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Chapter 1

Introduction

1.1 Discovery of blood circulation

If you were a classmate of William Harvey in 1593 at the medical faculty
of Cambridge, you would have learned the following. The food we eat is
broken down in our stomach, passes through the intestines, where the waste
matter is removed, and is then diverted to the liver, which further refines
the nutrients into blood. The liver distributes the nutrient-rich blood into
the various part of the body through the veins. Part of the blood reaches
the right ventricle of the heart and is filtered through a thick wall to reach
the left side. There, the blood is mixed with air coming from the lungs and
distributed to the body through the arteries, providing warmth, energy, and
vitality to the organs (Shackelford 2003).

However, William Harvey could not explain the observations he made during
his human and animal experiments. By estimating the amount of blood pass-
ing through the heart, he figured out that the liver should produce liters of
blood per hour (Harvey and Leake 1928). How could that be possible? Har-
vey started to point out incoherences in the current understanding of human
physiology and anatomy. He concluded that the blood should circulate in the
body in a closed loop, and that the systolic contraction of the heart delivered
the only efficient driving force to move the blood. These observations were
published in 1628 in a manuscript entitled: Exercitatio Anatomica de Motu
Cordis et Sanguinis in Animalibus. Figure 1.1 depicts one of his experiments

1



2 Chapter 1. Introduction

Figure 1.1: Illustration from William Harvey: De motu cordis (Harvey and Leake, 1928).
The upper graph shows distended veins in the forearm and position of venous valves.
The middle graph shows that if a vein has been ’milked’ centrally and the peripheral end
compressed, it does not fill until the finger is released. Bottom graph shows that blood
cannot be forced in the ’wrong’ direction.
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on the arteries and veins of the arm. During his carrier, William Harvey
spent decades trying to convince scientists from all over Europe about the
relevance of his discovery.

Nowadays, circulation of blood is fully acknowledged, however the complexity
of the cardiovascular system is still subject of research.

1.2 The cardiovascular system

At each contraction, the heart ejects on average 70 ml of blood in the resting
body. Since it beats 70 times per minute, roughly 5 liters of blood are pumped
by the heart every minute. This is equal to the total amount of blood present
in the body. In other words: in average, a full circulation is obtained every
minute (Fung 1996).

The blood circulation can be divided into two main circuits in series: the
pulmonary circulation and the systemic circulation. In the systemic circula-
tion, the blood is ejected from the left ventricle of the heart into the arterial
tree composed of large arteries (diameter of 20 to 0.1 mm) that bifurcate
into arterioles (diameter of 100 to 10 µm) and capillaries (diameter of 10 to
5 µm). In the capillaries, the blood exchanges oxygen, nutrients and waste
products with the tissues. The blood is then carried back to the right atrium
of the heart via the venous system. It is subsequently intermittently moved
to the right ventricle and ejected by cardiac contraction into the pulmonary
circulation where it is oxygenated. The oxygenated blood returns back to the
left atrium via the pulmonary veins. Finally, it flows into the left ventricle
and is forced again into the systemic circulation (Fung 1996).

If arteries were stiff tubes, the heart would have to generate excessive high
blood pressures to eject blood which creates a pulsatile blood flow waveform.
However, because of their compliance, arteries act as a temporary reservoir
for the blood. During systole (when the heart contracts and ejects blood)
the arterial diameter increases, and a volume of blood is stored. This stored
blood is discharged during the diastole (when the heart relaxes). As a result,
the pulsatile blood pressure and flow in large arteries is damped, and progres-
sively converted into a constant blood pressure and flow in the capillaries,
optimizing oxygen and nutriments exchange from the blood with the tissues.
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Elastic properties of arteries play thus an essential role in the regulation of
blood pressure and blood volume flow (Nichols and O’Rourke 2005, Segers
and Verdonck 2000).

1.3 Cardiovascular diseases

Pathological degradations of the arterial walls caused by Cardiovascular dis-
eases (CVD) may have dramatic consequences like stroke or heart attacks. A
major risk is posed by rupture of atherosclerotic plaques located in large and
medium-sized arteries. Cardiovascular diseases are the major cause of death;
globally more people die annually from CVD than from any other cause.
The World Health Organization has estimated that 17.1 million people died
in 2004 because of CVD, representing 29% of all global deaths(Mackay and
Mensah 2004). According to projections, by 2030 nearly 23.6 million peo-
ple will die from CVD mainly from heart disease and stroke(Mackay and
Mensah 2004).

When cardiovascular problems are detected, the underlying cause (atheroscle-
rosis) is usually quite advanced. Therefore, a reliable estimate of the risk on
cardiovascular diseases in an early stage is essential. High blood pressure is
one of the main risk factors for CVD and is widely used in diagnosis. To mea-
sure blood pressure, a cuff at the brachial artery can be employed allowing
recording of both the systolic (maximum) pressure and the diastolic (min-
imum) pressure. A patient is considered hypertensive when the measured
systolic blood pressure exceeds 140 mmHg and/or when the diastolic blood
pressure is higher than 90 mmHg (Mancia, Laurent, Agabiti-Rosei, Ambro-
sioni, Burnier, Caulfield, Cifkova, Clément, Coca, Dominiczak, Erdine, Fa-
gard, Farsang, Grassi, Haller, Heagerty, Kjeldsen, Kiowski, Mallion, Mano-
lis, Narkiewicz, Nilsson, Olsen, Rahn, Redon, Rodicio, Ruilope, Schmieder,
Struijker-Boudier, van Zwieten, Viigimaa and Zanchetti 2009). However, in
medical guidelines different criteria are proposed (Mancia et al. 2009). In
most countries, up to 30% of adults suffer from hypertension. Huge efforts
are put into hypertension treatment.

Arterial stiffening may be both a cause and a consequence of hyperten-
sion. The elastin fibers that mediate the arterial stiffness at low and normal
blood pressure are degraded with age. Consequently, arteries stiffen and



1.4. In vivo assessment of hemodynamical parameters 5

pulsatile blood pressure rises (Bussy, Boutouyrie, Lacolley, Challande and
Laurent 2000). On the other hand, at high pressures the arterial wall stiff-
ens as elastin fibers have been stretched completely (Fonck, Prod’hom, Roy,
Augsburger, Rüfenacht and Stergiopulos 2007), and the role of collagen fibers
becomes increasingly important. Furthermore, the increase of arterial stiff-
ness is responsible for an increase in pulse wave propagation. Hence the
pressure reflections coming from the peripheries will return faster and in-
crease the systolic pressure. It has been shown that arterial stiffness is an
independent predictor of cardiovascular risk at an early stage(Laurent, Cock-
croft, van Bortel, Boutouyrie, Giannattasio, Hayoz, Pannier, Vlachopoulos,
Wilkinson and Struijker-Boudier 2006). Furthermore, arterial stiffness may
precede hypertension, as suggested by Reneman et al. in 2005 (Reneman,
Meinders and Hoeks 2005). Arterial stiffness might be thus an important pa-
rameter to diagnose CVD risk in an early stage and it is therefore assessed in
clinical practice from non-invasive estimates of hemodynamical parameters
(Mattace-Raso, van der Cammen, Hofman, van Popele, Bos, Schalekamp,
Asmar, Reneman, Hoeks, Breteler and Witteman 2006, Yufu, Takahashi,
Anan, Hara, Yoshimatsu and Saikawa 2004, Germain, Boutouyrie, Laloux
and Laurent 2003, Guerin, London, Marchais and Metivier 2000, Blacher,
Pannier, Guerin, Marchais, Safar and London 1998).

1.4 In vivo assessment of hemodynamical pa-

rameters

Ultrasound is a favorable tool to estimate in vivo and non-invasively hemody-
namical parameters. Medical ultrasound are constituted of mechanical waves
with a frequency between 2 and 20 MHz that are employed for clinical imag-
ing. The acoustic waves are generated with piezo-electric elements which
convert electrical excitations into mechanical vibrations. Either curved or
linear arrays of piezo-elements can be used for vascular ultrasound probes.
Linear arrays can be constituted of more than hundred piezo-electric ele-
ments.

Ultrasound beams are sent into the tissues and the echo signals are received
back as radio-frequency signals and converted to amplitude signals. Perpen-
dicular echo M-mode and oblique Doppler measurements can be performed,
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Figure 1.2: Vascular ultrasound measurements. Top left: Vessel wall displacement at the
common carotid artery (CCA) from a longitudinal fast B-mode. Top right: Blood velocity
assessment at the CCA in Doppler mode. Bottom left: Longitudinal B-mode view of the
brachial artery (left) and vessel wall displacement in M-mode (right). Bottom right: Blood
velocity at the brachial artery in Doppler mode.

to determine the vessel distension waveform and centerline blood velocity,
respectively, both with a high temporal resolution, see Figure 1.2.

1.4.1 Vessel distension and blood pressure

Arterial distension can be measured with an ultrasound scanner using M-
mode imaging. In M-mode, an ultrasound beam is applied at a high pulse
frequency at a single position. Then, an M-mode image is generated by
displaying the reflected signals as function of time. Post-treatment algo-
rithms have been developed to assess arterial wall displacement as well as the



1.4. In vivo assessment of hemodynamical parameters 7

intima-media-thickness from M-mode images with a high temporal and spa-
tial resolution (Brands, Hoeks, Willigers, Willekes and Reneman 1999), see
Figure 1.2. Recently, multi M-line imaging has been developed to estimate
arterial wall displacement over a few centimeters (Reneman et al. 2005, Mein-
ders, Brands, Willigers, Kornet and Hoeks 2001).

From the obtained distension waveform, the blood pressure waveform can
be approximated by scaling of the distension waveform with the systolic
and diastolic blood pressure measured in the arm (Vermeersch, Rietzschel,
de Buyzere, de Bacquer, de Backer, van Bortel, Gillebert, Verdonck and
Segers 2008).

1.4.2 Blood velocity

The development of pulsed Doppler ultrasound techniques has permitted
the determination of blood velocity within large arteries at specific sites
(Hoeks, Ruissen, Hick and Reneman 1984, Levenson, Peronneau, Simon
and Safar 1981). Multi-gate-Doppler has been developed to extend the
local measurement to the acquisition of the instantaneous blood velocity
distribution (Tortoli, Guidi, Guidi and Atzeni 1996, Hoeks, Reneman and
Peronneau 1981). Unfortunately, the Doppler beam angle of 60-70 degrees
and reflections and reverberations close to the wall-lumen interface do not
permit accurate velocity estimation near the vessel wall (Ledoux, Brands and
Hoeks 1997, Hoeks, Hennerici and Reneman 1991). Furthermore, due to a
dispersed reflection of the vessel wall, the wall position cannot be accurately
determined (Hoeks et al. 1981). Consequently, blood volume flow estimation
based on simple angular integration of the acquired velocity profile, assuming
axisymmetric flow, is not feasible. The measurement of centerline velocity
is less subject to measurement errors and routinely used to derive the blood
volume flow waveform assuming a parabolic velocity profile (quasi-static Poi-
seuille) for a mean time average lumen radius (Mitchell, Parise, Vita, Larson,
Warner, Keaney, Keyes, Levy, Vasan and Benjamin 2004).

The in vivo measured vessel distension, blood pressure as well as blood ve-
locity can further be treated and employed to derive parameters that are not
assessable directly like the arterial stiffness.
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1.5 In vivo estimation of arterial stiffness

When linear elastic and isotropic behavior is assumed for the arterial wall,
arterial stiffness, S, can be defined as the product of the Young’s modulus,
E, and the time average vessel wall thickness, h. In clinical studies, ar-
terial stiffness is assessed either locally, from arterial distensibility (Henry,
Kostense, Spijkerman, Dekker, Nijpels, Heine, Kamp, Westerhof, Bouter and
Stehouwer 2003, Guerin et al. 2000, Smilde, van den Berkmortel, Boers,
Wollersheim, de Boo, van Langen and Stalenhoef 1998), or globally (average
over an arterial segment), from pressure wave velocity (Weber, Ammer, Ram-
mer, Adji, O’Rourke, Wassertheurer, Rosenkranz and Eber 2009, Millasseau,
Stewart, Patel, Redwood and Chowienczyk 2005).

1.5.1 Distensibility method

The distensibility coefficient D0, i.e. distensibility per unit of length, is de-
fined as the ratio between the linearized compliance coefficient C0 and the
time average cross-sectional area A:

D0 =
C0

A
with C0 =

∆A

∆p
, (1.1)

with ∆A the maximum change in arterial cross-sectional area and ∆p the
corresponding pressure difference within a heart cycle.

Arterial stiffness can be determined from the distensibility by

S = Eh ≈ 2a(1 − µ2)

D0

, (1.2)

if we assume linear elastic and isotropic behavior, and that the wall thickness,
h, is at least an order of magnitude smaller than the mean time average radius
a, (Westerhof, Bosman, de Vries and Noordergraaf 1969) (µ being the Poisson
ratio).

The distensibility method is usually applied to common carotid, femoral or
brachial arteries (Henry et al. 2003, Guerin et al. 2000, Smilde et al. 1998).
For these arteries, the local pulse pressure is assumed to equal the brachial



1.5. In vivo estimation of arterial stiffness 9

pulse pressure ∆p or derived using the assumption that for the central circu-
lation the mean pulse pressure are constant (van Bortel, Balkestein, van der
Heijden-Spek, Vanmolkot, Staessen, Kragten, Vredeveld, Safar, Boudier and
Hoeks 2001). The radius a and ∆A can be assessed using an ultrasound
scanner.

1.5.2 Pulse wave velocity method

An alternative method to determine arterial stiffness is based on the global
pulse wave velocity, c0. In the pulse wave velocity (PWV) method, pres-
sure waveforms obtained with applanation tonometry, or arterial distension
waveforms obtained with ultrasound, are measured at a proximal and a dis-
tal site. The distance between the measurement sites, ∆L, is divided by the
(foot-to-foot or dicrotic notch) transit time of the pressure waveforms, ∆t, to
calculate the pulse wave velocity c0, see Figure 1.3. The distensibility D0, is
then estimated from the Moens-Korteweg equation assuming that the vessel
wall behaves linear elastic, isotropic and incompressible:

D0 ≈
1

ρc2
0

, with c0 =
∆L

∆t
, (1.3)

with ρ the blood density. Next, (1.2) can be used to estimate an average
arterial stiffness over the arterial segment. Most commonly, the PWV is
estimated between the carotid and femoral artery, or between the brachial
and radial artery (Laurent et al. 2006, Nichols and O’Rourke 2005, Mourad,
Girerd, Boutouyrie, Laurent, Safar and London 1997).

Arterial stiffness can thus be estimated with the distensibility method or the
pulse wave velocity (PWV) method. However, both methods have some limi-
tations. The distensibility method reflects the arterial mechanical properties
only locally. Furthermore, it requires local pulse pressure while pressure can
only be measured in the brachial artery. For the PWV method, an average
stiffness over a long arterial trajectory is obtained whereas stiffness differs
between arteries and increases towards the peripheries (Anliker, Rockwell
and Ogden 1971). Finally, hemodynamic viscous forces and pressure wave
reflections originating from transitions in arterial stiffness, the presence of
bifurcations, arterial lumen tapering and the peripheral bed are neglected.
These assumptions might lead to inaccuracies in the estimates for arterial
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Figure 1.3: Pulse-wave propagation method, reproduced from Laurent et al. (2006).

stiffness. To overcome these limitations, models of the cardiovascular system
can be employed.

1.6 Modeling of propagation phenomena in

arteries

In the last decades, mathematical modeling of the cardiovascular system via
analytical and numerical methods has been extensively employed to improve
our understanding of the complex phenomena related to the cardiovascu-
lar system (van de Vosse 2003, Taylor, Hughes and Zarins 1998). To study
the complex blood flow and pressure propagation phenomena in the arterial
system, lumped parameter models, referred to as 0D or windkessel mod-
els, (Lanzarone, Liani, Baselli and Costantino 2007, Liang and Liu 2005,
Olufsen, Peskin, Kim, Pedersen, Nadim and Larsen 2000, Avolio 1980, West-
erhof et al. 1969), one dimensional wave propagation models (Reymond,
Merenda, Perren, Rüfenacht and Stergiopulos 2009, Azer and Peskin 2007,
Bessems, Rutten and van de Vosse 2007, Formaggia, Lamponi, Tuveri and
Veneziani 2006, Sherwin, Franke, Peiró and Parker 2003) and three dimen-
sional models are used (Beulen, Rutten and van de Vosse 2008, Lee, Lee,
Fischer, Bassiouny and Loth 2008, Speelman, Bohra, Bosboom, Schurink,
van de Vosse, Makaorun and Vorp 2007, Li, Beech-Brandt, John, Hoskins
and Easson 2007), see Figure 1.4.
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Figure 1.4: Schematic view of 0D, 1D and 3D models

.

1.6.1 Windkessel model

In 1899, Otto Frank proposed a windkessel1 model to describe the relation-
ship between blood pressure and blood volume flow in arteries (Frank 1899).

In this model, the compliance of the central arterial system is represented by
an elastic chamber with a compliance C and the peripheral blood vessels by
a rigid tube with a constant resistance (R). The blood volume flow q as a
function of blood pressure p is then given by:

q = C
∂p

∂t
+

p

R
(1.4)

Later, windkessel models have been refined. A 3-element model, including
a parallel resistance, has been introduced to reflect more precisely the high-
frequency behavior of the input impedance (Westerhof et al. 1969). Subse-
quently, a 4-element model, including an additional inductance L to describe
the total inertance of the arterial system, has been proposed (Stergiopulos,
Westerhof and Westerhof 1999). Finally, a frequency dependent lumped
model based on specific blood velocity profiles was developed (Huberts, Bos-
boom and van de Vosse 2009). Windkessel models are useful tools to study
the pressure and flow relationships in large arteries and have been exten-
sively used. However, these models ignore the pressure wave propagation
phenomena along the arterial tree.

