint was added to make sure that ϕ ≈ ϕ̄. εϕ was used

to control the relative weight of this extra constraint and was chosen such that

εϕ(ϕM − ϕ̄)2 was in the same order of magnitude as the other two sub-parts
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Figure 5.3: (a) Example of the circumferential Cauchy stress at mean physiological

pressure (P = 13.3 kPa) without (α = 0◦) and with (α = 208◦) opening angle,

through the arterial wall thickness (0− 1 = ri − ro); (b) The circumferential residual

stretch in the unloaded configuration without (α = 0◦) and with (α = 208◦) opening

angle through the arterial wall thickness (0 − 1 = ri − ro).
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Table 5.2: Geometric parameter values of porcine LAD 1− 7 and

human LAD 8− 9 and their means and standard deviations (SD);

λz,phys, the physiological axial pre-stretch; A0 the cross sectional

area of the unloaded artery; Ri, H0, and α, the final estimate of

the stress-free inner radius, wall thickness, and opening angle from

the estimation procedure.

LAD λz,phys A0 (mm2) Ri (mm) H0 (mm) α (◦)

Porcine

1 1.36 3.0 3.3 0.33 208

2 1.49 4.2 4.1 0.38 211

3 1.39 2.3 3.1 0.29 215

4 1.41 2.9 2.7 0.33 184

5 1.34 2.9 3.0 0.30 183

6 1.38 2.3 4.1 0.29 255

7 1.36 3.0 2.7 0.32 171

Human

8 1.30 4.0 3.3 0.29 131

9 1.15 2.3 2.4 0.27 166

Mean 1.35 3.0 3.2 0.31 192

SD 0.09 0.7 0.6 0.03 35

of (5.22) when the objective function ςϕ̄ was minimized. δr and δF were then

determined and compared to the situation without the ϕ̄-constraint.

Since the anisotropic fiber part is very important in determining the stress-strain

relations, especially in the high (physiological) pressure range, the mean fiber

orientation, as well as the different stress components as a function of pressure,

were determined for every artery.

5.3 Results

In table 5.2 the geometric parameters obtained from the experiments (λz,phys

and A0) and the optimization procedure (Ri, H0 and α) are shown for all 9

LADs. The two human LADs are represented by numbers 8 and 9. The unloaded

arterial cross-sectional area A0, obtained from histology, was (3.0 ± 0.7) mm2.

The average physiological pre-stretch λz,phys was 1.35 ± 0.09. The other
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Table 5.3: Mean and standard deviation (SD) of the

fitted material parameter values and the deviations from

ri and ∆Fz, of LAD 1 − 9.

G k1 k2 β0 δr δF

(kPa) (kPa) (-) (◦) (×10−3) (mN)

Mean 21 2 9 36 6 0.5

SD 4 0.5 10 3 3 0.2

three geometrical parameters, Ri, H0, and α, were derived using the fitting

procedure described in equations (5.17)-(5.18) and are shown in table 5.2. The

minimization of the stress-gradients at P = 13.3 kPa, resulting in an estimate

of α, was successful, as the circumferential stress gradient through the wall was

close to 0 at physiological pressure when residual strain was included (fig. 5.3(a)).

The resulting residual circumferential stretch in the unloaded configuration Ωr

was approximately ±5% (fig. 5.3(b)). A typical result, in this case of one of

the human arteries, of the P -ri and P -∆Fz relations from the experiment and

the fitted model is shown in figure 5.4. For all measured porcine and human

segments, the P -ri and P -∆Fz relations could be fitted accurately. The average

relative deviation of P -ri (δr) and the average deviation of ∆Fz from zero
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Figure 5.4: Typical example of the model fit (solid line) of the experimental (circles)

P -ri (a) and P -∆Fz (b) relations. The artery shown is LAD 9 (human) represented

in figure 5.5 with ♦.
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Figure 5.5: The parameter values of the fitted arteries. Each marker represents one

LAD, human LADs 8 and 9 are represented by ▽ and ♦. Bars and errorbars represent

the mean values ± standard deviations of the parameters of all the LADs.

(δF ) were therefore also very small; 0.6% (or 10 µm) and 0.5 mN, respectively

(table 5.3).

The estimated material parameters are shown in table 5.3 and figure 5.5.

Different initial parameters resulted in the same final parameter set, indicating

that the global minimum was found. The parameters of the human arteries

(represented with ▽, ♦) were not very different from the porcine arteries, apart

from k2, which was much larger for LAD 8 (▽).

Figure 5.6(a) shows the ratio of the circumferential to axial stress as a function

of P . The average value at P = 13.3 kPa (ϕ) was 1.57 ± 0.13. As described in

section 5.2.4, the effect of using ϕ̄ as a constraint was investigated by minimizing

the objective function ςϕ̄ (eq. 5.22) instead of ς (eq. 5.16), with εϕ = 1 and

ϕ̄ = 1.57. Using the ϕ̄-constraint decreased the standard deviation of ϕ̄ from

0.13 to 0.003 (fig. 5.6(b)). Different initial parameters values resulted in the

same final parameters, indicating that the global minimum was found. δr

and δF did not change significantly (table 5.4), which means that with the

ϕ̄-constraint the model was still able to describe the experimental P -ri and P -

∆Fz relations accurately. The relative difference between the parameters found

with and without ϕ̄-constraint was large for G (29%) and k2 (21%), but small

for k1 (5%) and β0 (1%) (table 5.4). These differences were largest for human

LAD 9. Figure 5.7 clearly shows that the collagen fibers are the main load

bearing structure at physiological pressure. Compared to the matrix, the fiber

contribution to the extra stress is approximately 5× and 10× higher in the
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Figure 5.6: The circumferential to axial stress ratio as a function of P without (a)

and with (b) ϕ̄-constraint, and the fiber orientation β as a function of P without (c)

and with (d) β̄phys-constraint. Solid lines represent the porcine LADs, solid lines with

▽ and ♦ represent human LADs 8 and 9, respectively.

axial and circumferential direction, respectively. Hence, when using a highly

orthotropic model, the fiber orientation is very important in determining the

stress-strain behavior. Figure 5.6(c) shows the fiber angle β for all arteries as

a function of P . While the variation between the segments is high at P =

0 (β̄ = (50 ± 4)◦), at physiological pressure β is almost equal for all arteries;

(36.6 ± 0.4)◦ at P = 13.3 kPa. It was investigated whether this fiber angle at

physiological loading (βphys) can be used as a constraint by writing the fiber

angle in the stress-free configuration in terms of the circumferential and axial
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Table 5.4: Mean ± standard deviation of the absolute values of the relative

differences between the material parameters with and without extra ϕ̄- or β̄phys-

constraint (∆G,∆k1
,∆k2

,∆β0
) and δr and δF .

Constraint ∆G ∆k1
∆k2

∆β0
δr δF

(%) (%) (%) (%) (×10−3) (mN)

None - - - - 6 ± 3 0.5 ± 0.2

ϕ̄ 29 ± 32 5 ± 5 21 ± 22 1 ± 1 8 ± 4 0.8 ± 0.5

β̄phys 20 ± 32 18 ± 23 12 ± 19 0.2 ± 0.2 6 ± 4 1 ± 1

stretch at mean physiological loading (λθ,phys and λz,phys resp.):

β0 = arctan

(

λθ,phys

λz,phys

tan(β̄phys)

)

.
�

�

�

�
5.23

The remaining three material parameters (G,k1,k2) were then fitted to the

experimental data using the objective function ς.

Using this β̄phys-constraint, the P -ri and P -∆Fz relations were fitted very

accurately, indicated by the small values of δr and δF (table 5.4). The variation

of β between the different arteries at increasing pressure decreased (fig. 5.6(d)).

Compared to the constraint on ϕ̄, the relative difference between the parameters

with and without constraint was smaller for G (20%), k2 (12%), and β0 (0.2%),

but larger for k1 (18%) (table 5.4). Human LAD 8 is the main contributor to

this difference.