1windkessel in German means air chamber, the name arose from the similarities between
mechanical behavior of arteries and the windkessel of a nineteenth century steam engine.
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1.6.2 Lumped and wave propagation models

To study wave propagation phenomena, lumped parameter models have been
employed (Liang and Liu 2005, Olufsen et al. 2000, Westerhof et al. 1969).
In these models, segments of arteries, represented by windkessel models, are
connected, which results in an electrical transmission line. Lumped models
have been used to understand wave propagation phenomena in the arte-
rial systems (Lanzarone et al. 2007, Liang and Liu 2005) but also to simu-
late pathological situations (Wolters, Emmer, Rutten, Schurink and van de
Vosse 2007, Pietrabissa, Mantero, Marotta and Menicanti 1996). In lumped
models, mechanical behavior of the arterial wall are generally modeled with
a linear compliance. Furthermore, transitions between segments are discrete
and can generate non physiological reflections.

Blood and pressure propagation are described by the Navier-Stokes equa-
tions:

ρ
∂v

∂t
+ ρ(v · ▽)v = ρf −∇p + η ▽2 v

∇ · v = 0,

(1.5)

wherein ρ is the blood density, v the blood velocity, p the blood pressure and
η the blood viscosity. The body forces f , corresponding to earth gravity for
the cardiovascular system, are generally neglected.

The 1D wave propagation models are based on the 1D integration of the
Navier-Stokes equations over the transverse cross-sections of the arteries in
combination with a constitutive relation between local pressure and cross-
sectional area. Finite-element or spectral-element methods can be used
to solve the obtained set of differential equations. As long as geometrical
changes are gradual and long waves are concerned, an accurate model for
pressure and flow waves can be obtained for arterial segments. Further-
more, these models are suitable for the incorporation of complex arterial
wall properties like nonlinear and visco-elastic behavior. Experimental and
clinical validation of wave propagation models have demonstrated their abil-
ity to qualitatively describe blood pressure and blood volume flow (BVF)
waveforms (Reymond et al. 2009, Bessems, Giannopapa, Rutten and van de
Vosse 2008, Matthys, Alastruey, Peir, Khir, Segers, Verdonck, Parker and
Sherwin 2007).
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The main advantage of lumped and wave propagation models is that they
require only few minutes to simulate pressure and flow propagation phenom-
ena for the entire arterial system. However, wave propagation models do not
take into account the perturbation of the velocity profiles, i.e., due to the
curved geometry of arteries.

1.6.3 Three Dimensional CFD models

In three dimensional (3D) computational fluid dynamic (CFD) simulations
of blood and pressure in arteries, the full Navier-Stokes equations for non-
compressible fluid (Equation 1.5) are solved using finite-element methods,
resulting in full velocity profiles and pressure distribution over any arterial
cross-section (Lee et al. 2008, Speelman et al. 2007, Li et al. 2007, Tay-
lor et al. 1998). Improvement in computational power allows nowadays to
model complex 3 dimensional flow within either fixed or flexible arterial walls
(Beulen et al. 2008, Kayser-Herolda and Matthies 2007).

3D models require considerable computational time; consequently, they are
usually applied to short arterial segments. For example, 3D models were used
to study the effect of stenoses or bifurcations. They can also be employed
to study the velocity patterns in curved tubes and thus be used to improve
local assessment of blood volume flow (Verkaik, Beulen, Bogaerds, Rutten
and van de Vosse 2009).

1.7 Aim of this thesis

The aim of the present research is to develop a strategy to estimate dis-
tributed arterial mechanical properties. For this, ultrasound measurements
of blood velocity and change in vessel diameter at multiple locations will be
combined with subject specific simulations.

Wave propagation models can not be used to estimate arterial stiffness di-
rectly, since arterial diameters, wall thicknesses and arterial wall mechani-
cal properties like the Young’s modulus are required as model parameter.
However, the model output, expressed in the blood volume flow and blood
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pressure waveforms at arbitrary location, can be employed to estimate ar-
terial mechanical properties in a reverse process comparing model output
with measurements at specific locations. Initial model parameters, x̃, (in-
cluding the arterial mechanical properties) are optimized until the best fit
between measured, ym, and simulated, ys, output parameters is obtained, see
Figure 1.5.

The in vivo measurements used to obtain the initial model parameters, x̃,
and measured output parameters, ym, are the systolic and diastolic blood
pressure, the arterial lengths, and the blood velocity and vessel diameter and
distension obtained at multiple locations, see Figure 1.5. To determine the
vessel distension waveform and centerline blood velocity, non-invasive ultra-
sound imaging is the more suitable technique because of its high temporal
and spatial resolution.

Blood volume flow waveforms can be derived from the measured blood ve-
locity and average arterial diameter. For a straight tube, a Poiseuille profile
for quasi-static flow or Womersley profile for pulsatile flow can be employed.
However, both methods neglect the influence of curvature. Unfortunately,
no general analytical solutions exist for pulsatile flow in curved and tapered
tubes. Thus 3D CFD models will be employed to develop a new estimation
method of BVF that accounts for arterial curvature, see Figure 1.5.

We focus on the estimation of the mechanical properties of the arteries of the
arm because these arteries are frequently subject of medical investigations
(Stroev, Hoskins and Easson 2007, Verbeke, Segers, Heireman, Vanholder,
Verdonck and van Bortel 2005, Michel and Zernikow 1998). Furthermore,
the local systolic and diastolic blood pressure can be measured directly in the
brachial artery while ultrasound measurements can be performed in the main
conduit arteries from the arm pit until the wrist, enabling the estimation of
vessel distension and blood volume flow at several sites.

1.8 Thesis outline

Blood volume flow, which is an important parameter to assess, can be esti-
mated from measured blood velocity and diameter. In Chapter 2, the blood
volume flow estimation methods based on Poiseuille and Womersley will be
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Figure 1.5: The reverse method fitting scheme.



16 Chapter 1. Introduction

compared. However, Womersley profiles are only valid for straight arteries.
Thus, in Chapter 3 a method will be presented based on the integration of
the axial velocity profile in curved arteries.

Starting from multiple ultrasound measurements, an optimization scheme
will be developed to estimate distributed arterial mechanical properties, em-
ploying a patient specific wave propagation model of the arm. A fitting pro-
cedure, involving local sensitivity indexes, is developed in Chapter 4. Such
patient-specific modeling requires many in vivo measurements and implies
long measurement sessions. It will be of great interest to identify those
model parameters that strongly influence the output to optimize the mea-
surement protocol. For that purpose, in Chapter 5 a Monte-Carlo study,
involving 3000 model evaluations, is performed for a wide range of the model
parameters. Finally, Chapter 6 brings a summary and general discussion of
this thesis.



Chapter 2

Volume flow assessment using
ultrasound

To assess in clinical practice arterial blood volume flow (BVF) from ultra-
sound measurements, the assumption is commonly made that the velocity
profile can be approximated by a quasi-static Poiseuille model. However, pul-
satile flow behavior is more accurately described by a Womersley model. No
clinical studies have addressed the consequences on the estimated dynamics
of the BVF when Poiseuille rather than Womersley models are used. In this
chapter, the influence of assumed Poiseuille profile instead of Womersley
profile on the estimation and intrasubject variability of dynamical parame-
ters of the BVF is investigated. Brachial artery centerline velocity waveform
and vessel diameter were measured with ultrasound within a small group of
six volunteers. Within subjects, the intra- and inter-registration variability
of BVF parameters estimates did not significantly differ. Poiseuille profiles
compared to Womersley underestimate the maximum BVF by 19%, the maxi-
mum retrograde volume flow by 32% and the rise time by 18%. It is concluded
that when estimating in a straight vessel the dynamic properties of the BVF,
Womersley profiles should preferably be chosen.

The content of this chapter is based on the publication: Leguy C., Bosboom E., Hoeks
A., van de Vosse F.: 2009, Model-based assessment of dynamic arterial blood volume flow
from ultrasound measurements, Med. Biol. Eng. Comput. 47, 641-648.

17
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2.1 Introduction

The blood pressure (BP) and blood volume flow (BVF) waveforms in large
arteries are hemodynamical phenomena that result from the ejection of blood
by the heart into the arterial bed (Nichols and O’Rourke 2005). The BP and
BVF waveforms obtain their typical shape by superposition of a forward wave
and wave reflections along the arterial tree. These reflections originate from
transitions in arterial stiffness, the presence of bifurcations, arterial lumen
tapering and impedance of the peripheral end-segments. It has been estab-
lished that arterial stiffness is an independent predictor of cardiovascular risk
in an early stage (Laurent et al. 2006). Hence, the relation between arterial
properties, BP and BVF waveforms has been subject of extensive analysis,
using Windkessel as well as lumped parameter and wave propagation mod-
els for the arterial system (Bessems et al. 2007, Matthys et al. 2007, Segers,
Rietzschel, de Buyzere, Vermeersch, de Bacquer, van Bortel, de Backer, Gille-
bert, Verdonck and Asklepios investigators 2007, Stergiopulos, Westerhof and
Westerhof 1999). Wave reflections have been, furthermore, investigated with
several other methods such as decomposition of forward and backward trav-
eling waves (Khir, O’Brien, Gibbs and Parker 2001, Parker and Jones 1990).
These methods require both BP and BVF waveform assessment with a high
temporal resolution. Consequently, accurate in vivo estimation of BP and
BVF waveforms has become a central issue in early stage risk assessment
of cardiovascular diseases (CVD). This study focuses on BVF assessment.
Since CVD risk assessment is part of a preventive investigation, it should be
achieved by non-invasive measurement tools. For that reason, and for its high
temporal resolution, ultrasound is the favorable imaging tool to determine
local hemodynamic parameters in large arteries.

Ultrasound techniques, such as pulsed Doppler techniques, allow the deter-
mination of the blood velocity at a specific site (Hoeks et al. 1984, Levenson
et al. 1981). However, pulsed Doppler scanners have a limited spatial reso-
lution. For peripheral applications, for instance at the brachial artery, the
size of the sample volume will be of the order of 1 by 1 by 1 mm. Con-
sequently, a Doppler registration with a sample volume located somewhere
near the artery axis will easily pick up the maximum velocity which is shown
as the envelope of the Doppler spectrogram. Such measurement provides the
maximum ”centerline” velocity although the actual position where this ve-
locity occurred remains unknown. To extend this local measurement to the
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acquisition of the instantaneous blood velocity profile, sophisticated tech-
niques such as multi-gate-Doppler ultrasound methods have been developed
(Tortoli et al. 1996, Hoeks et al. 1981). In these techniques the ultrasound
beam is steered with an angle of approximately 70 degrees to the vessel wall.
Consequently, a weaker reflection of the vessel wall is observed, preventing
an accurate diameter measurement simultaneously and decreasing the ac-
curacy of velocity measurements near the vessel wall. Doppler ultrasound
methods have, unfortunately, some important spatial limitations due to ul-
trasound reflections close to the interface between the lumen and the vessel
wall (Ledoux et al. 1997, Hoeks et al. 1991). Removal of tissue reflections
by wall filtering inherently limits the ability to estimate low blood velocities.
Simple integration of the acquired velocity profile is, therefore, not feasible
to compute the BVF even in straight vessels with circular cross-sections.

The measurement of centerline or maximum velocity is less subject to mea-
surement errors. In clinical studies, it is generally assumed that the veloc-
ity profile is either flat or parabolic and that the BVF is proportional to
the maximum velocity waveform (Davies, Whinnett, Francis, Willson, Foale,
Malik, Hughes, Parker and Mayet 2006, Mitchell et al. 2004, Parker and
Jones 1990, Safar, Peronneau, Levenson, Toto-Moukouo and Simon 1981).
It is widely believed that the Womersley profile approach (Womersley 1955),
incorporating the pulsatile behavior of the BVF, delivers more physiolog-
ical waveforms than the quasi-static (parabolic) Poiseuille profile approx-
imation. Note that both methods neglect wall movement, tapering and
curvature in arteries. Although the velocity profiles given by Womersley
are frequently used in computational studies (Stroev et al. 2007, Kirpalani,
Park, Butany, Johnston and Ojha 1999), only a few clinical studies employ
this approach (Struijk, Stewart, Fernando, Mathews, Loupas, Steegers and
Wladimiroff 2005, Holdsworth, Norley, Frayne, Steinman and Rutt 1999, Si-
mon, Flaud and Levenson 1990). To the authors knowledge, no clinical study
has addressed the influence on the dynamics of BVF estimation when Poi-
seuille rather than Womersley profiles are used. Furthermore, it is not known
wether inter- and intra-registration variability differs between the estimates
given by the two models. The goal of this study is, therefore, to investigate
the influence on the shape of the BVF waveform of the quasi-static assump-
tion using Poiseuille profiles instead of Womersley profiles and to evaluate
the intra-subject variability of derived parameters as rise time, and maximum
and minimum peak values.
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We have chosen to focus this study on the brachial artery, because it is
a large artery often used for medical investigations and diagnosis (Yufu
et al. 2004, Michel and Zernikow 1998). Furthermore, the distensibility
of the brachial artery is relatively small (Budoff, Flores, Tsai, Frandsen,
Yamamoto and Takasu 2003, Dammers, Tordoir, Hameleers, Kitslaar and
Hoeks 2002), unlike that of the common carotid artery (Dammers, Stifft,
Tordoir, Hameleers, Hoeks and Kitslaar 2003), so the effect of wall motion
on the velocity distribution is assumed to be so small that it can be neglected.

2.2 Methods and materials

In this study, M-mode and multi-gate Doppler measurements are performed
to determine vessel diameter and blood velocity profiles, respectively. Sep-
arate ultrasound measurement techniques are applied, because the vessel
diameter cannot be accurately determined from multi-gate Doppler meas-
urements since the latter are not performed perpendicularly to the vessel
wall. An observation angle of 70 degrees results in a weaker and a more dis-
tributed reflection of the ultrasound beam by the vessel wall, with a different
effect for the anterior and posterior wall because of opposite curvatures. In
addition, an error in the assumed measurement angle induces a bias in esti-
mated vessel diameter. Thus, the accumulated error in artery diameter may
be relatively large compared to perpendicular M-mode measurement.

2.2.1 Assessment of vessel wall distension and maxi-

mum velocity waveforms

The ultrasonic measurements are performed using an ultrasound system (Ul-
tramark 9 plus, Advanced Technology Laboratories, Bellevue, WA, USA). A
linear array (7.5 MHz) is used in M-mode for lumen diameter assessment.
The time average diameter is computed from the diameter waveform ob-
tained with a radio-frequency acquisition system (Brands, Hoeks, Ledoux
and Reneman 1997). Blood velocity profiles are estimated with a broadband
(5 to 9 MHz) curved-array transducer, activated in a wide-band M-mode
with a high pulse-repetition frequency of 10 kHz (Samijo, Willigers, Brands,
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Barkhuysen, Reneman, Kitslaar and Hoeks 1997). A cross-correlation func-
tion is applied to short radio frequency data segments to obtain blood flow
velocities (Brands, Hoeks, Hofstra and Reneman 1995). Each velocity esti-
mate is based on half overlapping data segments corresponding to 300 µm in
depth and 10 ms in time. In this way, instantaneous time dependent velocity
profiles along a single line of observation are obtained.

2.2.2 Measurement protocol

This study involved a group of 6 presumed healthy and non-smoking young
male volunteers. Their average age was 27 years (range 21−34), their average
weight 82 kg (range 69−96 kg) and their average height 1.90 m (range 1.78−
2.06 m). The study was approved by the joint Medical Ethical Committee
of the University of Maastricht and the Academic Hospital Maastricht and
all subjects have given written informed consent. The measurements started
after 10 minutes of rest in supine position to allow normalization of the
cardiovascular function. At the start and end of the measurement session,
brachial systolic and diastolic blood pressures were measured non-invasively
on the left arm by means of a semi-automated oscillometric device (Dynamap,
Critikon, Tampa).

The location of the bifurcation of the brachial to radial and ulnar arteries of
the left arm was identified in echo B-mode. To minimize the influence of this
bifurcation on the velocity profile, ultrasonic measurements were performed
at least 5 cm proximal. At this position, the wall distension waveform was
recorded using a linear array (perpendicular approach), followed by blood
flow velocity measurements using the curved array, steered at an angle of
70 degrees. Each measurement covered four consecutive heartbeats and was
repeated at least three times.

2.2.3 Measurement analysis

BVF estimation

For each volunteer, the time average of the lumen diameter D was computed
from the wall distension waveform obtained in M-mode.
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Figure 2.1: An example of the velocity profile measured with ultrasound multi-gate
Doppler. The black line shows Vml.

The time average position of the maximum velocity in an interval of 10 ms
around peak systole was considered the location with peak velocity. The
velocity waveform obtained at this location was called the max-line velocity
Vml and was used to derive the BVF. An example of the measured velocity
profile and the corresponding Vml is depicted in Figure 2.1.