5.4 Discussion

In this study we used in-vitro inflation and extension experiments on porcine

and human coronary arteries, to investigate the constraints necessary for

parameter estimation from clinical data. The experiments mimicked the in-

vivo situation by stretching the arterial segments to λz,phys, but also enabled

investigation of the mechanical behavior at the low pressure range. A widely

used microstructural-based constitutive model was successfully fitted to the

experimental data, enabling the computation of the stresses and strains.

As already discussed in van den Broek et al. (2010), the main advantage of

the adopted experimental approach is that the measurements are performed in

a physiological environment. The structural integrity of the arterial segment

is maintained and damage is prevented since the maximum pressure does
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Figure 5.7: The fiber (τf ) and matrix (τ̂) contributions to the extra stress τ in the

circumferential and axial direction.

not exceed physiological values. The measurements were performed at the

physiological axial pre-stretch, as was validated in-vitro using an isolated beating

heart set-up (chapter 4). Since measurements were performed on the epicardial

coronary arteries, we assumed that the extravascular pressure, due to the cardiac

contraction, was negligible.

The main advantage of the single layer model used is that there are a limited

number of material parameters to be estimated, while the microstructure of

the arterial wall is globally taken into account. It is well known that the

arterial wall consists of three layers, with different constituents and related

material parameters. Furthermore, it has been shown that a model with a fiber

distribution is better able to capture observations from in-vitro studies (Gasser

et al., 2006). Although adopting a three-layer model with fiber distributions

will yield a more accurate description of the arterial wall mechanics, including

all these extra parameters in the estimation procedure will result in over-

parameterization of the objective function, especially with the limited amount

of information available in clinical data.

By adopting a thick-walled model, residual stresses could be taken into account.

We chose a relatively easy way to implement the residual stresses, via the

opening angle method as formulated by Taber and Eggers (1996). By intro-
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ducing a second objective function (eq. 5.17), to minimize the circumferential

stress gradient in the wall at physiological pressure and axial pre-stretch, a

measure for the opening angle α was found. While other, more sophisticated,

methods to incorporate residual stresses are available (Hoger, 1997; van Dyke

and Hoger, 2002; Olsson et al., 2006), the current method proved to be sufficient

to minimize the stress gradients at physiological loading. A prerequisite for

this method of inversely estimating α to work, is that the P -ri and P -∆Fz

relations are relatively insensitive to small changes in α. The average value of

α was (192± 35)◦, which corresponds to experimental values found by Guo and

Kassab (2004) for porcine coronary arteries and by Valenta et al. (1999) for

human coronary arteries.

The model was able to fit the measured P -ri and P -∆Fz relations accurately,

represented by an average deviation of only 10 µm (δ̄r = 0.006) from the

experimental data and 0.5 mN (δ̄F ) from zero. Multiple initial parameter sets

resulted in the same optimal parameter set Υ, indicating that a global minimum

of the objective function (ς) was found. The relative variation in Υ between the

different arterial segments is quite large, especially for the parameter k2. The

relative variation in the parameter representing the global fiber orientation β0

is quite small, but, since the main load is taken by the fibers (fig. 5.7), the P -ri

and P -∆Fz relations are most sensitive to changes in β0. Besides the value of

k2 of LAD 8 (▽), the material parameters of the human arteries were consistent

with those of the tested porcine arteries.

A limitation of this study is that only the changes in axial force ∆Fz could be

measured accurately. The measured absolute axial force of all arterial segments

was in the range of 150− 200 mN, which was approximately three times higher

than the absolute values computed with the model. If the measured absolute

axial force was correct, the model was not able to describe both the experimental

radius and axial force data over the entire pressure range. Other studies (Zulliger

et al., 2004a; Rezakhaniha and Stergiopulos, 2008) also reported this problem

and proposed a model which included anisotropic elastin (Rezakhaniha and

Stergiopulos, 2008). This increased the axial stress, enabling fitting of both the

radius and absolute axial force data. It would be interesting to use a model

which incorporates anisotropic elastin in future studies. It should be noted

that this will increase the number of material parameters, which might result in

over-parameterization. Furthermore, since clinically obtained data lack absolute

force information, it is unlikely that this anisotropic elastin parameter can be
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fitted, and should therefore be prescribed.

Other studies used the ratio of axial to circumferential stress ϕ−1, as an extra

constraint to fit thin-walled models, using a Fung-type model (Schulze-Bauer

and Holzapfel, 2003) and the two-fiber Holzapfel model (St̊alhand, 2009). Our

results show that the average value of ϕ for both porcine and human coronary

arteries was 1.57 ± 0.13 (fig. 5.6(a)). When this mean value ϕ̄ was used as

a constraint, by incorporating it into the objective function ςϕ̄, the material

parameters were quite different compared to the situation without the extra

constraint. This is an indication that ϕ̄ might be unsuitable as an extra

constraint in the parameter estimation.

As mentioned before, in the physiological pressure range the fibers take almost

all the load (fig. 5.7). The fiber orientation is therefore the main determinant of

the stress-strain behavior at those pressures, especially in this two-fiber model.

For all arteries measured, the fiber orientation at physiological loading βphys

was almost equal being (36.6 ± 0.4)◦, as indicated by a standard deviation of

only 1%. An explanation for this particular fiber orientation can be found by

applying netting analysis. In filament-wound composite theory (Gay et al.,

2003), netting analysis is often used to describe the behavior of fiber-reinforced

composite materials. The main assumption in netting analysis is that all loads

are supported by the fibers only. Since we model the arterial wall as a filament-

wound tube, netting analysis can be used to approximate the fiber orientation

in the high pressure range. As described in several papers (Spencer et al.,

1974; Wild and Vickers, 1997; Xia et al., 2001) an optimal fiber angle exists for

which the fibers take all the load due to the internal pressure. This optimal

winding angle is approximately 35◦ relative to the circumferential direction.

This behavior is exactly what we see in our results; for high pressures β

approaches 35◦ (fig. 5.6(c)). The derived angle is in between the principal strain

directions, which is in agreement with the theory used by Driessen et al. (2004),

to model collagen remodeling in cardiovascular tissues. Due to the minimization

of the circumferential stress gradients, and therefore the strain gradients, the

fibers throughout the wall thickness, are all oriented in the same direction at

P = 13.3 kPa. βphys is determined by the axial and circumferential strain, and

the value of β in the stress-free configuration (β0). By making use of a fixed

value of βphys, β0 could be eliminated as a parameter in the objective function

ς. This β̄phys-constraint had a similar result as the ϕ̄-constraint; although the

model could accurately fit both the P -ri and P -∆Fz relations, the difference
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between the material parameters with and without β̄phys-constraint was quite

large.

Compared to the ϕ̄-constraint, the β̄phys-constraint has the advantage that no

extra scaling parameter in the objective function is necessary and it reduces the

number of parameters to be estimated. Moreover, the constant fiber angle is

more structurally based, and may result from arterial remodeling.

In conclusion, porcine and human coronary arteries were subjected to inflation-

extension experiments at physiological axial conditions and a pressure range

of 0 − 16 kPa. This enabled insight into the validity of a modeling constraint

used for parameter estimation from clinical data. This constraint, the ratio of

circumferential to axial stress at mean physiological pressure (ϕ̄), was 1.57 on

average. However, the variation between the arteries was quite large, indicating

that using this as a tight constraint may lead to erroneous results. With this two-

fiber model, the fiber orientation at high pressures is almost equal for all arteries

(±35◦), which could be physically interpreted using netting analysis and which

may result from arterial remodeling as it is structurally based. In future studies,

which use similar, highly orthotropic, models to estimate material parameters

from clinical data, this may prove to be useful in reducing the number of

parameters. Finally, incorporating ϕ̄ as a loose constraint in combination with

the β̄phys-constraint might be interesting regarding patient-specific parameter

estimation with a thick-walled model based on clinical data.
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Chapter 6. A model to describe vasoconstriction

Abstract

Constitutive models are helpful for the understanding of the relation between

different processes that occur in the arterial wall during remodeling. Including

the smooth muscle cell (SMC) behavior in constitutive models is relevant, as

those cells may change tone when subjected to an altered mechanical loading

and can initiate arterial remodeling. The aim of this study was therefore, to

model the circumferential stretch-active SMC stress relation of the arterial wall,

including the relation at higher and lower circumferential stretches.

A new constitutive formulation to include the contribution of the constricted

SMCs to a passive artery model to describe the mechanical behavior of a

constricted artery has been proposed. The model has been fitted to data of

a coronary artery ring experiment, in which maximal constriction was induced

and circumferential stretch was varied, to derive coronary SMC parameters. The

model is such that no additional boundary conditions, limiting the stretch range

within which the model is valid, are needed. This avoids material instabilities,

which may result from a discontinuous description of the SMC contribution to

the total stress. The proposed active SMC model was successfully added to an

existing passive constitutive model and a description of the arterial wall behavior

of the active coronary artery was derived.
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6.1 Introduction

Remodeling of the arterial wall, in response to e.g. induced hypertension,

vasoconstriction, and reduced cyclic stretch, has been studied in detail to get

insight into vascular pathologies (Fridez et al., 2002; VanBavel et al., 2006;

Gambillara et al., 2008). Constitutive models are helpful to the understanding

of the relation between different processes that occur in the arterial wall during

remodeling. Including the smooth muscle cell (SMC) behavior in constitutive

models is relevant, as those cells may change tone when subjected to an altered

mechanical loading and can initiate arterial remodeling. E.g., Bakker et al.

(2002) has shown that chronic vasoconstriction of resistance arteries results in

inward remodeling of the vessel, which reveals itself in a structural reduction of

the vessel’s lumen diameter.

Before remodeling processes can be approached mathematically, normal vascular

functioning needs to be well understood and described. Different models have

been proposed to describe the passive mechanical arterial wall behavior (e.g.

Fung et al., 1979; Takamizawa and Hayashi, 1987; Holzapfel and Gasser, 2000;

Humphrey and Na, 2002; Driessen et al., 2004). The latest models have

included an anisotropic fiber distribution, representing the collagen in the

arterial wall, showing an increased stiffness at increasing stretch. Only few

models have included the active behavior of the vascular SMCs (e.g. Rachev

and Hayashi, 1999; Zulliger et al., 2004b), even though SMC activation does

alter the mechanical behavior of arteries significantly (Hudetz et al., 1980;

Bank et al., 1995). In general, SMCs are assumed to generate active stress

predominantly in the circumferential direction, which has been confirmed by

structural studies of the media, using scanning electron microscopy, histological,

and confocal microscopy techniques (Clark and Glagov, 1985; Dingemans et al.,

2000; O’Connell et al., 2008). Rachev and Hayashi (1999) included an extra

circumferential stress generated by the SMCs in a strain energy function (SEF)

that describes the passive components in the arterial wall. In this theoretical

study they showed that an increase in muscular tone results in an increase

of the opening angle, indicating an increased residual strain. Zulliger et al.

(2004b) modeled the vascular SMCs as a structural element in parallel with

spring elements that describe the elastin and collagen present in the arterial

wall. At maximal constriction the active extra stress is linearly dependent on

the SMC stretch within a certain range of deformation, outside this range the

89



Chapter 6. A model to describe vasoconstriction

SMCs generate no active stress at all. This relation mostly holds within the

physiological range of pressure and axial pre-stretch. Although Zulliger et al.

(2004b) were successful in describing the pressure-radius relation of constricted

rat carotid arteries, it is known that active SMCs exhibit a typical Hill-like

stretch-active stress relation (Dobrin and Rovick, 1969; Dobrin, 1978; Cox, 1982,

1983), meaning that the active stress is maximal at a certain stretch. Beyond

this maximum, the SMCs show a decrease in active stress at increasing stretch.

Also, a certain minimal stretch is needed for the SMCs to generate active stress.

When, for example, arterial remodeling occurs; or an artery is less stiff; or

balloon angioplasty is performed followed by stent placement, the arterial SMCs

may be chronically stretched outside the linear range modeled by Zulliger et al.

(2004b). The aim of this study is therefore, to model the circumferential stretch-

active SMC stress relation of the arterial wall, including the relation at higher

and lower circumferential stretches. It is aimed for to choose the constitutive

model such that no additional boundary conditions, prescribing the stretch range

within which the model is valid, are needed. This also avoids discontinuities in

the behavior of the associated active SMC stress modulus.

The coronary arteries, though of particular clinical interest, have been modeled

less widely than other arteries of a similar size. The coronary SMCs are known

to show a relatively low constrictive capacity (Cox, 1978), so specific coronary

SMC model parameters should be used when studying the coronaries. Therefore,

the proposed model relating the circumferential stretch to the active SMC stress

will be fitted to the experimental data of a coronary artery ring test, in which

the developed active force at maximal vasoconstriction was measured at varying

circumferential stretch levels. A study by Cox (1983) has shown that the values

of active force development are not substantially different for ring and cylindrical

segments. Therefore, the SMC model with the fitted parameters may also be

applied to a cylindrical geometry and can thus be added to a generic constitutive

model of the passive coronary artery, as presented earlier in van den Broek

et al. (2010). The material parameters will be varied and the effect of maximal

vasoconstriction on the pressure-radius relation will be investigated.
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Figure 6.1: The experimental set-up used to measure the circumferential stretch-

stress relation of arterial ring segments. The ”F” indicates the force transducer.

6.2 Materials & Methods

6.2.1 Sample preparation

Porcine hearts (n = 3) were obtained at a local slaughterhouse. Immediately

after removal of the heart, the heart was immersed in a cold PBS solution

containing 5 mM HEPES. Hearts were transported to the lab on ice. Within

2 hours after explantation, the proximal part of the LAD was excised from the

heart. Next, the segment was cut into 4 ring segments, each 2 mm wide. Only

rings free of any side branches were used for this study (n = 12).

6.2.2 Test protocol

Rings were mounted on two stainless steel wires to a wire myograph with four

organ baths in parallel (Radnoti, Monrovia (CA), USA). One wire was fixed and

the other was connected to a force transducer, which was adjustable in height,

allowing control of the internal circumference of the ring segment (fig. 6.1). The

ring segment was immersed in an organ bath filled with a Kreb’s solution (38◦C),

which was gassed with 5% CO2 in O2. Rings were allowed to equilibrate for 15
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minutes after which the resting tension was adjusted to about 2.5 kPa (based on

an estimated wall thickness of 0.5 mm). In this situation both walls of the ring

segment were in parallel and the segment could be considered a strip segment

with a cross-sectional area of twice the wall thickness times the width of the

segment. Adjusting the distance between the wires induced a circumferential

stretch. The resting tension was continuously adjusted to 2.5 kPa until it

was stabilized. Next, the ring samples were preconditioned by stretching the

samples 5 times to a circumferential stretch of 1.75. After each stretch cycle

the pre-tension was readjusted to 2.5 kPa. After the last stretch cycle, pre-

tension was still 2.5 kPa, indicating preconditioning was completed. Then the

distance between both ends of the internal circumference of the ring segment

was measured to determine its unloaded length (l0). Subsequently, the SMCs

were activated by addition of 30 mM KCl, inducing a slow constriction. After

the maximal constriction was reached the segments were washed with fresh

Kreb’s solution and the rings were at their resting tension again. The procedure

was repeated with 100 mM KCl, which was found to be the concentration to

induce maximal vasoconstriction, until the maximal tension development was

the same as in the previous constriction cycle. Usually, maximal constriction

was stabilized after four constriction cycles with 100 mM KCl. After the last

constriction with 100 mM KCl, the measurement of the force at increasing

circumferential stretch, of the maximally constricted segment, was started.