The Poiseuille BVF, qp, was estimated by applying Poiseuille profiles on the
Vml waveform according to:

qp(t) =
πD

2

8
Vml(t) (2.1)

In addition, the Womersley profiles BVF, qw, was derived by applying a har-
monic decomposition V̂ml of Vml. The BVF results of the linear summation of
flow harmonics q̂j(t). Considering the temporal resolution of the ultrasound
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system of 30 ms, the first 30 harmonics (Nh = 30) of Vml were used:

qw(t) = Real(

Nh∑

j=1

(q̂j exp(iωjt))) (2.2)

where ωj represents the angular frequency of each jth harmonic of Vml. The
harmonics q̂j(t) follows from (Womersley 1955):

q̂j =
πD

2

4
G(αj)V̂mlj , (2.3)

with:

G(αj) =
i3/2αjJ0(αji

3/2) − 2J1(αji
3/2)

i3/2αjJ0(αji3/2) − i3/2αj

, (2.4)

and:

αj =
D

2

√
ωj/ν. (2.5)

Here α denotes the Womersley number, Ji the Bessel function of order i and
ν the kinematic viscosity of the blood, which is the ratio between the dy-
namic viscosity η and the blood density ρ. In this study, η and ρ were chosen
equal to 4 ·10−3 Pa.s and 1.05 ·103 kg/m3 respectively, being standard values
used in literature (Benard, Perrault and Coisne 2006, Amornsamankul, Wi-
watanapataphee, Wu and Lenbury 2006, Simon, Levenson and Flaud 1990).

Statistical analysis

The variability of the assessed vessel diameter and the BVF waveform esti-
mated by both Poiseuille and Womersley profiles was investigated. To eval-
uate the dynamic properties of BVF estimation, we considered the systolic
peak BVF, the maximum backward BVF, the pulsatility index (difference
between the maximum and the minimum BVF divided by the time average),
and the time between the maximum and minimum BVF.

When considering a parameter X, the variability between the heartbeats
of each measurement was evaluated by the intra-registration variability σh,
which can be written as follows:

σh =

√∑
v

∑
m

∑
b(Xv,m,b − Xv,m)2

∑
v

∑
m(bv,m) − m

(2.6)
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Xv,m,b being the parameter value for the volunteer v, in measurement m at
heartbeat b, Xv,m the average parameter for measurement m of volunteer v,
and, bv,m and m being the number of heartbeats of the measurement m for
the volunteer v and the total number of measurements respectively.

The inter-registration variability σm that evaluates the variability between
the measurements of the volunteer can be written as:

σm =

√∑
v

∑
m(Xv,m − Xv)2

∑
v(mv) − v

. (2.7)

In this equation, Xv,m is the parameter value of measurement m for volunteer
v and Xv the average parameter for each volunteer v. The number of meas-
urements for the volunteer v and the number of volunteers are represented
by mv and v respectively.

The variability between the volunteers of the group was evaluated by the
inter-subject variability σg which is defined as:

σg =

√∑
v(Xv − X)2

v − 1
(2.8)

Xv being the parameter value for the volunteer v, X the average parameter
of the group, and v the number of volunteers.

2.2.4 Sensitivity analysis

Both Poiseuille and Womersley profiles depend on the diameter estimated
from the M-mode measurement. For Poiseuille profiles, the BVF will be
proportional to the square of the diameter (Equation 2.1), which corresponds
to a sensitivity of order 2, meaning that a relative error in the diameter will
induce a twice as high relative error in the BVF. The relation is more complex
for Womersley profiles where a function G(α) is introduced (Equation 2.4).
The sensitivity of the BVF to the diameter is then of order 2 for the diameter
square term plus the sensitivity of the function G(α). Since, the Womersley
number α is proportional to the vessel diameter, the sensitivity of the function
G(α) to the diameter equals its sensitivity, S(α), to α:
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Table 2.1: Group average, inter-subject variability σg, inter-registration variability σm

and intra-registration variability σh of the arterial diameter (D) and distention (∆D) for
the 6 volunteers.

Group average σg σm σh

D [mm] 4.1 ±0.5 ±0.2 ±0.06

∆D [%] 2.7 ±1.4 ±0.6 ±0.3

S(α) = |G′(α)|/α (2.9)

2.3 Results

2.3.1 Measurements

The diameter measurements, as depicted in Table 2.1, reveal a small intra-
registration (±0.06 mm) and inter-registration (±0.2 mm) variability com-
pared to the inter-subject (±0.5 mm) variability. The group average brachial
diameter is equal to 4.1 mm and the group average distension is 2.7%.

Of the three blood volume flow measurements for volunteer 1, only one could
be used, whereas for the other volunteers at least 3 measurements were avail-
able. The waveforms obtained for several heartbeats were averaged and in-
terpolated to the mean heartbeat duration (see Appendix A). The BVF
waveform estimations, displayed in Figure 2.2, show that during the systolic
phase the BVF quickly rises to its maximum value, then it decelerates rapidly
until the flow reverses for a short time period. After this minimum, bipo-
lar fluctuations with smaller amplitudes occur due to reflection phenomena.
Large differences concerning the shape and the amplitude of these reflections
are observed between the volunteers.

The time average BVF estimates are equal when considering both Poiseuille
and Womersley profiles. Within each registration, the variation between the
heartbeats is small, resulting in a small measurement standard deviation and
a small intra-registration variability. The variations are larger when consid-
ering the differences between the registration for each volunteer, leading to
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Table 2.2: Group average, inter-subject variability σg, inter-registration variability σm and
intra-registration variability σh of the time average, maximum (Max), minimum (Min),
pulsatility index (PI) and rising time (RT) of the BVF for both Poiseuille (Poi) and
Womersley (Wom) and their relative difference in %.

Group average σg σm σh

Time average [ml/min] 27 ±19 ±16 ±5

MaxWom [ml/min] 258 ±96 ±40 ±10

MaxPoi [ml/min] 204 ±73 ±31 ±7

∆Max [%] −19 ±2 ±1 ±2

MinWom [ml/min] −72 ±31 ±22 ±17

MinPoi [ml/min] −35 ±19 ±16 ±11

∆Min [%] 52 ±21 ±14 ±12

PIWom 16 ±6.1 ±4.5 ±1.5

PIPoi 12 ±4.3 ±3.5 ±1.1

∆PI [%] −26 ±5.0 ±2.3 ±2.1

RTWom [ms] 41 ±5.8 ±3.0 ±3.2

RTPoi [ms] 48 ±7.9 ±2.6 ±3.5

∆RT [%] 18 ±4.7 ±4.8 ±8.6
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Figure 2.2: Average BVF waveform obtained for each volunteer either with Poiseuille
(dashed line) and Womersley (straight line).

- -

Figure 2.3: Legend of figures 2.4 and 2.5.
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Figure 2.4: Maximum BVF estimated by Poiseuille and Womersley, see Figure 2.3 for
legend.

a higher standard deviation and inter-registration variability. The time av-
erage BVF for the group is equal to 27 ml/min with an inter-registration
variability of 16 ml/min, being only slightly smaller than the inter-subject
variability of 19 ml/min.

Figure 2.4 (legend explained in Figure 2.3) illustrates that the group average
maximum BVF equals 258 and 204 ml/min when Womersley or Poiseuille
are used, respectively. Compared to Womersley BVF estimation, Poiseuille
BVF estimation underestimates the maximum BVF thus by 19%. For both
methods, a smaller intra-registration (±10 ml/min for Womersley and ±7
ml/min for Poiseuille) than inter-registration variability (±40 ml/min for
Womersley and ±31 ml/min for Poiseuille) is observed, whereas the inter-
registration variability is almost a factor of two lower than the inter-subject
variability (±96 ml/min for Womersley and ±73 ml/min for Poiseuille).

A difference of 52% is observed in the minimum value between estimation
with Womersley (72 ml/min) and Poiseuille (35 ml/min) profiles. When
using Poiseuille profiles the maximal backflow is underestimated. The regis-
tration standard deviation is quite large, resulting in a slightly lower intra-
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registration variability, ±17 ml/min for Womersley and ±11 ml/min for Poi-
seuille, than the inter-registration variability, ±22 ml/min for Womersley
and ±16 ml/min for Poiseuille. The latter is lower than the group variabil-
ity which equals ±31 ml/min for Womersley and ±19 ml/min for Poiseuille.
The larger variability observed for the minimum BVF, compared to the one
obtained for the maximum BVF, is because the retrograde velocities (0.1
to 0.3 m/s) are small compared to the resolution of the ultrasound Doppler
machine.

The group average of the pulsatility index (PI) is underestimated by 26%
by Poiseuille compared to Womersley, as the estimates equal 12 and 16,
respectively. The intra-registration (±1.5 for Womersley and ±1.1 for Poi-
seuille) and inter-registration variability (±4.5 for Womersley and ±3.5 for
Poiseuille) are lower than the intersubject variability (±6.1 for Womersley
and ±4.3 for Poiseuille).

Figure 2.5 displays the estimates for the rise time, being 41 ms and 48 ms for
Womersley and Poiseuille, respectively. Poiseuille thus underestimates the
rise time by 18%. A slightly larger intra-registration (±3.2 for Womersley and
±3.5 ms for Poiseuille) than inter-registration variability (±3.0 for Womersley
and ±2.6 ml/min for Poiseuille) is observed, demonstrating a large beat-to-
beat variation. On the other hand, the inter-registration variability is a factor
two lower than the inter-subject variability (±5.8 ms for Womersley and ±7.9
ms for Poiseuille).

2.3.2 Sensitivity analysis

For the physiological range of α, below 20, the sensitivity function S(α)
remains smaller than 0.1 (Figure 2.6). It can thus be concluded that the
diameter sensitivity of the Womersley and Poiseuille methods to estimate
BVF from centerline velocity is slightly higher than and equal to order 2,
respectively.
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Figure 2.5: Rise time estimated by Poiseuille and Womersley, see Figure 2.3 for legend.

Figure 2.6: The sensitivity function S(α) as function of the Womersley parameter α.
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2.4 Discussion

In this study, the influence of assuming quasi-static Poiseuille profiles has
been investigated for the blood volume flow (BVF) waveform of the brachial
artery. In the present study we focus on the reproducibility within subjects,
so a low number of volunteers sufficed. However, for a comparison of param-
eters between groups a larger population is required. The results show that
using Poiseuille induces a large bias in estimates reflecting the dynamical
properties of the BVF waveform. High resolution techniques are required to
accurately retrieve the BVF waveform shape because of its short rise time, a
requirement only Womersley can comply with.

The brachial velocity waveforms considered in this study correspond to wave-
forms found in literature (Dammers et al. 2003, Green, Cheetham, Reed,
Dembo and O’Driscoll 2002, Simon, Flaud and Levenson 1990). Considering
the group mean BVF, the value obtained in this study is comparable to the
value of 30.6 ml/min reported by Green (Green et al. 2002) for a group of
healthy volunteers at rest conditions.

The differences between dynamical parameters obtained by assuming Poi-
seuille rather than Womersley profiles can be explained by the shape of the
BVF waveform. During the systolic part, the acceleration of the blood is
very fast, which results into a flat profile. Using a parabolic profile, instead
of the Womersley approximation, underestimates the volume flow and its
derivative. Consequently, the rise time as well as the maximum value are
underestimated. During the deceleration part, the velocity profiles tend to
be more parabolic, thus the difference between Womersley and Poiseuille es-
timates will be smaller. During the more steady parts of the BVF waveform,
corresponding to a low Womersley number, the quasi-static Poiseuille profiles
and Womersley profiles converge.

In this paper, the mean diameter, measured in M-mode, was used together
with the max-line velocity waveforms, as measured with multi-gate Doppler,
to estimate the BVF. The variability of the diameter measurements influences
significantly the precision and accuracy of BVF estimation. A more precise
BVF estimate could be obtained if both vessel diameter and blood velocity
are measured simultaneously. Such a technique would allow to obtain and
evaluate the BVF waveform on a beat-to-beat basis. Furthermore, if the
velocity profile can be measured accurately along a single line, the integration
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of the profile would allow direct estimation of the BVF, while it would take
into account the movement of the vessel wall as well as the influence of non-
Newtonian blood properties on the shape of the velocity profile. Beulen et. al
have validated such a technique, using a commercially available ultrasound
scanner equipped with a linear array probe, by comparing axial velocity
profile measurements in a phantom setup to analytical and computational
fluid dynamics calculations (Beulen, Bijnens, Rutten, Brands and van de
Vosse 2010).

Both Poiseuille and Womersley theory (in the form used in this study) as-
sume non moving vessel walls. Since the distension of the brachial artery is
small (2.8%), it will have only little influence on the estimation of the BVF.
Nonetheless, in larger and more elastic arteries, such as the common carotid
artery, vessel-wall movement could have a significant influence on BVF es-
timation. Therefore, the results of this study cannot be transposed directly
to such arteries. Unfortunately, no theoretical model exists for moving-wall
tubes without knowing the pressure gradient (Womersley 1955). However,
computational fluid dynamics (CFD) could be utilized to quantify the BVF
estimation error introduced by the movement of the vessel wall and to inves-
tigate how BVF estimation could be improved (for this purpose, an estimate
of either the mechanical properties or the vessel wall distension and blood
pressure would be necessary).

Both Poiseuille and Womersley expansions are based on velocity profiles in
straight arteries. However, most arteries are curved. CFD (Yao, Ang, Yeo
and Sim 2000, Gijsen, Allanic, van de Vosse and Janssen 1999, Perktold,
Nerem and Peter 1991) and analytical studies (Waters and Pedley 1999,
Dean 1928) have shown that vessel curvature can have a strong influence on
the shape of the velocity profile. The analytical models proposed by Waters
and Pedley (1999) are interesting but, however, limited to steady flow for
low Dean numbers, which does not correspond to physiological flow. Never-
theless, Verkaik et al. demonstrated using CFD that the analytical solution
can be extended to higher Dean numbers (Verkaik et al. 2009). Thus, the
use of either Poiseuille or Womersley profiles in vivo involves an estimation
error. As in curved tubes Womersley theory is not valid anymore, CFD sim-
ulations in curved tubes or analytical solutions involving physiological BVF
waveforms should be used to evaluate the errors in the BVF estimate. The
feasibility of alternative methods to accurately estimate the BVF in curved
arteries has been investigated (Verkaik et al. 2009).
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In this study, it has been shown that using Poiseuille instead of Womersley
profiles incurs large errors in the estimation of the dynamical properties of the
BVF and it is thus important to realize its consequences. However, nowadays
common clinical diagnosis of cardiovascular diseases is still mainly based on
blood pressure estimation: the bias of dynamic BVF parameters thus has
only limited consequences. If we are considering the Pressure-Velocity loop
method, based on both blood pressure and volume flow waveforms during the
early systole in order to estimate pressure wave speed, as developed by Khir
and Parker (Khir and Parker 2005), an error in the BVF rise time estimate of
18% and in the maximum of 19% results in an overestimation of the pressure
wave speed on the order of 35%. Furthermore, the bias in the BVF dynamics
parameters influences significantly cardiovascular research studies involving
better modeling and understanding of the cardiovascular biomechanics. For
instance, models like windkessel, lumped parameters, wave propagation or
3D fluid dynamics models are based on dynamical BVF waveforms (Bessems
et al. 2007, Matthys et al. 2007, Segers et al. 2007, Stergiopulos, Westerhof
and Westerhof 1999).

2.5 Conclusion

Although it is widely believed that the Womersley profile approach delivers
more physiological waveforms than the Poiseuille profiles approximation, it
is rarely used in clinical studies despite the fact that Bessel functions are
presently available for standard software packages like Excel (Microsoft) or
Matlab (The Mathworks) and could readily be implemented on ultrasound
systems. The time average BVF and the variability of the dynamic param-
eters are similar using Poiseuille or Womersley approach. The influence of
using Poiseuille rather than Womersley profiles on the shape of the estimated
BVF waveform has never been reported. We have shown that for physiologi-
cal blood velocity waveforms the dynamic characteristics of the BVF derived
using Poiseuille are strongly biased. Poiseuille profiles compared to Wom-
ersley underestimate the maximum BVF by 19%, the maximum retrograde
flow by 32% and the rise time by 18%, implying a significant bias for clinical
methods involving BVF waveforms.



34 Chapter 2. Volume flow assessment using ultrasound



Chapter 3

Volume flow assessment in
curved arteries

Non-invasive estimation of arterial blood volume flow(BVF) has become a
central issue in assessment of cardiovascular risk. Poiseuille and Womersley
approaches are commonly used to assess the BVF from centerline velocity,
but both methods neglect the influence of curvature. Based on the assumption
that the velocity in curved tubes as function of the circumferential position
for a given radial position can be approximated by a cosine, the BVF can also
be estimated by averaging velocities at opposite radial positions, referred to as
the cosine θ model (CTM). This study investigates the accuracy of BVF esti-
mation in slightly curved arteries for BVF waveforms obtained in the brachial
artery of 6 volunteers. Computational fluid dynamics simulations were used
to compute the influence of curvature on velocity profiles. The BVF was then
estimated from the simulation results with the CTM and methods based on
Poiseuille, Womersley and using the center stream velocity and the veloc-
ity waveform at the position where the maximum velocity is observed, and
compared to the prescribed BVF. The simulations show that the influence of
curvature is strongest when the flow decelerates. For Poiseuille and Wom-
ersley, the time average BVF was underestimated by maximally 10.4% and
7.8% for a radius of curvature of 50 and 100 mm, respectively. The esti-

The content of this chapter is based on the publication: Leguy C., Bosboom E., Hoeks
A., van de Vosse F.: 2009, Assessment of blood volume flow in slightly curved arteries
from a single velocity profile, J. Biomech. 42, 1664-1672.
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mation error is lower for the CTM and equals 4.2% and 1.2% for a radius
of curvature of 50 and 100 mm, respectively. From this study, we can con-
clude that the velocity waveform at the position of the maximum rather than
the center stream velocity waveform combined with the Womersley method
should be chosen. The CTM improves current estimation techniques if in
vivo velocity distributions are available.