Circumferential stretch (λθ = (l0 + ∆l)/l0, with ∆l the distance by which the

upper wire was moved) was increased with steps of 0.05 up to a maximal stretch

of 1.75. The next stretch step was started after the measured force had been

stabilized. At the end, the circumferential stretch was decreased to 1 again,

and the sample was washed twice with fresh Kreb’s solution, thus inducing

normal tone again. SMCs were relaxed by addition of 0.1 mM papaverine. Next,

the passive stretch-force relation was determined, similar to the procedure to

determine the active relation, but without the addition of KCl. The unloaded

arterial wall thickness (H0) was estimated by measuring the inner and outer

circumference (Ci and Co, resp.) of stained ring samples (H0 = (Co − Ci)/2π).

6.2.3 Constitutive model

To describe the arterial mechanical response to axial extension and intraluminal

pressure variations the artery is considered an incompressible (Chuong and Fung,

1984), thick-walled tube. The Cauchy stress (σ) in the arterial wall is calculated
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Figure 6.2: The shape of two sub-parts of the SMC extra stress τS (eq. 6.2), with

λmid indicated.

using the constitutive model of Driessen et al. (2005, 2008) similar to the model

used in van den Broek et al. (2010), with an extra stress in the circumferential

direction generated by the SMCs (τS). The general constitutive equation is then

given by

σ = −pI + τ̂ +

N
∑

i=1

φi
f

(

τ i
f − ~ei

f · τ̂ · ~ei
f

)

~ei
f~ei

f + τS~eθ~eθ ,
�

�

�

�
6.1

with p the hydrostatic pressure, τ̂ the isotropic matrix stress, and τ i
f , φi

f and ~ei
f

the stress, relative volume fraction and current orientation of fiber i respectively,

and N the number of fiber families. A part of the extra active stress τS ,

generated by the SMCs, is described by a multiplication of the two equations

shown in fig. 6.2, each being in the range of 0 to 1. The total extra active stress

τS is then described by

τS =
1

2
GSλθ (tanh (λθ − 1) + 1) e−a1(λθ−λmid)6 ,

�

�

�

�
6.2

with GS a measure of the elastic modulus of the maximally constricted SMCs,

a1 a dimensionless SMC parameter, and λmid = (λmin + λmax)/2, with λmin

and λmax the minimal and maximal stretch of the range within which SMC
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stress is still generated.

The passive part of the arterial wall is described by a fiber-reinforced Neo-

Hookean material, by:

τ̂ = G(B − I) and τ i
f = 2k1λ

i
f

2
(

λi
f

2
− 1

)

ek2(λi
f

2
−1)

2

,
�

�

�

�
6.3

where G is the shear modulus, B the left Cauchy-Green deformation tensor,

λi
f the stretch of fiber i and k1 and k2 are a stiffness and dimensionless fiber

parameter. As the fibers can only exert force in tension, τ i
f = 0 for λi

f < 0. The

direction of fiber i in the undeformed configuration is given by

~ei
f0

= cos(βi)~eθ + sin(βi)~ez ,
�

�

�

�
6.4

with βi the angle of fiber i relative to the circumferential direction in the

unloaded configuration. The volume fraction of fiber i is defined by a periodic

approximation of the normal probability distribution (Driessen et al., 2008) as

φi
f (βi) = A exp

[

cos(2(βi − β)) + 1

γ

]

,
�

�

�

�
6.5

with β and γ the main fiber angle and the dispersion of the fiber volume fraction

distribution resp., and A a scaling factor to ensure the total volume fraction of

fibers equals φf .

6.2.4 Analysis

Circumferential stresses were determined by dividing the measured force through

the cross-sectional area (Acs) taking incompressibility into account (Acs =

(2H0W0)/λθ, with W0 the width of the unloaded sample). A live/dead staining,

with cell tracker green and propidium iodine resp., showed that the cutting of

the samples affected the two outer 100µm of the ring samples, therefore, W0

was 1.8 mm. The passive curve was subtracted from the curve at maximal

vasoconstriction, to obtain the circumferential active stress of the SMCs. The

data of the 12 tested ring segments were averaged. The model, describing the

relation between τS and λθ (see eq. 6.2), was fitted to the experimental data,

using a Levenberg-Marquardt algorithm, fitting the parameters GS and a1. λmid

was derived from the experimental data by estimation of λmin and λmax.

To ensure absence of undesirable material instabilities, the model convexity was

tested, meaning that the derivative of the Cauchy stress to the first invariant
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Table 6.1: Passive model parameters and the geometry used

in the two simulations. Ri, the unloaded inner radius; H0, the

unloaded wall thickness; λz, the applied axial pre-stretch; φf ,

the fiber volume fraction.

G k1 k2 β Ri H0 λz φf

(kPa) (kPa) (-) (◦) (mm) (mm) (-) (-)

1 22 33 3.6 34
1.27 0.32 1.39 0.41

2 15 25 1.1 50

of B is positive definite. Hereto, ∂σθθ/∂tr(B) = ∂σθθ/∂λθ
2 was calculated and

two sets of parameters (table 6.1) were used as an input for the passive part of

the model. The parameters GS and a1 were varied from 0−140 kPa and 0−80,

respectively, for a λθ varying from 0 − 2.5.

The constitutive model, as described in section 6.2.3 with τS is 0, was used

to compute the passive P -λθ relations, with λθ being the mean circumferential

stretch across the wall thickness. Two different sets of parameters to describe

the passive components of the arterial wall were used. The passive material

parameters were derived from an earlier study (van den Broek et al., 2010), in

which it was shown that a generic parameter set, comprising generic values

for the four material parameters (G, k1, k2, β), can predict artery-specific

mechanical behavior based on its inner radius at physiological loading. For

the first simulation, the passive material parameters of the generic parameter

set were used, for simulation 2, the material parameters of a less stiff artery were

used (see table 6.1, N = 9 and γ = 10◦). The thus computed passive relations

were compared to the situation when an extra active stress was added using the

SMC model defined in section 6.2.3, with the parameters obtained from the fit

of the experimental active stress data. An intraluminal pressure varying from 0

to 20 kPa was applied and the artery was axially stretched to 1.39. The P -λθ

relations of the passive artery, as well as of the maximally constricted artery,

were computed and compared. In addition, the λθ-σθθ relations of the passive

and constricted artery were determined and the difference between the two was

calculated to compute the active SMC contribution to the total circumferential

stress of the constricted artery.

All results are presented as mean ± standard error of mean (SEM).
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6.3 Results

The results of the coronary artery ring test to measure the passive and active

circumferential stretch-stress relation to determine the active stress generated

by the SMCs are depicted in fig. 6.3. The maximal active stress was (77±8) kPa,

which was generated at a circumferential stretch of 1.57 ± 0.02. λmid was

estimated to be 1.25 (λmin ≈ 0.6, λmax ≈ 1.9). The circumferential stretch-

active SMC stress relation was fitted with the active extra stress relation

specified in eq. 6.2. The model was well able to fit the relation with an R2-

value of 0.99 (fig. 6.4). The parameter GS had a value of 66 kPa, and a1 was

38.7.

The model of the constricted artery was convex for the entire range of the

imposed λθ, GS , and a1 when the passive parameters of simulation 1 were

used. When the extra active stress was added to the passive constitutive model

with the parameters of simulation 2, the model was conditionally convex for

λθ between 1.6 and 1.7, otherwise the model was unconditionally convex. The

contour plots in fig. 6.5 show the range of parameters for which ∂σθθ/∂λθ
2 >

0, indicating the model is convex for those combinations of SMC parameters,

which is the case for almost the entire imposed parameter range. This range is
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Figure 6.3: The measured stress ± SEM of the constricted arterial rings (active +

passive), the passive arterial rings (passive), and the difference between the two, which

is the active stress generated by the SMCs (active) (n = 12).
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Figure 6.4: The measured active SMC stress ± SEM (circles, n = 12) fitted with the

SMC model (solid line) with the corresponding fitted SMC parameters (R2 = 0.99).

larger when λθ is 1.6 (fig. 6.5(a)) than for λθ is 1.7 (fig. 6.5(b)). The fitted SMC

parameters are well within the convex area.