3.1 Introduction

Arterial stiffening is associated with increased cardiovascular risk (Laurent
et al. 2006). To study the relation between arterial properties such as arte-
rial stiffness and parameters such as blood pressure and blood volume flow
(BVF), Windkessel as well as lumped parameter and wave propagation mod-
els are used (Bessems et al. 2007, Matthys et al. 2007, Segers et al. 2007, Ster-
giopulos, Westerhof and Westerhof 1999). Therefore, accurate estimation
of the dynamical characteristics of in vivo blood pressure and BVF wave-
forms has become a central issue in risk assessment of cardiovascular diseases
(CVD). This study focuses on BVF assessment. Since CVD risk assessment
is part of a preventive investigation, local hemodynamic parameters in large
arteries should preferentially be estimated using non-invasive measurement
tools. For that reason, and for its high temporal resolution, ultrasound is the
favorable imaging tool to employ.

In the past, the development of ultrasound techniques such as pulsed Doppler
techniques has permitted the determination of blood velocity within large
arteries at specific sites (Hoeks et al. 1984, Levenson et al. 1981). Tech-
niques such as multi-gate-Doppler have been developed to extend the local
measurement to the acquisition of instantaneous blood velocity distributions
(Tortoli et al. 1996, Hoeks et al. 1981). Unfortunately the Doppler beam
angle of 60-70 degrees and reflections and reverberations close to the wall-
lumen interface do not permit accurate velocity estimation near the vessel
wall (Ledoux et al. 1997, Hoeks et al. 1991). Furthermore, due to dispersed
reflection of the vessel wall, the wall position cannot be accurately deter-
mined. Consequently, BVF estimation based on simple angular integration
of the acquired velocity profile is not feasible. However, the measurement
of centerline velocity Vcl is less subject to measurement errors and thus rou-
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tinely used to compute the BVF waveform assuming a parabolic velocity
profile (quasi-static Poiseuille), provided that the mean time average lumen
radius a is known (Mitchell et al. 2004). The BVF qp derived from centerline
Vcl for a Poiseuille profile can be written as:

qp(t) = πa2 Vcl

2
(3.1)

In a few clinical studies, velocity profiles based on a Womersley expansion
(Womersley 1955) are used to compute BVF (Struijk et al. 2005, Khoshniat,
Thorne, Poepping, Hirji, Holdsworth and Steinman 2005, Simon, Flaud and
Levenson 1990). The Womersley method is based on a harmonic decompo-

sition V̂cl of Vcl. The estimated BVF qw is then the linear summation of flow
harmonics q̂j :

qw(t) = Real(
∑

j

(q̂j exp(iωjt))) (3.2)

where ωj represents the angular frequency of each jth harmonic of Vcl. The
harmonics q̂j follow from (Womersley 1955):

q̂j = πa2G(αj)V̂clj , (3.3)

with

G(αj) =
i3/2αjJ0(αji

3/2) − 2J1(αji
3/2)

i3/2αjJ0(αji3/2) − i3/2αj

, (3.4)

and

αj = a
√

ωj/ν. (3.5)

with αj the Womersley number defined for the jth harmonic, Ji the Bessel
function of order i and ν the kinematic viscosity of the blood, which is the
ratio between the dynamic viscosity µ and the blood density ρ.

Generally, the temporal velocity waveform at the position of the maximum
of the radial velocity distribution, the max-line velocity Vml, is used instead
of the centerline velocity waveform (Fraser, Meagher, Blake, Easson and
Hoskins 2008). This is explained by the fact that the vessel wall position, and
thus the vessel center position, cannot be accurately determined by Doppler
ultrasound techniques as the employed ultrasound Doppler beam angle of
60 − 70 degrees results in a dispersed reflection of the wall. In practice, the
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Figure 3.1: The toroidal coordinate system used to describe the flow velocity distribution
in a curved tube.

position of the maximum velocity at the systolic peak is found by moving
the sample volume across the arterial diameter.

Estimation of BVF using Womersley profiles takes in consideration the pul-
satile behavior of the BVF and is, therefore, more physiological than the
quasi-static Poiseuille method. However, both methods neglect the influence
of curvature or tapering. Computational (Yao et al. 2000, Gijsen et al. 1999,
Perktold et al. 1991) and analytical studies (Siggers and Watters 2008, Wa-
ters and Pedley 1999, Dean 1928) have shown that vessel curvature, and in a
lesser extent tapering, has a strong influence on the shape of the velocity pro-
file. Thus, the use of either Poiseuille or Womersley profiles in vivo involves
an estimation error. Unfortunately, no general analytical solutions exist for
pulsatile flow in curved and tapered tubes. Despite the fact that little is
known about the estimation errors in BVF induced by vessel curvature and
tapering, Poiseuille or Womersley methods remain the standard to arrive at
BVF estimates from velocity measurements.

Analytical and computational research on steady and unsteady flow in curved
tubes has shown that the axial velocity V (r, θ) as function of the angle θ for
a fixed radial position r can be approximated with a cosine function in θ
(Verkaik et al. 2009, Siggers and Watters 2008, Siggers and Waters 2005,
Dean 1928). Figure 3.2 depicts an axial velocity profile over the cross-section
of a curved tube; the corresponding V (r, θ) is shown together with a cosine
function approximation f(θ). A simple approximation of V (r, θ) can thus be
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expressed as the sum of the average in the angular direction, Ṽ (r), and a
cosine:

V (r, θ) = Ṽ (r) +
Vdif

2
cos(θ), (3.6)

with

Ṽ (r) =

∫ 2π

θ=0

V (r, θ)dθ, (3.7)

Vdif being the maximum velocity difference.

For a fixed radial coordinate r, measurements of the velocity at two opposite
positions P1 and P2, at a measurement angle θ1, suffice to approximate Ṽr

by the average of the corresponding velocities V (r, θ1) and V (r, θ1 + π). The

BVF can then be approximated by integrating the obtained Ṽ (r) over the
radial coordinate.

q =

∫ a

r=0

2πrṼ (r)dr ≈
∫ a

r=0

πr(V (r1, θ1 + π))dr (3.8)

Estimation of BVF using this cosine θ method (CTM), requires only an ac-
curate measurement of the vessel wall position and the axial velocity profile
along a single line through the centre. Research is being conducted to facili-
tate blood velocity measurements along a single line perpendicularly to the
velocity direction. Experimental validations in phantom setups have been
performed (Beulen, Bijnens, Rutten, Brands and van de Vosse 2010, Beulen,
Verkaik, Bijnens, Rutten and van de Vosse 2010, Kim, Kiris, Kwak and
David 2006) but these techniques are not yet available for in vivo studies.
Because the ultrasound beam is oriented perpendicularly to the vessel wall,
accurate vessel wall detection and blood velocity measurement are simulta-
neously possible.

The goal of this study is to investigate the accuracy and precision of BVF es-
timation within a curved artery and to compare methods based on Poiseuille,
Womersley and CTM.

We have chosen to focus our investigation on the brachial artery (BA) because
it is a large artery frequently explored for medical investigations (Yufu et al.
2004, Michel and Zernikow 1998). The brachial artery can be considered as
a slightly curved artery mainly within the coronal plane and thus it can be
considered as an in-plane curved artery. Furthermore, the distensibility of the
BA is relatively small (Leguy, Bosboom, Hoeks and van de Vosse 2009, Budoff
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Figure 3.2: (A) Velocity profile over the vessel cross-section with the ultrasound beam
orientation for a single line measurement. (B) Velocity profile as function of the radial
position, r, for a specific angle of measurement θ. (C) Velocity as function of the angular
coordinate Vr(θ) and the cosine approximation function f(θ).
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et al. 2003, Dammers et al. 2002), unlike that of the common carotid artery
(Dammers et al. 2003), so the effect of wall motion on the velocity distribution
can be neglected.

A direct evaluation of the estimation error due to vessel curvature is not
possible. Therefore, CFD simulations are used in this study to reveal the
influence of in-plane curvature on velocity profiles. Blood volume flow wave-
forms derived from in vivo measurements of a group of 6 healthy volunteers
are used as input for the simulations. Both Poiseuille and Womersley theory
are applied to either the centerline velocity Vcl or the max-line Vml of the
simulated distributions to estimate the BVF. The CTM is applied to the
radial velocity profiles for observation angles of 0 and π/2 corresponding to
the plane of symmetry and asymmetry. The estimated BVF is compared to
the input BVF.

3.2 Methods and materials

3.2.1 In vivo BVF estimations

This study involved 6 healthy, non-smoking young male volunteers, on av-
erage 27 years old (21 − 34 y), weight 82 kg (69 − 96 kg) and height 1.90
m (1.78 − 2.06 m). The measurements started after 10 minutes of rest in
supine position to allow normalization of the cardiovascular function. Both
perpendicular echo M-mode and oblique multi-gate Doppler measurements
were performed in the brachial artery (BA) to determine the vessel diameter
and blood velocity profiles, respectively. The measurements were performed
using an ultrasound system (Ultramark 9 plus, Advanced Technology Labo-
ratories, Bellevue, WA, USA) equipped with a linear array (7.5 MHz) for the
M-mode measurements and with a curved-array transducer (5 to 9 MHz) for
the multi-gate Doppler measurements.

For each volunteer, the time average of the lumen radius a was computed from
the wall distension waveform obtained in M-mode. A BVF waveform was
estimated by applying Womersley profiles to the average max-line velocity
over few measured heartbeats Vml as a substitute for Vcl. The averaging
process of the waveforms over the average heartbeat duration is described in
Appendix A. The first 30 harmonics of Vcl were used.
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Figure 3.3: Blood volume flow (BVF) waveforms obtained in the brachial artery of six
healthy volunteers.

The 6 BVF waveforms, used as input for the CFD simulations and serving
as reference for the eventually derived BVF, are depicted in Figure 3.3. It
illustrates the large inter-subject differences between BVF waveforms and
cardiac cycles.

3.2.2 CFD simulations

The influence of curvature was investigated with CFD simulations for a rigid
tube. To mimic physiological conditions, the in vivo assessed vessel diame-
ters and BVF waveforms were used as input for the tube diameter and the
BVF waveform, respectively. The Womersley profiles derived from the in
vivo BVF waveforms measured in 6 volunteers were applied as input to the
tube inlet. The tube geometry consisted of a curved segment that is long
enough to ensure a fully developed flow at the position of the maximum
velocity. The curved segment was preceded and extended with tangential
straight parts that allow to observe the influence of the curved part at the
upstream and downstream segments up to the position where the flow is fully
developed for the straight extensions, ensuring proper incorporation of the
outflow conditions. Two different radii of curvature were used, simulating the
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physiological curvature of the BA: 5 and 10 cm. For each of the geometries,
the straight inlet had a length of 2 cm, the curved part had an arc length
of 6 cm and the straight outlet had a length of 6 cm. The computational
grid consisted of isoparametric 27 node hexahedral elements, 40 in the axial
direction and 14 in the radial direction. The overall number of elements per
mesh was 35, 721.

A no-slip boundary condition was imposed at the tube wall. The radial
component of the velocity profile at the outlet was set to zero to improve
the stability of the solution with respect to a fully stress free condition. The
straight tube outlet ensures that the velocity field in the curved part of the
geometry is not influenced by the outflow condition as expressed by:

−→v .−→er = 0, (3.9)

with −→er , the unit vector in the radial direction as shown in Figure 3.1 and
−→v the velocity vector at the outlet.

Blood was modeled as a Newtonian fluid with a dynamic viscosity µ equal to
4 mPa.s and density ρ equal to 1.05.103 kg/m3, being standard values used
in literature (Benard et al. 2006, Jung, Lyczkowski, Panchal and Hassanein
2006, Simon, Levenson and Flaud 1990). Since it has been shown that the
non-Newtonian properties have only a small influence on velocity profiles
(Gijsen et al. 1999), the non-Newtonian behavior of blood is neglected in
this study. The Navier-Stokes equations were solved numerically with the
finite element program Sepran (Sepra, Den Haag, the Netherlands).

In tubes the Reynolds number is defined as:

Re = aV /ν (3.10)

with a the tube radius and V the average velocity over the tube cross section.
a ranged from 1.7 to 2.4 mm for the 6 volunteers. The Reynolds number
corresponding to the time average flow ranged from 10.7 to 65.4. For the
maximum BVF, the Reynolds number ranged from 126 to 346. For a radius
of curvature R0 of 50 mm, the ratio of curvature δ = a/R0 ranged from 0.034
to 0.048 and for R0 equal to 100 mm from 0.017 to 0.024. This resulted in
Dean numbers, defined as Dn = δ1/2Re, between 1 and 53 (see Table 3.1).
The Womersley number for the 1st harmonic of the BVF waveform ranged
from 1.17 to 1.62.
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Table 3.1: Dean number values for a radius of curvature R0 of 50 and 100 mm and based
either on the time average or maximal blood volume flow (BVF).

R0 [mm] 50 100

Dean (BV F ) 1.6 − 10.1 1.2 − 7.1

Dean (BV Fmax) 18.9 − 53.2 13.4 − 37.6

3.2.3 Estimation of the BVF in curved arteries

BVF waveforms are estimated for curved tubes using the velocity profiles ob-
tained from the CFD simulations for 6 volunteers and 2 different curvatures.
BVF estimates are calculated using Poiseuille and Womersley profiles, using
either Vcl and Vml of the simulated velocity distributions. Also, the CTM is
applied to estimate the BVF for observation angles of 0 and π/2 correspond-
ing to the plane of symmetry and asymmetry of the velocity profile.

3.2.4 Comparison criteria of the estimation methods

The evaluation of the BVF estimates is based on the ability to retrieve the
dynamical characteristics of the BVF waveform for different physiological
BVF waveforms. For all 6 volunteers, maximum and minimum peak value,
rise time and time average of the estimated BVF are compared to the same
parameters of the input BVF. The relative difference in percentage and the
standard deviation of the errors within the group of volunteers are calculated
for both radii of curvature (50 and 100 mm). Moreover, the relative root
mean square (RMS), ǫ, of the difference between the input qr and estimated
waveform, qe, was computed according to:

ǫ =

√
1
T

∫ T

0
(qr − qe)2dt

1
T

∫ T

0
|qr|dt

(3.11)

where T is defined as the period of the BVF waveforms.
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3.3 Results

3.3.1 Effects of the vessel curvature on the velocity

profile

The influence of curvature on the velocity profile can be derived from the
CFD simulations. Similar patterns are observed for BVF waveforms of the
6 volunteers, hence only the results of one volunteer are shown. The results
of the simulation with a curvature radius of 50 mm are depicted for the first
volunteer in Figure 3.4. The axial velocity profiles at the planes of symmetry
and asymmetry at several cross sections along the tube and the 2 dimen-
sional projections of the axial velocity at the inlet and halfway the curve are
drawn at four moments in time. During fast acceleration of the BVF, at the
beginning of the systole (time step a in Figure 3.4), the velocity profiles are
flattened while no significant effect of the curvature is observed . At the end
of the systolic acceleration, the velocity profiles become asymmetrical and the
maximum velocity shifts towards the outer wall (time step b in Figure 3.4).
When the flow decelerates, the profiles are even more asymmetric, the maxi-
mum velocity being closer to the outer wall (time step c in Figure 3.4). Then,
the flow becomes negative while M-shape profiles occur in the straight parts.
A negative velocity is observed at the near wall (boundary layer) whereas
in the vessel core the velocity is positive. In the curved part, this M-shape
is distorted (time step d in Figure 3.4). During the second positive peak of
the BVF, which has a much lower amplitude than the first one, the same
patterns are observed but curvature influence is less pronounced.

The position of the maximum velocity during the systolic peak along the
tube is shown in Figure 3.5 for the first volunteer. For all volunteers, the
radial shift relative to the vessel radius has an average of 15% (range 5−30%)
in case of a curvature radius of 50 mm. For a curvature radius of 100 mm,
the radial shift has an average of 10% (range 3 − 19%).

The influence of the curvature is not limited to the bend itself, but also
extends to the straight proximal input and especially distal output tracks up
to approximately 10 times the vessel diameter.
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Figure 3.4: Simulated velocity profile for the first volunteer (radius of curvature δ = 50
mm). Top left: geometry of the curved tube with cross-section A being at the inlet and
H at the outlet. Top right: blood volume flow waveforms. Center: axial-velocity profile
in the plane of symmetry (in red) and of asymmetry (in black) at different cross-sections
along the tube for 4 time steps ta to td; the profile is plotted from the external (left) to
the internal part of the tube (right). Bottom: projection of the axial-velocity profile for
time steps ta to td. For each time step, the top half disc depicts the axial-velocity profile
at the inlet (cross-section A), where as the bottom half disc depicts the velocity profile
in the curve (cross-section D). The letters I and O represent the inner and outer wall
positions,respectively.
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B E

Figure 3.5: Position of the maximum velocity at the systolic peak along the tube arc for
a radius of curvature of 50 (solid line) and 100 mm (dashed line), respectively. The arc
length, L, is represented in units of the radius, a.
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Figure 3.6: Blood volume flow estimates in the curve (at position D) as function of time
for Poiseuille at both Vcl and Vml for the first volunteer at a radius of curvature of 50 mm.

Figure 3.7: BVF estimates in the curve (at position D) as function of time for Womersley
at both Vcl and Vml for the first volunteer at a radius of curvature of 50 mm.
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3.3.2 BVF estimates from Poiseuille and Womersley

methods

The BVF waveform estimated from Poiseuille as well as from Womersley
profiles using both Vcl and Vml are compared with the exact solution; the
estimated and input BVF for the first volunteer are plotted in Figure 3.6
and 3.7. For both radii of curvature, the method based on Vml and Womersley
provides the best approximation for the BVF. During the deceleration phase,
when the maximum velocity is shifted significantly towards the exterior wall,
BVF is underestimated by both Womersley and Poiseuille.