The mechanical behavior of two different arteries has been simulated. For the

first artery, the parameters of a generic parameter set were used to describe

the passive components of the arterial wall. For artery 2, the passive material

parameters of a less stiff artery were used (table 6.1). The P -λθ and the λθ-

σθθ relations of the passive and of the active artery, using the proposed SMC

model with the fitted parameters, were calculated for each artery. For both

arteries a shift of the active P -λθ curve downward and to the right, relative

to the passive curve, can be observed (fig. 6.6(a) and (b)), and the difference

between the relaxed and constricted P -λθ curve becomes smaller at increasing

load. The active SMC stress increases at increasing stretch (up to λθ ≈ 1.6), but

the relative contribution declines (fig. 6.6(c) and (d)). The extra SMC stress

was described as a continuous relation, accordingly, the P -λθ relation of the

constricted artery has a smooth course. The artery of the simulation conducted

with the less stiff passive material parameters (simulation 2, fig. 6.6(b) and (d))

is also stretched beyond the circumferential stretch at which the active SMC

stress is maximal, leading to a decrease of the active stress at increasing stretch.
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Figure 6.5: A contour plot representing ∂σθθ/∂λθ
2 for varying SMC model

parameters and a λθ of 1.6 (a) and 1.7 (b), using the passive parameters of simulation

2. Positive values indicate the combination of parameters for which the model is

convex. The star indicates the values of the fitted SMC parameters.

6.4 Discussion

In this study a new constitutive formulation to include the contribution of the

constricted SMCs into a model for vascular tissue has been proposed. In addi-

tion, the model parameters to describe the SMCs at maximal vasoconstriction,

have been derived from experiments on porcine coronary arteries. The model is

such that no additional boundary conditions, to limit the stretch range in which

the model is valid, are needed. This avoids material instabilities, which may

result from a discontinuous description of the SMC contribution to the total

stress, as found in other models.

The extra stress generated by the SMCs was determined in an arterial ring

test. The ring segment was pre-stretched to a pre-tension of about 2.5 kPa,

such that the two walls were in parallel, and the segment could be considered

a strip geometry. This was done to avoid that changing the distance between

the two wires (see fig. 6.1) would only result in a changed shape of the segment,

due to straightening of the arterial wall, instead of a changed circumferential

stretch. This geometry may, however, induce small circumferential pre-stretches

compared to the circular geometry of the unloaded sample. Yet, those strains

will be opposite to the residual strains already present in the arterial wall. No

correction for the residual strain in deriving the circumferential stress from the
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Figure 6.6: The passive and active P -λθ (a-b) and λθ-σθθ, (c-d, with the contribution

of the SMCs to σθθ) relations of simulation 1 (a,c) and 2 (b,d).

ring experiment could be done, but the effect is expected to be small. It is

well known that when an artery is unloaded, there still exists some residual

strain (εθ,r) in the wall, characterized with the opening angle α (Chuong and

Fung, 1986; Fung, 1991, fig. 6.7 left, defined according to Holzapfel and Gasser

(2000)). At the luminal side of the arterial wall, a compressive residual strain is

present, whereas, at the outside, this residual strain stretches the arterial wall

(fig. 6.7 middle top). When the stress-free geometry is straightened, on the

other hand, the outer wall will be compressed and the inner wall stretched

(fig. 6.7 middle bottom). The net residual strain, of the straightened and

ring geometry together, will therefore be reduced compared to the closed ring

segment and the effect of neglecting the residual strain is probably very small.
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Figure 6.7: Residual strain (εθ,r) present in the stress-free geometry (left), a

closed ring segment (middle top), a straightened segment (middle bottom), and a

combination of the last two, in which the two walls are in parallel, which was the

geometry used in the ring test experiment (right). The residual strain present in the

arterial wall of an unloaded ring segment is characterized with an opening angle α

(left), here defined according to Holzapfel and Gasser (2000).

Also, we can therefore assume that the stretch at the inside of the arterial

segment is comparable to the stretch at the outside of the arterial wall.

It was assumed that the SMCs mainly generate stress in the circumferential

direction, which has been confirmed by structural studies of the media, using

scanning electron microscopy, histological, and confocal microscopy techniques

(Clark and Glagov, 1985; Dingemans et al., 2000; O’Connell et al., 2008).

Rhodin (1980) states, though, that at the transition from the intima to the

media of the coronary artery longitudinally arranged SMCs can be found. To

be sure not to exclude possible extra stress generated in other directions than

the circumferential direction, a biaxial test would be preferred. We do think,

however, that this contribution in other directions will be very limited, as the

ability of the SMCs to change tone, mainly serves to cause circumferential

vasoconstriction, to change arterial resistance.

In a study by Cox (1983), it was shown that the values of active stress

development by the SMCs in cylindrical or ring segments do not differ

significantly. Therefore, our results can be compared to the active stress

development measured in cylindrical segments. The shape of the λθ-σθθ relation

derived in this study was similar as in the study by Cox (1978) on cylindrical

segments of the canine coronary artery. The active stress was maximal at a λθ
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of 1.57 ± 0.02, which does not differ from the λθ of 1.62 ± 0.03 for the canine

coronary artery. The maximal active stress level, however, was about twice as

high compared the canine coronary artery ((77 ± 8) kPa vs (39 ± 8) kPa).

The relation of the circumferential stretch to active SMC stress under maximal

constriction was described with a model of which two parameters were free to be

optimized for fitting. GS is a modulus parameter that determines the maximal

active stress generated, whereas a1 mainly influences the slope of the descending

part of the λθ-τS relation. One of the constraints of constitutive models is that

it should be convex to ensure its mechanical, mathematical and computational

efficacy (Holzapfel and Gasser, 2000). When a model is convex this means that

the stress increase upon an increased stretch is always positive. To prove model

convexity, the first derivative of σ to B should be positive definite. Since only

the circumferential stress is changed by addition of the active SMC stress, just

the model convexity in this direction needed to be investigated. As the extra

SMC stress relation shows a decrease in stress at increasing circumferential

stretch, the SMC relation in itself will not be convex for the stretches higher

than the stretch at maximal stress. The convexity of the model is therefore also

dependent on the passive part of the constitutive model. For the model to be

convex, the stress increase of the passive part of the model should always be

more than the stress decrease of the active part of the model. A less stiff artery,

in combination with a high maximal active stress generation, corresponding to a

large GS , and/or a steep decrease of the λθ-τS relation at higher circumferential

stretch, corresponding to a high a1, may lead to model non-convexity. The

derivative ∂σθθ/∂λθ
2 was determined and two different parameter sets, one

describing an average and one a less stiff artery (table 6.1), were used as an

input for the passive part of the derivative. The two parameters describing the

SMC part of the relation, GS and a1 were varied between 0 and 140 kPa and 0

and 80, respectively. Only the ∂σθθ/∂λθ
2-relation at a λθ of 1.6 and 1.7, of the

less stiff artery, was smaller than 0 for a combination of a high GS and a high

a1 (fig. 6.5). The experimental data were fitted with the model and the fitted

parameters were far outside this area of non-convexity.

The experimental relation could be fitted very well with an R2-coefficient of

0.99. In addition, the model does not need additional constraints to prescribe

the range within which the model is valid. This prevents discontinuities in

the extra active stress, which may result in material instabilities, as the total

constitutive model may become non-convex in that situation. Moreover, the
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extra stress derived from the model can never become negative.

The normal tone of the artery was not measured or modeled. The latter could

easily be done by multiplying the extra active stress relation with a factor

describing the tone of the artery, varying between 0 and 1, as was done by

Zulliger et al. (2004b). When measuring the normal tone, however, a whole

artery segment should be tested, and the loads applied should be physiological.

One important parameter would be to induce a physiological shear stress,

as the endothelial cells at the luminal side of the arterial wall are mechano-

responsive and try to keep the wall shear stress at a constant level by inducing

endothelium-dependent relaxation of the SMCs. The medium viscosity used in

the experiment should therefore also be physiological, which can be achieved by

using a blood-analog culture medium through addition of xanthan gum (van den

Broek et al., 2008). Also the response to a drug dose could be modeled by adding

a factor S describing a normalized dose-response curve of a certain drug inducing

constriction (low dose S=0, high dose S=1) or dilation (low dose S=1, high dose

S=0).