An estimate of the dynamic fit during the entire heart beat is given by the
RMS differences between the input BVF and the estimated BVF (Equa-
tion 3.11) as shown in Figure 3.8 for the first volunteer. In the curve, where
the flow is developed for the maximum velocity, the RMS difference is much
lower for the Womersley method for Vml than for the Poiseuille method. At
the outlet, the influence of the curvature is negligible and thus the velocity
profiles match Womersley profiles.

Average and standard deviation of the RMS and relative estimation errors of
the time average, rise time, pulsatility index, maximum and minimum value,
were compiled for the various BVF estimates for the curved part of 6 volun-
teers and two radii of curvature and depicted in Figure 3.11. For Poiseuille
and Womersley, the method based on Vml gives a better approximation of
the time average BVF, with an average underestimation of 10.4% and 7.8%
for a radius of curvature of 50 and 100 mm, respectively. With regard to
the maximum BVF estimate, the method based on Womersley is more accu-
rate than the one based on Poiseuille; the relative errors and the standard
deviation are smaller. The minimum BVF is overestimated by the Poiseuille
method whereas it is underestimated by the Womersley method.

3.3.3 BVF estimates from CTM

During the deceleration phase, when the influence of the curvature on the
velocity profile is the strongest, the axial velocity as function of the angular
position can be well approximated by a cosine function.

The estimated BVF waveforms obtained with the CTM for the first volunteer
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Figure 3.8: RMS of the difference between input volume flow and the BVF estimates based
on Poiseuille (A) and Womersley(B) (for Vcl and Vml) as function of the arc position (in
number of radius) for the first volunteer.
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Figure 3.9: BVF estimates by the CTM at the plane of symmetry (sym) and asymmetry
(asym) for the first volunteer at a radius of curvature of 50 mm

are depicted in Figure 3.9. Compared to both Womersley and Poiseuille, a
much better approximation is obtained resulting in lower RMS values, Fig-
ure 3.10 and 3.11. For both angles of observation (0 and π/2) in the symmetry
and asymmetry planes, the BVF waveforms approximate the simulated BVF
well; very small differences are only seen at maximum backflow.

Compared to the methods based on Poiseuille and Womersley, the CTM
provides better estimation of the time average with an estimation error of
4.2% and 1.2% for a radius of curvature of 50 and 100 mm, respectively
(Figure 3.11). For the maximum BVF estimate, the CTM is more accurate
than Poiseuille-based methods and in the same order as Womersley-based
methods. The relative estimation errors of the minimum and its standard
deviation are much lower when the CTM is applied compared to the methods
based on Poiseuille and Womersley (Figure 3.11).
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B E B E

Figure 3.10: RMS of the difference between the input volume flow and BVF estimate
based on CTM (at the planes of symmetry and asymmetry) as function of the arc position
(in number of radii) for the first volunteer.
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Figure 3.11: Estimation error in % of the BVF maximum, the minimum, the pulsatility
index, the time average, the rise time and the relative RMS of BVF for different methods:
Poiseuille for Vcl and Vml (Pcl and Pml), Womersley for Vcl and Vml (Wcl and Wml), CTM
at the planes of asymmetry and symmetry (Ca and Cs).
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3.4 Discussion

The goal of this study was to investigate the accuracy and precision of BVF
estimates within curved arteries and comparing methods based on Poiseuille,
Womersley and the cosine θ method (CTM).

For 6 physiological BVF waveforms and for both radii of curvatures consid-
ered in this study, the results show that the method based on Womersley
using the velocity at the position of its maximum Vml provides a better fit of
the real BVF waveform than an estimate based on the centerline velocity Vcl.
This can be explained by the fact that for the position with maximum veloc-
ity fluid inertia is more important than in the center of the vessel. Therefore,
the velocity at the location where the velocity reaches its maximum resem-
bles more the centerline velocity in a straight tube. Generally, in clinical
studies it is easier to obtain the maximum velocity waveform rather than the
centerline velocity and therefore the former is predominantly used to derive
the BVF (Fraser et al. 2008).

The CTM introduced in this study shows very promising results. However,
application of this method will only be possible when accurate combined ve-
locity distribution and diameter measurement techniques become available.
The method provides a more accurate estimate of the BVF waveform in
curved arteries than the methods based on Poiseuille and Womersley pro-
files. The resulting accuracy of the BVF estimates shows that for the range
of Dean, Reynolds and Womersley numbers considered, Ṽ can be well ap-
proximated by the average of Vθ and Vθ+π at opposite radial positions. The
small differences between estimates in planes of symmetry or asymmetry can
be explained by the fact that the CTM is inherently independent of the angle
of observation.

This study is based on the assumptions that the arterial diameter is constant
over the cardiac cycle. It has been shown (Perktold, Thurner and Kenner
1994) that small diameter changes, as found in the brachial artery, do not
significantly influence the shape of the velocity profile. However, in larger and
more elastic arteries, like the common carotid artery, the diameter variation
over the cardiac cycle could significantly influence BVF estimation, so the
results of this study cannot be transposed directly to such arteries.

It is also assumed that the artery is only slightly curved in a single plane
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of curvature, and that the velocity profile is not influenced by bifurcations.
Previous studies have shown that non-planar curvature does influence the
velocity profiles significantly (Chen and Lu 2006, Caro, Doorly, Tarnawski,
Scott, Long and Dumoulin 1996). If we assume that the leading order per-
turbation by non-planarity is still a cosine function, our estimation of BVF
will be only slightly influenced by a small non-planarity of the artery. A
computational study should be carried out to determine the limitation of the
cosine θ model for flow assessment in strong non-planar geometries like in
the aortic arch or cerebral circulation.

From this study we can conclude that the maximum velocity waveform rather
than the centerline velocity waveform combined with the Womersley method
should preferably be chosen to estimate the BVF waveform in the BA. The
CTM can further improve actual estimation but requires a technique to mea-
sure in vivo the velocity distribution perpendicularly. The validity of these
results has been tested in this study for in-plane slightly curved arteries.
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Chapter 4

Estimation of arterial
mechanical properties

To estimate arterial stiffness, different methods based either on distensibil-
ity, pulse wave velocity or pressure-velocity loop, have been proposed. These
methods can be employed to determine the arterial mechanical properties ei-
ther locally or globally, e.g. averaged over an entire arterial segment. In
this chapter, the feasibility of a new method that estimates distributed arte-
rial mechanical properties non-invasively is investigated. This new method
is based on a wave propagation model and several independent ultrasound
and pressure measurements. Model parameters (including arterial mechanical
properties) are obtained from a reverse method in which differences between
modeling results and measurements are minimized using a fitting procedure
based on local sensitivity indices. This study evaluates the differences between
in vivo measured and simulated blood pressure and volume flow waveforms
at the brachial, radial and ulnar arteries of 6 volunteers. The estimated
arterial Young’s modulus ranges from 1.0 to 6.0 MPa with an average of
(3.8±1.7) MPa at the brachial artery and from 1.2 to 7.8 MPa with an aver-
age of (4.8±2.2) MPa at the radial artery. A good match between measured
and simulated waveforms and the realistic stiffness parameters indicate a good
in vivo suitability.

The content of this chapter is based on the publication: Leguy C., Bosboom E., Hoeks
A., van de Vosse F.: 2010, Estimation of distributed arterial mechanical properties using
a wave propagation model in a reverse way, Med. Eng. Phys., (in press).
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4.1 Introduction

Arterial stiffness, S, is an independent predictor of cardiovascular risk at
an early stage (Laurent et al. 2006) and is increasingly assessed in clinical
practice (Mattace-Raso et al. 2006, Yufu et al. 2004, Germain et al. 2003,
Guerin et al. 2000, Blacher et al. 1998).

To study the relations between arterial properties such as arterial stiffness
and parameters such as blood pressure and blood volume flow (BVF), lumped
parameter (Lanzarone et al. 2007, Liang and Liu 2005, Olufsen et al. 2000,
Avolio 1980, Westerhof et al. 1969) or one-dimensional wave propagation
models (Azer and Peskin 2007, Bessems et al. 2007, Formaggia et al. 2006,
Sherwin et al. 2003) can be used. The wave propagation models are based on
governing equations (conservation of mass and momentum) and constitutive
equations that describe the mechanical properties of the arterial wall. Wave
propagation models are adapted to simulate wave propagation phenomena
while demanding only few minutes of calculation time. Experimental and
clinical validation models have been performed and demonstrated the ability
to qualitatively describe blood pressure and blood volume flow waveforms
(Reymond et al. 2009, Bessems et al. 2008, Matthys et al. 2007). Further-
more, wave propagation models were successfully employed to simulate the
effects of (surgical) interventions (Marchandise, Willemet and Lacroix 2009)
or predict the effect of pathophysiological conditions.

Wave propagation models can not be used to estimate arterial stiffness di-
rectly, since arterial diameters, wall thicknesses and arterial wall mechan-
ical properties like the Young’s modulus are required as input. However,
the model output, expressed in the blood volume flow and blood pressure
waveforms, can be employed to estimate arterial mechanical properties in
a reverse process comparing model output with the corresponding measure-
ments. Model parameters (including the arterial mechanical properties) are
varied until the best fit between measured and simulated BVF and blood
pressure waveforms is obtained.

For the measurements required for such reverse method, ultrasound is the fa-
vorable imaging tool. Both perpendicular echo M-mode and oblique Doppler
measurements can be performed with a high temporal resolution, to deter-
mine the vessel wall distension waveform and centerline blood velocity, re-
spectively (Leguy et al. 2009). Then, scaling of the measured distension wave-
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form with the systolic and diastolic blood pressure can be performed to ap-
proximate the blood pressure waveform. Furthermore, BVF can be obtained
from the centerline velocity using Womersley profiles (Leguy et al. 2009).

An initial estimate of the arterial stiffness is also required. Several methods
have been proposed to estimate arterial stiffness non-invasively. Most com-
monly, the arterial stiffness is assessed locally from the time average vessel
radius, a, and the linearized vessel wall distensibility, D0. The distensibility
D0 is defined as the ratio between the linearized compliance C0 and the time
average cross-sectional area A:

D0 =
1

A

∆A

∆p
=

C0

A
with C0 =

∆A

∆p
, (4.1)

∆A being the maximum area difference and ∆p the corresponding pressure
difference within a heart cycle.

If we assume a linear elastic and isotropic behavior, arterial stiffness S can
be defined as the product between the Young’s modulus, E, and the time
average vessel wall thickness, h, and can be calculated from the following
relation (Westerhof et al. 1969):

S = Eh =
2
[

2a2(1−µ2)

h
+ (1 + µ)(2a + h)

]

D0

(
2a
h

+ 1
) , (4.2)

herein µ is the Poisson ratio. When the wall thickness, h, is an order of mag-
nitude smaller than the radius a, the following thin-walled tube formulation
is obtained:

S = Eh ≈ 2a(1 − µ2)

D0

. (4.3)

The Young’s modulus E can then be obtained by dividing the arterial stiffness
by the wall thickness h. This relation is usually applied to common carotid,
femoral or brachial arteries to derive a local arterial stiffness (Henry et al.
2003, Guerin et al. 2000, Smilde et al. 1998). For all these arteries, the local
pulse pressure is assumed to equal the brachial pulse pressure ∆p. The radius
a and ∆A can be assessed using an ultrasound scanner.

For arteries that are not accessible by ultrasound, an alternative method
based on the global pulse wave velocity, c0, can be employed. In the so-called
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pulse wave velocity (PWV) method, pressure waveforms obtained with ap-
planation tonometry, or wall distension waveforms obtained with ultrasound
techniques, are measured at a proximal and a distal site. For both waveforms,
the foot of the wave is defined as the time when the pressure reaches 10% of
its pulse ∆p (see Figure 4.1). Alternatively for the common carotid artery the
dicrotic notch can be chosen as reference point (Hermeling, Reesink, Korn-
mann, Reneman and Hoeks 2009). The distance between the measurement
sites, ∆l, is divided by the foot-to-foot or dicrotic notch transit time, ∆t, to
calculate the pulse wave velocity c0. The distensibility D0, is then estimated
with the Moens-Korteweg wave speed c0 for a thin walled tube assuming that
the vessel wall behaves linear elastically, isotropically and incompressibly:

D0 ≈
1

ρc2
0

, with c0 =
∆l

∆t
, (4.4)

with ρ the blood density. Next, (4.2) can be used to estimate an average S
over the arterial segment and the following formulation is obtained

S = Eh =
2ρc2

0

[
2a2(1−µ2)

h
+ (1 + µ)(2a + h)

]

(
2a
h

+ 1
) , (4.5)

(4.3) can also be used in the same way. Most commonly, the PWV is esti-
mated between the carotid and femoral arteries, or between the brachial and
radial arteries.

An alternative method, developed by Parker and Jones (1990), is based on the
pressure-velocity-loop (PU-loop) and requires the simultaneous assessment of
the blood flow velocity averaged over the arterial cross-section, u, and blood
pressure, p. It is assumed that no reflections are present during the early
systole and that the relation between p and u is linear (see Figure 4.1). The
PWV, c0, is then estimated from the slope of the PU-loop, with:

c0 =
1

ρ

dp

du
. (4.6)

The arterial stiffness (or the Youg’s modulus) can then be derived from (4.5).

Since it is not possible to assess the blood pressure waveform non-invasively,
p is approximated by the vessel wall distension waveform scaled with the
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10%

(A) (B)

Figure 4.1: (A) PWV method: the 10% foot (time when the pressure reaches 10% of ∆p)
during the systole is depicted. (B) The PU-loop method: the derivative of the pressure
with respect to the average blood velocity is shown during the linear part of the systolic
phase.

systolic and diastolic blood pressures assuming a linear pressure-area rela-
tionship (Vermeersch et al. 2008). The scaling will not affect the temporal
relationships.

Arterial stiffness can be estimated globally with the PWV method or locally
using either the distensibility or the PU-loop method. All these methods
have some drawbacks. The distensibility method reflects the arterial me-
chanical properties at a single location. Furthermore, it requires local pulse
pressure while it can only be measured directly in the brachial artery. The
PWV method estimates an average stiffness over a long arterial trajectory
whereas stiffness differs between arteries and increases towards the periph-
eries (Anliker et al. 1971). Finally, for both PWV and PU-loop methods,
hemodynamic viscous forces and pressure wave reflections originating from
transitions in arterial stiffness, the presence of bifurcations, arterial lumen
tapering and the peripheral bed are neglected. These assumptions might
lead to inaccuracies in the estimates of arterial stiffness.

The aim of the present study is to investigate the feasibility of a non-invasive
method to estimate distributed arterial mechanical properties by means of a
reverse approach of a 1D wave-propagation model, as developed by Bessems
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et al. (2007), in combination with several independent ultrasound and blood
pressure measurements.

An estimate of the distributed arterial properties along each arterial segment
is obtained whereas other techniques are providing either local or average
estimates. Furthermore, several independent ultrasound measurements are
combined, which might reduce the sensitivity of the method to measurement
errors. Moreover, this approach is based on a model taking into account
hemodynamic viscous forces, pressure wave propagation and reflection phe-
nomena.

We focus on the estimation of the mechanical properties of the arteries of the
arm because these arteries are frequently subject of medical investigations
(Stroev et al. 2007, Verbeke et al. 2005, Michel and Zernikow 1998). Further-
more, the local systolic and diastolic blood pressure can be measured directly
in the brachial artery and ultrasound measurements can be performed in the
main arteries from the arm pit until the wrist, enabling the estimation of
vessel wall distension and BVF at several sites.

In this study, we decided to concentrate on the estimation of the Young’s
modulus E since the wall thickness h is too small to be measured directly and
will be estimated from the diameter measurement assuming proportionality.
The arterial stiffness, S, can be derived by multiplying E by h.

In the first part of this paper, the protocol for the in vivo ultrasound meas-
urements is presented. Then the wave propagation model and the fitting
procedure based on the local sensitivity index are described. Subsequently,
the parameter estimates resulting from this fitting procedure are shown and
discussed.

4.2 Materials and methods

4.2.1 In vivo measurements

Measurement protocol

This study involved a group of six healthy and non-smoking young male vol-
unteers. Their average age was 25 years (range 21−34), their average weight
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Figure 4.2: Arterial tree model geometry for the 6 volunteers, and wall distension and
blood flow velocity measurements locations in the brachial (BA), radial (RA) and ulnar
artery (UA). The labels A, B, C, D, E and F correspond to the 6 subjects.

83 kg (range 74-95 kg) and their average height 1.89 m (range 1.75−2.02 m).
All subjects had given written informed consent. The study was approved
by the joint Medical Ethical Committee of the University Maastricht and the
University Hospital Maastricht.

A set of local ultrasound measurements was obtained to provide vessel wall
distension and BVF velocity. These measurements were performed in the left
arm, if possible distal and proximal in the brachial, ulnar and radial artery;
see Figure 4.2. The location of the bifurcation of the brachial to radial and
ulnar arteries was identified in echo B-mode. The ultrasound measurements
were performed at least 2 cm from the bifurcation, with the arm in a slightly
bent position. The distance of the measurement location to the bifurcation
was measured on the body surface using a tape measure.

The measurements started after 10 minutes rest in supine position to allow
normalization of cardiovascular function. Each measurement covered 4 con-
secutive heartbeats and was repeated at least three times. The measurement
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session lasted at most two hours. Brachial systolic Ps and diastolic Pd blood
pressures were measured non-invasively with a semi-automated oscillomet-
ric device (Dynamap, Critikon, Tampa, USA) at the start and end of the
measurement session.

Wall distension and blood volume flow estimations

The ultrasound measurements were performed using an ultrasound system
(Ultramark 9 plus, Advanced Technology Laboratories, Bellevue, WA, USA)
equipped with a linear array probe (7.5 MHz) set in M-mode for wall disten-
sion assessment, and with a curved-array transducer (5 to 9 MHz) activated
in a wide-band M-mode with a high pulse-repetition frequency of 10 kHz for
blood velocity assessment (Samijo et al. 1997).

The distension waveform was obtained off-line with a proprietary radio-
frequency acquisition system (Brands et al. 1999). To obtain blood flow
velocities, a cross-correlation function was applied to short radio-frequency
data segments (Brands et al. 1995). Each velocity estimate is based on half
overlapping data segments corresponding to 300 µm in depth and 10 ms in
time. In this way, detailed instantaneous time dependent velocity profiles
along a single line of observation are obtained.

The blood flow velocity distribution could only be successfully measured in
the brachial artery (BA). Similar measurements were attempted in the radial
artery (RA) and ulnar artery (UA). Because of the small size of these arteries
and their very superficial location, the quality of the velocity estimates was
not sufficient to be included in this study.

Because of important spatial limitations due to ultrasound reflections close
to the interface between the lumen and the vessel wall (Ledoux et al. 1997,
Hoeks et al. 1991), simple integration of the acquired velocity profile is not
feasible. Thus, blood volume flow, q, in the BA was estimated from the
centerline velocity using the Womersley profile method (Leguy et al. 2009,
Womersley 1955) and a time average radius a from the distension waveform.

For each measurement position, the wall distension and BVF waveforms were
averaged over several heartbeats and interpolated to the average heartbeat
period (see Appendix A).
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Measurement variability

To quantify the repeatability of the measurements, the variability of the mea-
sured parameters was investigated. The intra- and inter-subject variability,
σm and σg, were obtained.

The intra-subject variability σm, that evaluates the variability between the
measurements in each volunteer, is expressed as:

σm =

√∑
v

∑
m(Xv,m − Xv)2

∑
v(Mv − 1)

, (4.7)

with Xv,m the value for volunteer v of measurement m and Xv the average
for each volunteer v. The number of measurements for the volunteer v is
represented by Mv.

The variability between the different volunteers of the group was evaluated
by the inter-subject variability σg, which is defined as

σg =

√∑
v(Xv − X)2

N − 1
, (4.8)

X being the average of the group, and N the number of volunteers.

Estimation of arterial stiffness using distensibility, PWV and PU-
loop methods

Distensibility, PWV, and PU-loop methods were employed to obtain an ini-
tial estimate for E, using (4.2). The distensibility method was applied to the
wall distension measurements performed in the BA, where the local pulse
pressure follows from the difference between the measured Ps and Pd and
∆A from the distension waveform. The PWV method was applied to the
distension waveforms measured in the BA and RA using the foot-to-foot
transit time. Finally, the PU-loop method was applied to the wall distension
and BVF measurements in the BA.
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4.2.2 The wave propagation model

The wave propagation model used in this paper has been developed by
Bessems et al. (Bessems et al. 2007), and is validated experimentally in
a subsequent study (Bessems et al. 2008). The conservation of mass and
momentum equations were solved considering blood as a Newtonian fluid. A
velocity profile was introduced based on boundary layer theory. The govern-
ing equations were solved applying a spectral element method.

The arterial wall was modeled as a thick-walled linear-elastic material accord-
ing to (4.2) and arteries were terminated by a 3-element Windkessel model
(Stergiopulos, Segers and Westerhof 1999).

4.2.3 Initial model parametrization

To be able to develop an efficient reverse method, it is necessary to use as
few characteristic model parameters as possible. Therefore rules are formu-
lated to minimize the number of parameters defining geometry, boundary
conditions, and mechanical behavior of the modeled arterial system.

Model geometry

The three main arteries of the arm were represented by the BA bifurcating
into the RA and UA, see Figure 4.2. Six extra side branches, having a
length of 4 cm, were added to model the arterial network of smaller sized
arteries like the superior and inferior ulnar, the radial recurrent and the
dorsal interosseous arteries. These side branches supply blood volume to the
surrounding tissue (muscles of the arm) and contribute to the distribution
of BVF along the upper limb model. Each arterial segment was divided
into elements with a length of 1 cm (sufficiently small to ensure numerical
convergence), whereas a bifurcation element ensured continuity of pressure
and flow, see Figure 4.2.

The measured vessel radius is used to build a patient specific mesh, but
since the measurement locations are sparse, an interpolation is used for the
radii of the entire arterial tree. The vessel radius is assumed to decrease
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exponentially along the arterial tree. The vessel radius a at a position z
along the artery is then defined as

a(z) = az0
exp (−αaz), (4.9)

with az0
the radius at z = 0, and αa the tapering factor. This definition

holds for an arterial segment without bifurcation (Olufsen et al. 2000, Fung
1996, Anliker et al. 1971).

To define diameters at bifurcations, the time average wall shear stress, τ ,
along the arterial tree was assumed to be constant. Then, according to
Murray’s law, the third power of the mother artery radius, am, equals the
sum of the third power of the two daughter artery radii, ad1

and ad2
(Painter,

Edén and Bengtsson 2006, Murray 1926):

a3
m = a3

d1
+ a3

d2
. (4.10)

Equations (5.1) and (5.2) are applied to the BA, RA and UA. The obtained
system of 4 equations with 4 unknowns is then solved to determine the ta-
pering factor αa.

For the side branches, as it was not possible to assess the radius of these
small vessels using ultrasound, an estimate of the radius has been obtained.
Assuming a Womersley velocity profile and non-moving walls, τ is defined as

τ =
4ηq

πa3 , (4.11)

with q the time average BVF and η the blood viscosity chosen equal to
4 × 10−3 Pa.s (Benard et al. 2006). Applying the two radius measurements
in the BA, we could determine that the blood flow should decrease by 30%
along the BA. Considering two side branches in the BA, and τ constant, the
following relation could then be used:

a3
s = 0.15a3

m, (4.12)

with as and am the radius of the side branch and the mother artery, respec-
tively.
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Arterial wall properties

Since arterial stiffness increases toward the peripheries, an exponential model
is used to describe the Young’s modulus, E, that can be expressed as

E(z) = E0 exp (−αEz), (4.13)

with E0 the proximal Young’s modulus and αE a stiffening factor (Fung 1996,
Anliker et al. 1971).

The arterial wall thickness, h, could not be estimated accurately from the
measurements, thus a standard ratio between h and the mean radius a of
15% has been used for the BA, and 20% for the RA and UA (Ku, Kim,
Kim, Choi, Yoon, Kim, Song, Yang, Kim, Chang and Bang 2006, Kaiser,
Mullen and Bank 2001, Mourad et al. 1997). The wall thickness is thus not
fitted together with the other parameters, but explicitly chosen. As Eh is the
arterial stiffness, this could influence the estimations of the Young’s modulus.

Boundary conditions

The BVF obtained proximal in the BA was defined as the entrance flow, qi,
and used as an input for the simulations.

The RA, UA and small side branches were terminated with a 3-element Wind-
kessel model composed of a characteristic impedance Z0, an end-resistance
Rv and a compliance Cv (Figure 4.3). The peripheral resistance, R, can be
expressed as function of the peripheral resistances Rj at each extremity such
that

1

R
=

n∑

j=1

1

Rj
with Rj = Rvj

+ Z0j
. (4.14)

Herein, Rvj
is the end-resistance, Z0j

the characteristic impedance at each
extremity j and n the number of end-segments.

Time constant τC is defined as τC = RvCv and is initially set to 1.5 s. A
first approximation Z̃0j of the characteristic impedance at each extremity
j is obtained by assuming minimal reflection of high frequencies from the
peripheries

Z̃0j =

√
L0

C0

=

√
ρhEj

2π2(1 − µ2)a5
j

, (4.15)
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Figure 4.3: End-segment 3-element Windkessel model composed of a characteristic
impedance Z0, an end-resistance Rv and a compliance Cv.

with L0 = ρ/(πa2
j) being the local inertance, C0 the local compliance assum-

ing a thin-walled tube, aj the vessel radius and E the Young’s modulus. A
factor KZ0

, initially set to 1, is then used to modify the first approximation

Z̃0j of Z0j
such that

Z0j
= KZ0

Z̃0j . (4.16)

The total peripheral resistance R is defined as the ratio between the time
average pressure p and the BVF time average q such that

R = p/q. (4.17)

The time average pressure p is estimated from the wall distension wave-
form at the BA, scaled with Ps and Pd to obtain a blood pressure waveform
(Vermeersch et al. 2008). Since the time average wall shear stress is assumed
to be equal for all the extremities, the total resistance at extremity j, Rj ,
is for a time averaged Poiseuille profile inversely proportional to the third
power of the radius aj :

Rj =
p

q

∑
a3

0j

a3
0j

. (4.18)

4.2.4 The reverse approach

The fitting process, as described in the following section, is based on the total
end-resistance R, the proximal Young’s modulus E0, the stiffening factor αE ,
the time constant τC , and the characteristic impedance factor KZ0

. It is
assumed that the vessel length and radii are measured accurately. Therefore
the length, radius and the wall thickness, defined as a function of the radius,
are fixed and not modified during the fitting procedure.
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Local sensitivity analysis

A local sensitivity analysis has been performed to estimate the rate of change
in the model output with respect to changes in the system parameters. The
influence of the model parameters, R, E0, αE , τC and KZ0

was investigated
for the following output variables that reflect the main characteristics of the
pressure waveforms:� the time average pressure p;� the pulse pressure ∆p at the BA;� the time derivative of the blood pressure during the systolic time period

ṗ (the time interval during which the pressure increased from 10% to
90% is used to calculate ṗ, see Figure 4.1);� the compliance C0 at the BA;� the transit time from the BA to RA and BA to UA: ∆tr and ∆tu;� the distension ∆Ar and ∆Au at the RA and UA, respectively.

The sensitivity of each parameter is evaluated by the relative sensitivity index
Ii,k of output variable yk to model parameter xi, and is defined as

Ii,k =
∂yk

∂xi

xi

yk
, (4.19)

with
∂yk

∂xi

=
y(x1, ..., xi−1, xi + ∆xi, xi+1, ..., xk) − y(x)

∆xi

. (4.20)

Fitting process

Based on the sensitivity indices, simple fitting rules are applied to determine
the model parameter set yielding the best fit between the measured and sim-
ulated data. A reversed method is used to iteratively minimize the difference
between measured ym and simulated ys output variables by optimizing the
system parameter xi, see Figure 4.4. The correction value for the model pa-
rameter, εx (in %), is estimated from the error in output variables εy (in %)
and the sensitivity index I (Equation 4.19):

εx = εy/I. (4.21)
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Figure 4.4: The reverse method fitting scheme with x̃, x, xe, the initial, current and
final estimates of the model parameters, respectively; ys and ym are the simulated and
measured output variables; qi is the input blood volume flow; εy is the current error in
output variables and εx is the correction value for the model parameters.

The results from the local derivatives are used to predict the behavior of the
model and thus to define the fitting steps. Those output variables that only
depend on one system parameter are fitted first. The procedure is repeated
until parameters adjustment no longer results in better fits.

The model parameters R, E0, αE, τC and KZ0
are optimized. The estimates

of E0 obtained from the reverse method are compared to the ones derived
from the distensibility, PWV, and PU-loop.

4.3 Results

4.3.1 In vivo measurements

The systolic and diastolic blood pressure of the BA, radius and wall distension
(defined as the percentage increase in radius within an heart cycle) of the
BA, RA and UA, as well as the mean and maximum BVF measured in the
BA are displayed in Table 4.1. The group average Ps and Pd equal (119±14)
mmHg and (67 ± 8) mmHg, with an intra-subject variability σm of 4 and
5 mmHg, respectively. The group average radii equal (2.3 ± 0.3) mm and
(1.2± 0.3) mm, with a group average relative distension of (2.1± 1.6)% and
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Table 4.1: Group average, inter-subject variability σg and intra-subject variability σm of
the arterial radius (a), the distension (∆a), the time average blood volume flow (q) and
the maximum blood volume flow (Q) for the 6 volunteers. The indices b, r, and u refer to
the BA, RA and UA

Group average σg σm

Ps [mmHg] 119 ±14 ±4

Pd [mmHg] 67 ±8 ±5

ab [mm] 2.3 ±0.3 ±0.1

ar [mm] 1.2 ±0.3 ±0.2

au [mm] 1.1 ±0.3 ±0.1

∆ab [%] 2.1 ±1.6 ±0.5

∆ar [%] 1.2 ±0.5 ±0.5

∆au [%] 1.5 ±0.7 ±0.4

q [ml/min] 41 ±26 ±10

Q [ml/min] 288 ±116 ±42

(1.2 ± 0.5)% for the BA and RA, respectively. The inter- and intra-subject
variabilities are small for the radius measurements but relatively large for
the distension measurements. The time average BVF and maximum BVF in
the BA are (41± 26) ml/min and (288 ± 116) ml/min with an intra-subject
variability of 10 ml/min and 42 ml/min, respectively.

4.3.2 Initial parameter estimates

The Young’s modulus is estimated using the distensibility (4.2), PWV (4.4)
and PU-loop methods (4.6). As can be seen in Figure 4.5, the estimates
exhibit a wide variation due to measurement errors whereas differences be-
tween the estimates are large. Since, the PU-loop method results in non-
physiological estimates for the Young’s modulus (up to 35 MPa), we used the
average of the estimates derived with the distensibility and the PWV meth-
ods as initial guess for the Youngs modulus. The variation in the Young’s
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Table 4.2: Uncertainty in % of the measured time average pressure p, pulse pressure ∆p,
pressure time derivative ṗ, compliance C0, transit time ∆t and distension ∆A for the 6
volunteers (A to F). The indices r and u refer to the RA and UA.

p ∆p ṗ C0∆Ab ∆tr ∆tu ∆Ar ∆Au

A ±27% ±14% ±28% ±31% ±16% × ±18% ×
B ±30% ±3.6% ±15% ±16% ±2% ±6% ±39% ±54%

C ±22% ±11% ±17% ±21% ±4% ±7% ±5% ±33%

D ±37% ±16% ±30% ±43% ±18% ±9% ±100% ±27%

E ±29% ±18% ±34% ±35% ±13% ±14% 22% ±39%

F ±20% ±19% ±24% ±23% ±3% ±4% ±62% ±7%

modulus is in the order of 20% when the thin walled tube approximation
(4.3) is used instead of thick walled one (4.2).

The measured parameters used for the fitting process exhibit large uncer-
tainties, see Table 4.2.

4.3.3 Sensitivity analysis

The sensitivity indices obtained from the sensitivity analysis are presented
in Figure 4.6. Each index represents the percentage increase of the output
variable for a % increase in the model parameter. To enable an easier in-
terpretation of the effect of the stiffening factor αE , a 1% increase of the
Young’s modulus at the RA, Er, is considered. Since the results for ∆Au

and ∆tu are similar to the results for ∆Ar and ∆tr, respectively, they are
not included in the figure.

From the local sensitivity study, it follows that p only depends on R. The
compliance C0 is regulated solely by E0. Thus, both p and C0 can easily be
set to the measured value by fixing R and E0, respectively.

The pulse pressure ∆p, is influenced by R, E0, τC and KZ0
. Because we do

not want to modify E0 and R, since they have been already used to set p
and C0, only τC and KZ0

will be used to fit ∆p. Subsequently, the stiffening
factor αE is used to fit ∆Ar and ∆Au.
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Figure 4.5: Young’s modulus estimates obtained for the brachial and radial arteries with
the reverse method, the PWV, the distensibility and the PU-loop methods as well as
the corresponding measurement uncertainties for the PWV, distensibility and PU-loop
methods. The estimates are shown for the 6 volunteers, labeled with the letters A, B, C,
D, E and F. Note the differences in vertical scaling.
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Figure 4.6: Sensitivity index Ii,k representing the percentage increase of the output variable
for 1% increase in the model parameter for the 6 volunteers, labeled with the letters A,
B, C, D, E and F. The consecutive fitting steps are numbered from 1 to 6. The linear
relationship between R and p and between C0 and E0 exhibit a sensitivity index close to
1.
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Following these four rules, all five model parameters have been used once
in the fitting process. When the estimates obtained are not corresponding
to the best fit between measured and simulated parameters, the two other
output variables ∆tr and ṗ can be used to refine the estimate of KZ0

and E0

and obtain an optimized fit.

The eventual fitting strategy is summarized by the following steps:

1. p is set by fixing R.

2. C0 is set with E0.

3. ∆p is fitted by controlling τt and Z0.

4. ∆Ar and ∆Au are regulated with αE.

5. ∆tr and ∆tu are set with Z0 and E0.

6. ṗ is fitted with modifying E0.

Using these basic rules, the differences between the measured and simulated
data parameters are minimized to determine the patient specific model pa-
rameters for each of the volunteer. For each volunteer, around 20 iterations
of the model were needed to obtain the best fit.

4.3.4 Results of the fitting

A good fit is obtained between the in vivo measured and simulated BP wave-
forms at the BA, RA and UA for the 6 volunteers, as illustrated in Figure 4.7.
The BVF, measured distal in the BA for the volunteers A, B and F, can be
approximated well by the simulated BVF; see Figure 4.8. The differences
between the assessed parameters ∆p, ṗ, C0, ∆tr, ∆tu, ∆Ar and ∆Au are
displayed in Table 4.3. A physiologically realistic brachial to radial pulse
pressure amplification index of (16 ± 5)% is obtained.