The extra active stress τS was added to the passive constitutive model by

Driessen et al. (2005). In this model all fibrous material is described by an

exponential stretch-stress relation with a certain preferred orientation with

a distribution, and the rest of the material is described by a Neo-Hookean

model. The passive SMCs have not been modeled as a separate element, even

though they are known to have a predominantly circumferential orientation

and may induce extra material anisotropy. This is motivated by the fact that

the contribution of the passive SMCs to the total arterial wall mechanics is

negligible. VanDijk et al. (1984) found that the elastic modulus of the passive

SMC is about one order of magnitude lower than that of elastin.

The extra active stress relation was added to the passive model with the generic

passive material parameters and parameters of a less stiff artery (table 6.1).

For both simulations a shift of the active P -λθ curve downward and to the

right relative to the passive curve can be observed (fig. 6.6(a) and (b)), as

would be expected from experimental studies by e.g. Dobrin and Rovick (1969),

Cox (1975), and Fridez et al. (2002). The difference between the relaxed

and constricted P -λθ curve becomes smaller at increasing load, which is due

to a decrease in the relative contribution of the active stress to the total

circumferential stress (fig. 6.6(c) and (d)). No discontinuities in the P -λθ relation

of the constricted artery can be observed, which would be expected as the
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proposed stretch-active stress relation has a smooth course. The artery of the

simulation conducted with the less stiff passive material parameters (simulation

2, fig. 6.6(b) and (d)) is also stretched beyond the circumferential stretch at

which the active SMC stress is maximal, leading to a decrease of the active stress

contribution at increasing stretch. From figure 6.6(d) the expected agreement

between the active stress in the tubular segment compared to the experimental

data from the ring test (fig. 6.3) can be clearly observed.

In conclusion, the extra active stress relation for the SMCs has shown to provide

a good description of the active tension generated in a coronary artery ring

for a varying circumferential stretch. Also, the active stress generation at

high stretches, above the stretch at maximal vasoconstriction, was successfully

described. This model can be added to existing passive artery models to predict

the change in the pressure-radius relation of a maximally constricted artery

relative to that of a passive artery.
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7.1 Introduction

Much interest lies in modeling the mechanical behavior of the coronary arterial

wall. The composition of the arterial wall is strongly related to the arterial

mechanical behavior, and the composition and its constituents may change

because of remodeling processes that take place in the arterial wall, upon disease

or intervention. Information on the status of the arterial wall can be derived from

measuring the mechanical wall behavior. The main objective of the research

described in this thesis was therefore, to mechanically characterize the coronary

artery and describe this behavior with a constitutive model. In this chapter, the

main results of the studies presented in this thesis will be summarized. Next,

the methods used will be discussed and recommendations for future studies will

be given.

7.2 Main findings

An in-vitro experimental model was developed that enables measurement of the

mechanical behavior of an artery, through dynamic simultaneous measurement

of pressure, internal diameter, and axial force. In addition, the set-up was

developed such, that a physiological mechanical environment for a coronary

artery is created, generating a coronary pressure and flow, cyclic axial elongation

of the artery, and control of physiological wall shear stresses. By analysis of

the properties of a mixture of xanthan gum and normal culture medium, a

blood-analog culture medium was developed, which, unlike standard culture

media, has blood mimicking rheological properties in order to induce those

physiological wall shear stresses at physiological flow rates (chapter 2). In

addition, this blood-analog culture medium does not influence cell and tissue

biology otherwise.

Combined inflation-extension experiments were conducted on cylindrical seg-

ments of porcine coronary arteries, and a mixed experimental-numerical pro-

cedure was used to obtain a mathematical description of the coronary arterial

wall. Numerous studies exist that have used such an experimental-numerical

approach in which measured stress-strain relations of an artery were fitted with

a constitutive model to derive artery-specific material parameters (e.g., Guo and

Kassab, 2004; Pandit et al., 2005; Wang et al., 2006; Baek et al., 2007). Contrary

to other studies, in chapter 3 not an artery-specific, but a generic parameter

set was derived from the fitted pressure-inner radius and pressure-axial force
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change relations obtained from passive porcine coronary arteries. Those generic

material and morphologic parameters were applied to each individual artery

tested using a single radius measurement at physiological loading to obtain

artery-specific pressure-inner radius and pressure-axial force change relations.

The computed relations compared well to the relations measured in-vitro. The

proposed constitutive model with the derived generic material and geometric

parameters can therefore be used to derive the mechanical behavior of a

coronary artery by just measuring its radius at physiological loading and the

corresponding pressure.

The pressure-inner radius and pressure-axial force change relations in the study

described in chapter 3, were measured at an axial pre-stretch at which the axial

force is relatively insensitive to changes in the pressure, as an approximation of

the physiological axial pre-stretch. From measurements in an isolated beating

heart set-up, described in chapter 4, it was shown that this axial pre-stretch

indeed corresponds to the physiological axial pre-stretch of a coronary artery.

This finding may be used in studies to obtain material parameters from clinical

in-vivo data. In patient studies, the only information available when studying

arterial wall mechanics, is the pressure-radius relation at physiological pressures.

No information is provided regarding the axial stress and strain, and the radial

deformation in the low pressure range. As arteries may have an altered wall

composition due to disease, the generic model parameters, derived in the study

described in chapter 3, can probably not be used to describe diseased arteries.

In chapter 5, apart from a pressure-invariant axial force at physiological

pre-stretch constraint (chapter 4), a structural constraint was derived, which

regards the preferred orientation of the fibers that can be used for both porcine

and human coronary arteries. From the analysis of the fitted parameters, it

was found that the preferred fiber orientation at physiological loading was

(36.6 ± 0.4)◦ for all tested arteries. This finding corresponds to the theory

that Driessen et al. (2004) used to model collagen remodeling in cardiovascular

tissues. In this study it was assumed that collagen fibers align in between the

principle stretch directions and that the orientation relates to the magnitude of

the principle stretches.

Much insight into the mechanics of the passive coronary artery has been obtained

in the studies described in chapters 3−5. In chapter 6, a new model to describe

the extra stress generated by maximally constricted SMCs, has been proposed.

This model is well able to describe the extra SMC stress generated in an arterial
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ring test, also beyond the physiological range, and was successfully incorporated

in the generic model of the passive porcine coronary artery described in chapter

3.

7.3 Discussion of the models used

7.3.1 Experimental model

In this research, the porcine coronary artery was chosen as a model system

for the human coronary artery. Morphological studies, comparing porcine and

human coronary arteries, showed that porcine coronary arteries closely resemble

human coronary arteries (Hughes, 1986; Kato et al., 1987; Crick et al., 1998).

The arteries were dissected from hearts obtained at a local slaughterhouse. This

has an ethical advantage, as it avoids the use of laboratory animals. Moreover,

the pathology of atherosclerotic lesions in pigs is similar to those in humans

(Jokinen et al., 1985). Nevertheless, the hearts were obtained from relatively

young slaughterhouse pigs, which were slaughtered at an age of 4−6 months, an

age at which the size of the heart is comparable to that of human adults. None

of the arteries that were tested, showed signs of aging, like intimal thickening,

or atherosclerosis. Still, porcine arteries can be used to relate the material

parameters to arterial morphology. Moreover, they can be used to study the

immediate and short-term remodeling response of arterial intervention, like

balloon angioplasty, in a controlled way, by using an in-vitro culturing set-up.

The change in the arterial wall morphology and mechanics, can then be related

to the generic material parameters of the porcine coronary artery, as has been

described in chapter 3.