4.3.5 Patient specific parameter estimation

The estimated Young’s moduli range from 1.0 to 6.0 MPa with an average
of (3.8 ± 1.7) MPa for the BA and from 1.2 to 7.8 MPa with an average of
(4.8± 2.2) MPa for the radial artery, see Figure 4.5. The obtained values for
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not measured

Figure 4.7: For each volunteer, labeled with the letters A, B, C, D, E and F, this figure
depicts in the 1st column: the input blood volume flow (BVF); in the 2nd column: the
simulated blood pressure (BP) and measured distension waveforms (scaled with Ps and
Pd) in the brachial artery (BA); in the 3rd and 4th columns: the relative simulated blood
pressure and relative measured distension waveforms in the radial (RA) and ulnar (UA)
arteries.
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Figure 4.8: For volunteers A, B and F this figure depicts in the 1st column: the input
blood volume flow (BVF); in the 2nd column: the simulated and measured BVF at an
intermediate position in the brachial artery.

Table 4.3: Difference in % between the simulated and measured time average pressure
p, pulse pressure ∆p, pressure time derivative ṗ, compliance C0, transit time ∆t and
distension ∆A for the 6 volunteers (A to F). The indices r and u refer to the RA and UA.

p ∆p ṗ C0 ∆tr ∆tu ∆Ar ∆Au

A 0% 0% −7% 0% 1% × −46% ×
B 0% −2% −27% −55% −35% −39% −15% +128%

C 0% 0% −35% −18% −31% −38% +26% −59%

D 0% 0% −28% −68% −19% +20% +15% −10%

E 0% 0% +4% +16% −33% −40% −23% −9%

F 0% 0% 5% 42% 15% 8% 28% −53%
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Table 4.4: Final estimates of the Young’s modulus in the brachial and radial artery Eb

and Er, respectively, the characteristic impedance factor KZ0
, the time constant τC and

the total resistance R.

Eb [MPa] Er [MPa] KZ0
τC [s] R [MPa/(m3)]

A 4.5 4.5 0.5 0.6 13 × 109

B 4.0 5.4 1.0 0.5 9 × 109

C 6.0 6.0 0.85 0.8 30 × 109

D 3.0 3.6 0.9 1.4 45 × 109

E 4.0 7.8 0.8 1.0 54 × 109

F 1.0 1.2 0.5 2.2 11 × 109

the model parameters E0, Er, KZ0
, τC and R are depicted in Table 4.4. The

Young’s modulus either remains constant or increases towards the distal part
of the model. The time constant τC is between 0.5 and 2.2. The characteristic
impedance factor KZ0

ranges from 0.5 to 1.0.

4.4 Discussion

To estimate arterial mechanical properties, different methods, based either
on distensibility, pulse wave velocity (PWV) or pressure-velocity loop (PU-
loop), have previously been proposed. These methods can be employed to
determine the arterial mechanical properties either locally or globally. The
aim of this study was to investigate the feasibility of a new method that
estimates distributed arterial mechanical properties by means of a reverse
method combining a wave propagation model as developed by Bessems et
al. (Bessems et al. 2007) with several independent ultrasound and blood
pressure measurements.

The in vivo measured radius, distension and distensibility presented in this
study are comparable with the ones obtained in other studies (Ku et al.
2006, Dammers et al. 2002, van der Heijden-Spek, Staessen, Fagard, Hoeks,
Boudier and van Bortel 2000). Regarding the Young’s modulus estimates,
large differences are observed between the results derived with the distensi-
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bility, PWV and PU-loop methods. With a group average of (3.5±1.3) MPa,
the results obtained in this study with the distensibility method are compa-
rable to the group average Young’s modulus of (3.3 ± 2.4) MPa obtained by
Mourad et al. (1997) from brachial distensibility for healthy volunteers, and
the group average of (2.2 ± 1.5) and (1.9 ± 1.5) MPa obtained by Dammers
et al. (2002) in the BA for healthy men and women, respectively. For the
PWV method, the derived Young’s modulus ranges from 0.8 to 1.2 MPa cor-
responding to a PWV of (9.6 ± 0.6) m/s, where McLaughl et al. reported a
PWV in the BA of 7.4 m/s with a large inter-subject variability. Employing
the PU-loop method, Zambanini et al. obtained a PWV of (7.0±0.6) m/s in
the BA (Zambanini, Cunningham, Parker, Khir, Thom and Hughes 2005).
However, in the current study, the same method lead to extraordinary high
velocities (up to 35m/s). Our non-physiological results could be explained
by the fact that the BVF and distensibility waveforms were measured with
a too large time interval. Furthermore, wall distension waveforms were used
instead of blood pressure waveforms assuming a linear pressure cross-section
area relationship. For the initialization of the input parameters only the
estimates for the Young’s modulus obtained with the distensibility and the
PWV methods were used.

The PWV and PU-loop methods neglect the hemodynamic viscous forces,
whereas the arteries of the arm tree have a small diameter and therefore
viscous forces in these arteries will be relatively large compared to the ones
in large arteries like the aorta. Furthermore, the pressure signal is assumed
to be reflection free during the systolic period, however, in this study it was
found that the pressure reflections coming from the peripheral bed (related to
the characteristic impedance Z0) strongly influence the pressure waveforms
also during systole. When the PWV and PU loop methods were applied
to BP and BVF waveforms obtained from the 1D wave propagation model,
large differences were found between the estimated Young’s modulus and
the Young’s modulus used for the simulations (results not shown). This
implies that indeed the assumptions behind the PWV and PU loop method
lead to a bias in the estimates. Besides, PWV and PU-loop methods are
strongly influenced by measurement errors, see Figure 4.5, leading to large
uncertainties.

Contrary to previous methods, the reverse method presented in this paper re-
lies on a physiological, one-dimensional wave propagation model, which takes
into account hemodynamic viscous forces, pressure wave propagation and re-
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flection phenomena that originate from transitions in arterial stiffness, the
presence of bifurcations, arterial lumen tapering and the periphery. Further-
more, several independent ultrasound measurements of vessel wall distension
and blood flow velocity as well as systolic and diastolic blood pressure meas-
urements are included, which might reduce the sensitivity to measurement
errors. The method proposed in this study estimates the distributed arterial
properties along each arterial segment, from the BA to the RA, see Figure 4.5.

A fitting procedure based on local sensitivity indexes has been developed. A
good match was obtained between the in vivo measured and the simulated
blood pressure and blood volume flow waveforms at the BA, RA and UA for
the 6 volunteers involved in the study. For volunteers A, B and F, the mea-
sured BVF waveforms at an intermediate position in the brachial artery are in
agreement with the simulated waveforms. The small quantitative differences
between the simulated and measured waveforms result from the fact that the
letter measurements were not used for the fitting procedure. The estimated
Young’s modulus for the brachial artery ranges from 1.0 to 6.0 MPa with an
average of (3.8 ± 1.7) MPa. These results are close to the Young’s modulus
obtained with the distensibility method ((3.5 ± 1.3) MPa) and the results
obtained by Mourad et al. (Mourad et al. 1997). The obtained brachial to
radial pulse amplification of (16 ± 5)% is close to the (12 ± 11)% calculated
by Verbeke et al. (2005). These results demonstrate the physiological perti-
nence of the results given by our patient specific model. In 2009, Reymond
et al. (2009) have shown that a one-dimensional wave propagation model
is suitable for accurate reproduction of measured blood pressure and blood
volume flow (BVF) waveforms for the complete arterial tree (including the
heart) with non-linear visco-elastic arterial wall properties. Hence, we do
expect that the reverse method, as presented in the current study, could be
extended to the global arterial tree, and/or more complex arterial properties.

It has been reported that the arterial walls present viscous (Gamero, Armen-
tano, Barra, Simon and Levenson 2001, Boutouyrie, Bzie, Lacolley, Chal-
lande, Chamiot-Clerc, Benetos, de la Faverie, Safar and Laurent 1997, Ar-
mentano, Barra, Levenson, Simon and Pichel 1995, Gow and Taylor 1968,
Learoyd and Taylor 1966) and non-linear behavior (Bank, Kaiser, Rajala
and Cheng 1999) whereas in this study an incremental linear elastic model is
chosen. Inclusion of viscous properties is very well possible but would imply
additional input parameters (Tsamis and Stergiopulos 2007). Because these
parameters can not easily be assessed in vivo, input uncertainties will then
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be added and the complexity of the fitting process would increase. Further-
more, the effect of viscoelastic properties is believed to be small for large
arteries (Gamero et al. 2001, Armentano et al. 1995). At high pressures the
arterial wall significantly stiffens as elastin fibers are stretched completely
(Fonck et al. 2007), and the role of collagen fibers becomes increasingly im-
portant. However, under normal physiological conditions, the elastin fibers
mainly carry the load and non-linearities in mechanical behavior are less sig-
nificant supporting the notion that linearization by means of an incremental
linear model is allowed. Consequently, for the present study the viscous and
non-linear properties of the arterial wall are ignored.

The measurements used in this study exhibit to large uncertainties, especially
for small sized arteries like the radial and ulnar arteries. These uncertainties
play a role in the initialization of the input parameters and in the fitting
procedure, which uses measured data to fit the simulation results. As a result
large differences between the measured and simulated parameters remain,
see Table 4.3. Therefore, in vivo applicability will highly depend on better
performance of the ultrasound registration methods.

The reverse method presented in this paper is based on several ultrasound
measurements, implying a long measurement session that is followed by a
complex fitting procedure using a wave propagation model. The method
would benefit from simultaneous measurements of the wall distension and
blood flow velocity, which would lead to more accurate measurements but
also reduce the measurement session duration. Moreover, a global sensitivity
analysis (Saltelli, Ratto, Andres, Campolongo, Cariboni, Gatelli, Saisana and
Tarantola 2008) could be applied to identify the input parameters that influ-
ence the output most. The measurement session duration could be reduced
if the focus is on the measurements deserving the most attention.

The diameters sparsely measured along the arterial tree were interpolated
using an exponential decay of the area (Olufsen et al. 2000, Fung 1996, An-
liker et al. 1971) and Murray’s law at the bifurcations (Painter et al. 2006,
Murray 1926). Unfortunately, it was not possible to compare the derived
geometry to a patient specific geometry. Magnetic resonance imaging might
be employed to determine arterial segment lengths while ultrasound is used
to assess artery diameter.

The local sensitivity analysis demonstrates a complex relationship between
the model parameters and the simulated pressure and BVF waveforms. It
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is thus difficult to find the unique parameter set that corresponds to the
absolute best fit between measured and simulated parameters. A global
sensitivity analysis (Saltelli et al. 2008) or parametric uncertainty analysis
(Xiu and Sherwin 2007) could help to understand the model’s response to
changes in model parameters over a wide range. The results of such a study
could improve the fitting procedure towards a more automatic approach uti-
lizing optimization algorithms (Antoniou and Lu 2007). For example, Mas-
son et al. employed nonlinear Levenberg-Marquardt least squares minimiza-
tion to identify local arterial wall properties (Masson, Boutouyrie, Laurent,
Humphrey and Zidi 2008) while Liauh et al. used the adjoint method (Carter,
Kemp, Pearce and Williams 1974, Jacquard and Jain 1965) for hyperthermia
problems during cancer treatment (Liauh, Hills and Roemer 1993). Unfor-
tunately, optimization methods require a large number of simulations. To
apply such methods to the presented wave propagation model, large compu-
tational facilities like grids are necessary to keep the simulation time realistic
(Su, Berman, Wolski and Strout 1999).

In summary, a reverse method to estimate distributed arterial mechanical
properties has been presented. This reverse method uses several ultrasound
measurements as well as a wave propagation model. A fitting procedure,
based on local sensitivity indices, has been developed. A good match has
been obtained between the in vivo measured and simulated blood pressure
and BVF waveforms.
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Chapter 5

Global sensitivity analysis

Wave propagation models of blood flow and blood pressure in arteries play
an important role in cardiovascular research. For application of these models
in patient-specific simulations a number of patient specific model parameters
are required. However, these parameters are based on data measured in vivo
that are inherently subject to uncertainties. To optimize the measurement
protocol, it would be of great interrest to determin which model parameters
substantially influence the output. The goal of this study is to identify with
a global sensitivity analysis the model parameters that influence the output
the most. Improvement of the measurement accuracy of these parameters has
largest consequences for the output statistics. A patient specific model is set
up for the major arteries of the arm. In a Monte-Carlo study, 10 model pa-
rameters (e.g. Young’s modulus, arterial diameter, arterial length) and the
input BVF waveform are varied randomly within their uncertainty ranges
over 3000 runs. The sensitivity in the output (e.g. mean and pulse pressure
and flow) for each system parameter and the input blood volume flow (BVF)
was evaluated with the linear Pearson and ranked Spearman correlation coef-
ficients. The results show that model parameter and input BVF uncertainties
induce large variations in output variables and that most output variables are
significantly influenced by more than one system parameter. Overall, the
Young’s modulus appears to have the largest influence and arterial length the

The content of this chapter has been submitted for publication: Leguy C., Bosboom E.,
Belloum A., Hoeks A., van de Vosse F.: Global sensitivity analysis of a wave propagation
model in arm arteries, (submitted).
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smallest. Similar results are obtained with the Spearman’s rank test suggest-
ing that parameter correlations are mainly linear within the model parameter
perturbation ranges considered. This study demonstrates that uncertainties
in wave propagation model parameters may induce large variations in the
output. To obtain input BVF and system parameters for the wave propa-
gation models, local measurement techniques with high temporal and spatial
resolution (like ultrasound or tonometry) should be preferred above techniques
providing a good estimation of the global geometry (like MRI) but with a lower
resolution.

5.1 Introduction

In the last few decades, lumped parameter (Huberts et al. 2009, Lanzarone
et al. 2007, Liang and Liu 2005, Olufsen et al. 2000, Avolio 1980, Westerhof
et al. 1969) and one dimensional wave propagation models (Reymond et al.
2009, Bessems 2007, Azer and Peskin 2007, Formaggia et al. 2006, Sherwin
et al. 2003) of blood flow and blood pressure in arteries are increasingly
used in cardiovascular research. Experimental and clinical validation of wave
propagation models demonstrated the ability to qualitatively describe blood
pressure and blood volume flow waveforms (Reymond et al. 2009, Bessems
et al. 2008, Matthys et al. 2007). Furthermore, wave propagation models
were employed to estimate arterial properties (Leguy, Bosboom, Gelderblom,
Hoeks and van de Vosse 2010) or predict the effects of (surgical) interventions
(Marchandise et al. 2009).

One dimensional wave propagation models of an arterial tree require an in-
put blood volume flow (BVF) waveform and many system parameters to
define geometry, boundary conditions and mechanical behavior of the vessel
wall. For patient-specific simulations, input BVF and system parameters
should be obtained from in vivo measurements employing high resolution
techniques such as ultrasound, magnetic resonance imaging or tonometry.
However, these measurements are exposed to uncertainties which can signif-
icantly influence the output obtained, e.g. vessel distension, blood velocity,
and blood pressure waveforms at arbitrary locations. Moreover, the num-
ber of measurements for each patient is constrained by the duration of the
measurement session. To optimize the measurement protocol, it would be
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of great interest to identify the input parameters that influence the output
the most. Improved measurement of those parameters is the more beneficial
(van Riel 2006, Helton 1999).

The effect of system parameter uncertainty can be studied with sensitivity
analysis (SA) methods. Local SA is the standard method; it evaluates the
elementary effect of each parameter at a specific initial state of the model
(Pope, Ellwein, Zapata, Novak, Kelley and Olufsen 2009, Saltelli et al. 2008).
However, the results obtained are only valid at the initial state chosen, and
can not be extrapolated to global parameter uncertainty. Global SA quan-
tifies the effect of each parameter within the entire input uncertainty range
and can be performed by a Monte-Carlo study based on multiple runs of
the model. The simulated data-set corresponds to a random sampling of
the system parameters within their respected uncertainty ranges. The global
sensitivity of the system parameters follows then from appropriate statistical
tests.

As shown by local SA studies (Leguy et al. 2010, Pope et al. 2009), blood
pressure wave propagation models have a complex relationship between the
system parameters and the output, i.e. the simulated pressure and blood
volume flow waveforms. Hence global sensitivity analysis methods are more
appropriate to study how the uncertainties in the model output can be at-
tributed to the different sources of uncertainty in the model input (Saltelli
et al. 2008).

The goal of this study is to identify with a global sensitivity analysis the
input properties and model parameters that influence the output the most.
We focus on a model of the arteries of the arm because these arteries are
frequently subject of medical investigations (Stroev et al. 2007, Verbeke
et al. 2005, Michel and Zernikow 1998). Furthermore, the local systolic
and diastolic blood pressure can be measured directly in the brachial artery
and ultrasound measurements can be performed in the main arteries. In
the first part of this paper, the subject-specific model of the arm, system
parameters and their uncertainty ranges are described. Then, a global sen-
sitivity analysis, based on a Monte-Carlo study, is performed. The results
of the model evaluations are quantitatively illustrated employing Cobweb’s
graphical method. Further, the linear Pearson and ranked Spearman correla-
tion coefficients are calculated to evaluate qualitatively the sensitivity of the
model output to system parameters. Subsequently, the derived correlation
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coefficients are classified and discussed.

5.2 Methods

5.2.1 Wave propagation model

The wave propagation model developed by Bessems et al. (Bessems et al.
2008, Bessems et al. 2007) was employed. The mass conservation and momen-
tum equations were solved using the spectral element method and considering
blood as a Newtonian fluid, the arterial wall as a thin walled linear-elastic
material and the arteries were terminated by a 3-element Windkessel model
(Stergiopulos, Segers and Westerhof 1999).