The two human arteries that were described in chapter 5 of this thesis were

also non-atherosclerotic. However, one of the LADs (LAD 8) showed very stiff

behavior at higher pressures, compared to the porcine LADs tested. In addition,

the other LAD (LAD 9) had a physiological axial pre-stretch of 1.15, which is

much lower than the physiological axial pre-stretch found for porcine coronary

arteries (chapter 4, 1.37± 0.02). More research into the mechanical behavior of

the human coronary artery is therefore required.

The tested coronary arterial segments were dissected from the heart. Hence,

the LAD was free from its natural environment and was not constrained by

the myocardium. The question is, whether a myocardial constraint should be

added to the coronary artery, to model the motion of the LAD in the in-vivo
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situation. In a study by Hamza (2003) it was found, that the myocardium does

restrict the compliance of the epicardial coronary artery. Liu et al. (2008) have

shown, however, that this effect depends on the extent to which the artery is

embedded into the myocardial tissue. For partially embedded arteries, only a

small reduction of the compliance was found. It was concluded that the wall

motion of a partially embedded vessel can be approximated as a free vessel.

In addition, the arterial cross-section remains nearly circular, regardless of the

circumferentially non-uniform myocardial constraint. The proximal part of the

LAD, which was used in the studies described in this thesis, is only partly

embedded in the myocardium. Moreover, in chapter 4 it was shown that the axial

pre-stretch of the LAD on an isolated beating heart, representing the in-vivo

situation, is not significantly different from the axial pre-stretch at transition in

an isolated artery. Accordingly, when modeling the LAD in the in-vivo situation,

the artery can be modeled as being free from the heart.

Both the temperature at which an experiment to measure an artery’s mechanical

behavior is performed (Kang et al., 1995; Guinea et al., 2005), and the

freshness and preservation method of the arterial segment (see e.g., Muller-

Schweinitzer et al., 1997; Pegg et al., 1997; Venkatasubramanian et al., 2006;

Stemper et al., 2007), have been shown to affect mechanical arterial wall

characteristics. Therefore, mechanical measurements were conducted in a

physiological environment, concerning the temperature and the composition

of the surrounding solution. In addition, the experiments were executed on

segments within a few hours after exsanguination of the pig or after explantation

of the human heart, to ensure the freshness of the tested segment. Arterial

preconditioning was performed up to the highest strain that was used in the

experiment, as suggested by Cheng et al. (2009).

7.3.2 Computational model

Although it is well known that the arterial wall consists of three layers, of

which the media and adventitia contribute to the arterial mechanical behavior

significantly, the arterial wall was modeled as a single layer thick-walled tube.

Adopting a two- or three-layer model would be interesting, as this could give a

more accurate description of the individual layers and its components (Holzapfel

et al., 2004a). However, this increases the number of parameters and therefore

would only be useful if they could also be fitted to mechanical data of the

individual layers. We preferred measurements to be performed in a physiological
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environment, while maintaining the artery’s tubular shape. Maintaining the

tubular shape of the arterial segments had the disadvantage that the layer-

specific mechanical behavior could not be obtained, as layers could not be

separated while maintaining segments free of any leakage.

Two slightly different models have been used to describe the passive coronary

artery: the more basic constitutive model by Holzapfel and Gasser (2000),

adding two fibers as a cross-ply to a Neo-Hookean matrix material (chapter 5);

and the constitutive model by Driessen et al. (2008), treating the artery as a

composite material, using mixing theory (van Oijen, 2003), consisting of a Neo-

Hookean matrix material, reinforced with fibers, with an angular distribution

of the collagen fiber orientation (chapters 3, 4 and 6). The quality of the

fit of the pressure-inner radius and pressure-axial force change relations was

comparable for both models. Although a distribution on the fiber orientation is

more physiological (Finlay et al., 1995), it does introduce an extra parameter,

which is not preferred when only a limited amount of information is available,

such as in clinical studies. Therefore, it was chosen to use the two-fiber model

by Holzapfel and Gasser (2000) in the study presented in chapter 5.

In estimating material parameter values from the experimental data, by

fitting the data with a constitutive model, measurement inaccuracies were not

accounted for. The estimated inaccuracy of the absolute diameter measurement

using ultrasound is about 2 − 3%, and of the change of the axial force about

1%. The derived unloaded inner and outer diameter from histology have a

measurement inaccuracy of about 5 − 6% (Choy et al., 2005). Although those

inaccuracies are not considered very large, they are not negligible. Zeinali-

Davarani et al. (2009) proposed a method in which a weighted non-linear least

squares method was used to estimate parameters from fictitious experimental

data with a measurement inaccuracy, which was introduced as a noise on the

measured signal. Such a method could be used when measurement inaccuracies

are added to the experimentally obtained data in future studies. A similar

strategy, to incorporate measurement inaccuracies to the experimental data,

could be used in a next step to add a certain confidence interval to the estimated

material parameters using e.g. a Monte-Carlo algorithm.
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7.4 Future directions

The constitutive models used in this research, though less phenomenological

than the model by e.g. Fung et al. (1979) and certainly structurally motivated,

are still not completely structurally based at a microscopic level. In the

current approach, which is based on a relatively simple model of collagen fibers

embedded in an isotropic matrix material (Holzapfel and Ogden, 2010), no

interaction between the different tissue components is incorporated. The arterial

stiffening observed in arterial stress-strain relations can be attributed to the

gradual straightening of the stiff collagen fibers at increasing load (Lanir, 1979).

When the wall is unloaded, the collagen fibers have a wavy morphology and are

not able to carry load. For future research it would be interesting to develop

the model towards a model that not only separately models the collagen fibers,

but that consists of a combination of the mechanically relevant components

present in the arterial wall, like collagen, elastin, and (active) vascular smooth

muscle, with the associated (elastic) moduli of the individual components and

their interaction incorporated. The only parameters that can then be varied, are

the composition of the components, and the arrangement of the components,

such as the stretch-state of the elastin and vascular smooth muscle, and the

waviness and orientation of the collagen fibers. Especially, more understanding

of the interaction between the different tissue components is needed. This will

increase the applicability of constitutive arterial wall models to diseased arteries

and remodeling processes that take place in the arterial wall. For this model,

a similar generic description can then be derived, based on the morphological

composition of the average artery. Moreover, the optimization constraints that

have been derived can still be used for parameter estimation from clinical data.

An important step in the optimization of the constitutive arterial wall model will

be to incorporate validated structural information on the collagen architecture in

the wall in future studies. This implies the preferred orientation and distribution

of the collagen, and the collagen waviness and gradual straightening upon

loading. A promising technique to assess this collagen architecture is confocal or

two-photon laser scanning microscopy in combination with a fluorescent probe

to label the collagen (Krahn et al., 2006; Boerboom et al., 2007; Schrauwen,

2010).

The model could be extended with components that appear in atherosclerosis.

In this vascular disease the intima is thickened due to a plaque containing
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a.o. fatty substances, calcifications, collagen, and migrated SMCs (Burke

et al., 2002; Kolodgie et al., 2004; Virmani et al., 2006). This pathological

process is associated with significant changes in the mechanics of the arterial

wall (Salunke and Topoleski, 1997; Holzapfel et al., 2004b) and therefore is

important when studying arterial wall mechanics and the associated treatment

strategies, as these are performed on diseased arteries. When diseased arteries

are studied, 2D measurements of the wall deformation will not suffice due to

the inhomogeneous, non-symmetric composition of plaques. A better option

would be to use 3D ultrasound, or make a 3D scan using a 2D ultrasound

scanner. Another technique that could be used to identify the different tissue

components in an atherosclerotic artery is high-resolution MRI (Auer et al.,

2006). Whereas the spatial resolution can be very high depending on the MRI

scanner, the temporal resolution is relatively poor. Therefore, this technique is

less valuable in determining the deformation of the wall and its components due

to dynamic loading.

When such a structural model, containing the different components present in

the healthy and diseased arterial wall, becomes available, this could be used as

a tool to obtain additional information on the pathomorphology of the arterial

wall during e.g. balloon inflation. Using a computer-controlled balloon inflation

device, the balloon volume and the pressure needed to obtain this volume change

are provided as controlled variables. When the balloon wall is still unloaded

(before the balloon has reached its nominal diameter), this information exactly

presents the pressure-volume data of the dilated artery (after correction for

the balloon wall thickness). This data could be translated to a stress-strain

relation, containing information on the composition of the plaque being dilated.

Several laboratory investigations have already shown the feasibility of using such

a method (Murray and Allen, 1997; Murray et al., 1998; Shehab et al., 2008).

In the future, this could in part decide the subsequent treatment-strategy of

a particular artery, like (drug-eluting) stent placement and medical treatment.

More research, concerning e.g. the mechanical properties of different plaque

compositions, and treatment strategies depending on the artery, is still needed.

Also, much can be learned from arterial culture. In a physiological environment

different stimuli can be induced to the arterial wall, and the adaptation process

to those stimuli can be studied in a controlled way. The in-vitro set-up that

was developed by van den Heuvel (2005) and in the research of this thesis can

be used for culturing studies of the coronary artery. A medical intervention,
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such as balloon angioplasty and stent placement, can be conducted on the

artery and the short-term effects can be studied. The cultured artery could

be of porcine origin from the slaughterhouse, which has the advantage that

the adaptation response is faster than that in humans. From in-vivo drug-

eluting stent (DES) studies it was found that 28 days adaptation upon DES

placement in pigs is equivalent to about 1 year post-treatment for humans

(Virmani et al., 2003; Joner et al., 2008). It is unknown, however, whether this

also holds for in-vitro cultured arteries, so this needs further investigation. From

these culturing studies, arterial remodeling and adaptation upon intervention or

altered loading can be better understood. The morphological and mechanical

data describing arterial adaptation upon intervention and e.g. aging can be

structurally incorporated by introducing remodeling rules for the individual

components, such as a degradation of elastin and an increased collagen density

that are associated with aging (Holzapfel and Ogden, 2010).

7.5 Concluding remarks

In this thesis an in-vitro model that enables the mechanical characterization of

the coronary artery under physiological conditions has been described. The

development of a new blood-analog medium has made it possible to apply

physiological shear stresses at a physiological flow. It has been found that at the

coronary’s physiological axial pre-stretch, the axial force is relatively insensitive

to changes in pressure, which can be used to apply physiological boundary

conditions when measuring coronary arterial mechanical wall behavior. Two

important modeling approaches have been described. For the first approach,

a generic constitutive model was derived, to predict the pressure-radius and

pressure-axial force change behavior of a specific passive porcine coronary artery

by only measuring its inner radius at physiological loading and the corresponding

pressure. In the other approach, a new optimization constraint was derived,

which can be used in patient-specific in-vivo arterial characterization. In

addition, a new constitutive model, to describe the extra active stress generated

by constricted SMCs has been proposed, which was successfully incorporated in

the generic constitutive model of the porcine coronary artery.
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Samenvatting

Coronair vaatlijden is de meest voorkomende cardiovasculaire aandoening

in Europa. Het mechanische gedrag van kransslagaders wordt in sterke

mate bepaald door de aanwezige materiaalcomponenten in de vaatwand. De

compositie van de vaatwand zou kunnen veranderen door remodellering ten

gevolge van bijvoorbeeld een pathologische aandoening of een interventie.

Het is dus van belang de relatie tussen de componenten in de vaatwand

en het daarbijbehorende mechanische gedrag van de kransslagader te kunnen

beschrijven door middel van een materiaalmodel. Het doel van het in dit

proefschrift beschreven onderzoek is daarom het mechanische gedrag van de

kransslagader te bepalen en dit gedrag met een constitutief model te beschrijven.

De ontwikkeling van een in-vitro model, dat de opgelegde druk, interne diameter

en axiale kracht simultaan bepaalt, heeft het mogelijk gemaakt het mechanische

gedrag van de kransslagader experimenteel onder fysiologische omstandigheden

te bepalen. Door een mengsel van xanthaan-gom en normaal celkweekmedium

te analyseren, is er een nieuw kweekmedium met bloed-analoge reologische

eigenschappen ontwikkeld. Hiermee kunnen fysiologische wandschuifspanningen

in combinatie met een fysiologische stroming opgelegd worden zonder dat de

cel- en weefseleigenschappen op een andere manier biologisch worden bëınvloed.

Om de kransslagader ook axiaal fysiologisch te belasten is onderzocht hoe de

fysiologische axiale voorrek van de kransslagader in-vitro bepaald kan worden.

In dit proefschrift is gevalideerd dat als de kransslager axiaal naar het in-vivo

niveau opgerekt is, de axiale kracht relatief ongevoelig is voor veranderingen in

de druk. Deze eigenschap kan gebruikt worden om de fysiologische voorrek van

de kransslagader te bepalen.

Om het gedrag van een kransslagader te kunnen voorspellen is een generiek

constitutief model ontwikkeld door het te voorzien van een generieke set

129



Samenvatting

materiaal- en geometrische parameters. Met behulp van dit model kunnen

de druk-interne diameter en druk-axiale kracht verandering relaties van een

passieve kransslagader van een varken voorspeld worden. Hiervoor hoeft alleen

de diameter en de bijbehorende druk onder fysiologische belasting bekend te

zijn.

Als in plaats van een generieke beschrijving, een bloedvat-specifieke beschrijving

van de kransslagader gewenst is en alleen de in-vivo druk-diameter relatie bekend

is, is meer informatie betreffende de structuur van de kransslagader nodig. Door

de gefitte materiaalparameters te analyseren is geconstateerd dat de vezels in

het materiaalmodel bij fysiologische belasting een bepaalde voorkeursoriëntatie

hebben. De vezelhoek ten opzichte van de circumferentiële richting is (36.6 ±

0.4)◦ en dit geldt zowel voor humane als voor de varkenskransslagaders. Deze

bevinding kan gebruikt worden als extra restrictie bij het fitten van een

constitutief model op experimentele data, met name als er slechts beperkte

informatie met betrekking tot het mechanische gedrag beschikbaar is.

Tenslotte is er een nieuw model geformuleerd waarmee de extra spanning, die

door maximaal gecontraheerde gladde spiercellen wordt gegenereerd, kan worden

beschreven. Met dit model kan de extra spanning, gemeten in een experiment

waarin de circumferentiële rek-spanningsrelatie van korte segmenten van de

kransslagader bepaald is goed beschreven worden, ook buiten het fysiologische

rekgebied. Dit model is met succes toegevoegd aan het generieke constitutieve

model van de kransslagader.
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evenementen, de Sintgame, het Tackûhlaars-weekend, de begin-van-het-jaar-

barbecue, etc altijd weer erg gezellig. Ik hoop dat we over een jaartje of 40

nog eens een comeback maken bij de HvB-loop.

Harry, Jeanne, Annelieke, Rolf en Rik, bedankt voor alle fijne en gezellige

momenten samen. Nicole en Johan, ik ben heel blij met jullie als zus en zwager,

jullie zorgen altijd weer voor de nodige gezelligheid en ontspanning. Jör, we

moeten nog maar lang de sfeermakers in het sfeervak blijven, ik weet zeker dat

we die EK/WK-overwinning dan nog eens mee gaan maken. Bedankt dat je

zo’n leuke en lieve broer voor me bent. Lieve pap en mam, bedankt voor jullie

onvoorwaardelijke steun, liefde en vertrouwen, die mij toch echt hier gebracht

hebben. Ik vind het fijn om zo’n warm thuis te hebben. Lieve Ferry, bedankt

voor je begrip en steun en voor het feit dat je altijd voor me klaar staat. Ik ben

ontzettend blij met je en kijk uit naar onze toekomst samen!

Chantal, oktober 2010

132



Curriculum vitae

Chantal van den Broek werd geboren op 16 september 1982 te Barendrecht.

In 2000 behaalde zij haar VWO-diploma aan de o.s.g. Wolfert van Borselen

te Rotterdam. Aansluitend studeerde zij Biomedische Technologie aan de

Technische Universiteit Eindhoven. Als onderdeel van deze studie liep zij stage
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