The model in this study consisted of the three main arteries of the arm, the
brachial artery (BA), the radial (RA) and the ulnar artery (UA). Six extra
side branches were added to model the arterial network which supplies blood
volume to the surrounding tissue (arm’s muscles).

5.2.2 Measurement protocol

A set of local ultrasound measurements was obtained to provide arterial
distension and blood flow velocity waveforms. These measurements were
performed distal and proximal in the brachial, ulnar and radial arteries. The
distance between the measurement location and the bifurcation was mea-
sured on the body surface using a tape measure. Each measurement covered
4 consecutive heartbeats and was repeated at least three times. Brachial
systolic (Ps) and diastolic (Pd) blood pressures were measured at the start
and end of the measurement session. For more details, the reader is referred
to Leguy et al. (2010).
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5.2.3 Model system parameters and input blood vol-

ume flow

Model geometry

The three main arteries of the arm were represented by the brachial artery
(BA) bifurcating into the radial (RA) and ulnar (UA) artery, see Figure 5.1.
The measured lengths Lb of the BA, Lr of the RA and Lu of the UA were used
to build the arterial tree and six extra side branches, having a length of 4 cm,
were added to model the arterial network of smaller sized arteries like the
superior and inferior ulnar, the radial recurrent and the dorsal interosseous
arteries. Each arterial segment was divided into elements with a length of 1
cm (sufficiently small to ensure numerical convergence), whereas a bifurcation
element ensured continuity of pressure and flow, see Figure 5.1.

The vessel radius was assumed to decrease exponentially along the arterial
tree. The vessel radius a at a position z along the artery was then defined as

a(z) = az0
exp (−αaz) (5.1)

with az0
the radius at z = 0 and αa the tapering factor (Olufsen et al. 2000,

Anliker et al. 1971, Fung 1996). According to Murray’s law, the third power
of the mother artery radius, am, is equal to the sum of the third power of the
two daughter artery radii, ad1

and ad2
(Painter et al. 2006, Murray 1926):

a3
m = a3

d1
+ a3

d2
. (5.2)

Equations (5.1) and (5.2) were applied to the BA, RA and UA. The ob-
tained system of 4 equations with 4 unknowns was then solved to determine
the tapering factor αa. For the side branches, as it was not possible to as-
sess the radius of these small vessels using ultrasound, an estimate of the
radius has been obtained. We could determine using radius measurements
that the blood flow should decrease by 30% along the BA. Considering two
side branches in the BA, and a constant time average wall shear stress, the
following relation could then be used:

a3
s = 0.15a3

m, (5.3)

with as and am the radius of the side branch and the mother artery, respec-
tively.
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Arterial wall properties

Since arterial stiffness (defined as Eh with E the Young’s modulus and h the
wall thickness) increases toward the periphery, an exponential model is used
to describe the Young’s modulus, E,

E(z) = E0 exp (−αEz), (5.4)

with E0 the proximal Young’s modulus and αE a stiffening factor (Fung 1996,
Anliker et al. 1971).

As the arterial wall thickness, h, could not be estimated accurately from
ultrasound measurements, a standard ratio between h and the mean radius
a of 15% has been used for the BA, and 20% for the RA and UA (Ku
et al. 2006, Kaiser et al. 2001, Mourad et al. 1997).

Boundary conditions

The blood volume flow (BVF) obtained proximal in the BA was defined as
the entrance flow, qi, and used as input for the simulations.

The RA, UA and small side branches were terminated with a 3-element Wind-
kessel model composed of a characteristic impedance Z0, an end-resistance
Rv and a compliance Cv (Figure 5.1).

The peripheral resistance, R, can be expressed as function of the peripheral
resistances Rj at each extremity such that

1

R
=

n∑

j=1

1

Rj
with Rj = Rvj

+ Z0j
. (5.5)

Herein, Rvj
and Z0j

are the end-resistance and the characteristic impedance
at each extremity j, respectively, and n the number of end-segment. The total
end-resistance R was defined as the ratio between the mean blood pressure p
and the time average BVF, q, the mean blood pressure p being equal to the
in vivo measured value of 85 mmHg.
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Figure 5.1: Arterial tree model geometry and representation of the model parameters
constrained to uncertainties: the centerline input flow velocity u; the arterial radius at the
brachial (ab), radial (ar) and ulnar (au) artery; the length of the brachial (Lb), radial (Lr)
and ulnar (Lu) artery (LR and LU are defined as Lb + Lr and Lb + Lu, respectively); the
Young’s modulus at the brachial artery (E0); the stiffening factor (αE); the characteristic
impedance Z0 and the time constant τC .
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An approximation Z̃0j of the characteristic impedance is obtained by assum-
ing minimal reflection of high frequencies from the peripheries

Z̃0j =

√
L0

C0
=

√
ρhEj

2π2(1 − µ2)a5
j

, (5.6)

with L0 = ρ/(πa2
j) being the local inertance, C0 the local compliance assum-

ing a thin walled tube, aj the vessel radius and Ej the Young’s modulus.

The time constant τC used to obtain the capillary bed compliance is defined
as τC = RvCv.

5.2.4 Parameter sampling

A patient specific model of the arm of the subject labeled with the letter
C in Figure 4.2 of Chapter 4 has been selected. The main system parame-
ters are: the arterial radius at the brachial (ab), radial (ar) and ulnar (au)
artery; the length of the brachial (Lb), radial (Lr) and ulnar (Lu) artery;
the Young’s modulus at the brachial artery (E0); the stiffening factor (αE);
the characteristic impedance Z0 and the time constant τC . The centerline
velocity waveform u is used to derived the input blood volume flow (BVF),
see Figure 5.1. An uncertainty range, reflecting to the measurement errors,
is delineated for each model parameter as well as for the input BVF.

Sampling of the scalar parameters

For the arterial radii, an uncertainty range of ±0.15 mm was derived from
the intra-subject variability obtained in Leguy et al. (2010), see Table 5.1.

For the arterial lengths an uncertainty range of ±1 cm was used for the length
of the brachial Lb, radial Lr and ulnar Lu artery, see Table 5.1.

The uncertainty range of the Young’s Modulus at the BA, E0, was derived
from the local estimates obtained from the measurement vessel distenssion
waveform, and the linearized vessel wall distensibility. The reader is referred
to Leguy et al. (2010), for more details. An average of 5 MPa with an
uncertainty range of ±1 MPa was obtained. A range from −1 to 0 was chosen
for the stiffening factor αE; it corresponds to an increase of the Young’s
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modulus in the RA relative to the Young’s modulus in the BA from 0 to
50%.

The characteristic impedance Z̃0 is estimated such that the reflections of high
frequencies are minimized. A factor KZ0

is then used to modify Z0j
such that

Z0j
= KZ0

Z̃0j . (5.7)

To study the influence of Z0 variability, an uncertainty range for KZ0
of 1±0.2

is chosen.

For the time constant τC , an uncertainty range was estimated by assuming
that during diastole the pressure at the end-segment decreases exponentially,
τC being approximated by

τc ≈
−∆td

ln(Pd

Ps
)
, (5.8)

with ∆td the diastolic time interval. It was assumed that the diastole lasts
between 0.6 and 0.7 s (for a heartbeat duration of 0.9 s), that Ps varies be-
tween 114 and 122 mmHg and Pd between 61 and 68 mmHg. The uncertainty
interval for τC is then [0.8 1.4] s.

An input data set of n = 3000 runs was generated from the parameter set
described above, in which each of the 10 parameters, which are the arterial
radius a and lengths L at the BA, RA and UA, the Young’s modulus E, the
stiffening factor αE , the peripheral time constant τC and the characteristic
impedance factor KZ0

, varies within its uncertainty range. To generate ho-
mogeneous sampling of the input space, stratified Latin Hypercube method
is applied (Helton and Davis 2003). For this sampling method, the sample
space for each variable is divided into n equally probable subspaces. Then,
all sample points are chosen simultaneously making sure that there is only
one sample in each of the subspaces.

Sampling of the blood volume flow waveforms

To obtained a set of input blood velocity waveforms required for the Monte-
Carlo study, the discrete Karhunen-Loève expansion, also known as principal
component analysis, has been employed (Schenk and Schuëller 2005, Grim
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1986, Loeve 1978). The {b = 17} measured blood velocity waveforms over
one heart beat can be considered as a stochastic data

u = (u1, u2, ..., ub)
c, (5.9)

define in {[0, δt, · · · , kδt, · · · , (Nt − 1)δt, T ]× [1, · · · , b]}, where {Nt = T/δt}
with T the average duration of one heartbeat and δt the sampling time. c
denotes the transpose operator. Since each measured waveform has a differ-
ent duration, they have been rescaled to the average heartbeat duration such
that the last part of the waveforms having a longer period have been ignored
(this can be done since during the diastole the velocity is constant) and the
waveforms with a shorter period were interpolated to the average heartbeat
duration as shown in Appendix A. Karhunen-Loève theorem states that the
centered process {ũ = u− µ}, with µ the average velocity waveform, can be
express in an orthogonal coordinate system such that the greatest variance
by any projection of ũ comes to lie on the first coordinate vector (called the
first principal component), the second greatest variance on the second coor-
dinate, and so on. The principal components σk in {[0, δt, · · · , T ]} and the
corresponding ordered singular values λk have been obtained by the singu-
lar value decomposition function provided by Matlab (The Mathworks, Inc).
The first 10 principal components have then been used to generate a new set
of velocity waveform

u′ = (u′

1, u
′

2, ..., u
′

n)c (5.10)

defined in {[0, δt, · · · , T ] × [1, · · · , n]}, with n = 3000. The new data-set
u′ is representative of the measurement variability while being a random
representation of the measurements, see Figure 5.2. The variation of the time
average velocity was restrained to ±15% corresponding to the measurement
uncertainty. For more details on the calculation, the reader is refered to the
Appendix B.

Input BVF

Blood volume flow in the BA was used as input flow. It was estimated from
the random centerline velocity assuming a Womersley profile and the time
average radius at the BA.
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Figure 5.2: Construction process of the random velocity waveforms using Karhunen-Loève
theorem. The measured velocity waveforms u are decomposed into the principal compo-
nents σk, and the corresponding ordered singular values λk. These principal components
{σk ∈ [0 T ]}, singular values λk, and the random parameters ξ′k are then used to generate
the 3000 random waveforms data-set u′.
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Table 5.1: Average and uncertainty range of input blood velocity waveform properties
and model parameters depicted by the time average, the maximum and minimum blood
velocity U , UM and Un respectively; the proximal Young’s modulus E0; the stiffening
factor αE ; the time average radius a; the arterial length L; the time constant τC and the
characteristic impedance factor KZ0

. The indices b, r, and u refer to the BA, RA and UA

Parameters Average Range Range [%]

U [cm/s] 3.8 3.0 − 4.5 40%

UM [cm/s] 2.9 2.8 − 3.1 9.4%

Un [cm/s] −0.9 (−1.2) − (−0.6) 69%

E0 [MPa] 5.0 4.0 − 6.0 40%

αE [MPa] −0.5 (−1) − 0 ×

ab [mm] 2.39 2.31 − 2.46 6%

ar [mm] 1.48 1.41 − 1.56 10%

au [mm] 1.31 1.24 − 1.39 12%

Lb [cm] 22 21 − 23 9%

Lr [cm] 22 21 − 23 9%

Lu [cm] 23 22 − 24 9%

τC [s] 1.1 0.8 − 1.4 54%

KZ0
1.0 0.8 − 1.2 40%
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5.2.5 Computing facilities

The Monte-Carlo study described above is based on 3000 simulations. Know-
ing that on average 10 minutes are required per simulation, roughly 500
CPU hours were needed. To reduce the execution time of the 3000 simu-
lations, the Dutch Distributed ASCI Supercomputer 3 facilities, composed
of multiple heterogeneous resources was employed and the usage of the re-
source was optimized by executing as much concurrent model runs as the
resources allowed (Korkhov, Vasyunin, Wibisono, Belloum, Inda, Roos, Breit
and Hertzberger 2007). Furthermore, a farming workflow was developed us-
ing the workflow management systems WS-VLAM (UVA, Amsterdam, the
Netherlands) to provide the user with an easy access to the complex com-
puting and storage infrastructure.

5.2.6 Sensitivity analysis

The considered model output variables for the blood pressure waveforms were
the pulse pressure at the BA, ∆P , the time derivative of the blood pressure
during systole in the BA, ṗ, the BA to RA pulse pressure amplification index,
I∆P , defined as (∆Pr −∆P )/∆P with ∆Pr the pulse pressure at the RA and
the transit time from the BA to the RA, ∆tr. For the distension waveforms,
the distensibility Db defined as ∆Ab/∆P and the maximum area difference
∆Ab at the BA were analyzed, see Figure 5.3.

The model output variables were analyzed and a global sensitivity analysis
was performed. Cobwebs plots, generated with the freeware Unicorn (Uni-
corn, TU/Delft, the Netherlands), were employed to quantify the relationship
between the system parameters and output variables. Qualitative estimates
were derived from the linear Pearson’s and ranked Spearman’s correlation
coefficients.
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Figure 5.3: Schematic view of the output variables: the pulse pressure at the BA, ∆P ; the
time derivative of the blood pressure during systole in the BA, ṗ; the transit time from
the BA to the RA, ∆tr.

5.3 Results

5.3.1 Convergence of the Monte-Carlo study

When more then 2500 (out of 3000) runs are considered, the standart devi-
ation of the pulse pressure ∆P varies by less than 0.6% from the standart
deviation of the pulse pressure obtained for the full simulated set. This
demonstrates that the 3000 runs used in this study were sufficient.

5.3.2 Output variable ranges

The blood pressure and BVF waveforms obtained at the BA and RA are
depicted in Figure 5.4 while the mean and variation range of the output
variables derived are presented in Table 5.2. For the output variables related
to the blood pressure waveform (∆P , ṗ, I∆P , ∆tr and ∆tu), the maximum
relative deviation from the average over the full Monte-Carlo data-set can
reach 1.02. For the distensibility, Db, and the distension, ∆Ab, the deviation
from the mean is lower and has a maximum of 0.56. Finally, the maximum
relative deviation from the mean value for the wall distension of the radial
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Table 5.2: Mean, variation range and standard deviation (Std) over the 3000 simulations
of the Output parameters that are the pulse pressure ∆P , the time derivative of the blood
pressure during systole in the BA, Ṗ , the BA to RA pulse pressure amplification index
I∆P , the transit time from the BA to the RA ∆tr, the transit time from the BA to the UA
∆tu, the distensibility Db, the maximum area difference ∆A and the time average BVF
q. The indices b, r, and u refer to the BA, RA and UA.

Parameters Mean Range Std

∆P [mmHg] 53 35 − 77 ±6.2

ṗ [mmHg/s] 567 386 − 794 ±68

I∆P [%] 16 4.6 − 28 ±3.6

∆tr [ms] 28 22 − 36 ±2.4

∆tu [ms] 29 22 − 36 ±2.4

Db [µPa1] 59 46 − 78 ±7.3

∆Ab [mm2] 0.31 0.20 − 0.48 ±0.04

∆Ar [mm2] 0.08 0.04 − 0.13 ±0.01

∆Au [mm2] 0.05 0.029 − 0.09 ±0.01

qb [mm3/s] 337 253 − 425 ±41

qr [mm3/s] 91 65 − 122 ±12

and ulnar arteries vary between 0.99 and 1.18. These results show that input
uncertainties induce large variations of output variables.

5.3.3 Sensitivity analysis

The results of the Monte-Carlo study are illustrated with cloud plots in
Figure 5.5. A strong negative correlation between the distensibility Db and
the Young’s modulus E0 is observed, as can be expected from the formulation
of Db (Leguy et al. 2010). Lower correlations are observed between Ṗ and
E0 and between ∆tr and LR (summed lengths of BA and RA).

A visual exploration is also provided with Cobweb’s plots, see Figure 5.6.
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Figure 5.4: The 3000 input blood volume flows (BVF) at the BA (top left) and simulated
blood pressure (BP) at the BA (top right). At the bottom, the simulated BVF (left) and
BP (right) at the RA are depicted.
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Either input or output variables are represented as vertical lines in percentile
scale, each model run is represented by a jagged line intercepting the vertical
axes. The top graph shows that ∆tr seems to be negatively correlated with
E0, positively with αE, negatively with KZ0

and not clearly correlated with
LR and ab. The bottom graph shows that E0 seems negatively correlated
with Db, ∆tr and I∆P , and positively with ṗ and ∆P .

Quantitative estimates of the sensitivity of the inputs are given by the linear
Pearson’s and ranked Spearman correlation coefficients in Figure 5.7. Signifi-
cant correlation coefficients with a p-value lower than 0.001 were obtained for
all coefficients larger than 0.01. The Young’s modulus, E0 and the radius at
the BA ab are the only inputs parameters that influence significantly the dis-
tensibility, Db, with Pearson’s coefficients of −0.96 and +0.20, respectively.
More complex relationships are observed for the other output variables for
which many input parameters have a significant effect. The input parameter
Young’s modulus, E0, has the largest influence on ṗ, I∆P , ∆tr and ∆tu with
Pearson’s and Spearman’s coefficients larger than 0.5 while τC mainly influ-
ences ∆P . The uncertainty in stiffening factor (αE) plays a significant role
mainly for the transit times ∆tr and ∆tu. The radius at the RA ar, and the
minimum center line velocity Um, time average U and maximum UM have
significant effects only for the maximum and average BVF at the radial and
ulnar arteries. The arterial lengths (Lb, LR and LU ) have the smallest effect
at the output with a maximum of +0.26 for the pressure transit time. Only
small differences were obtained between Pearson’s and Spearman’s tests sug-
gesting that parameter correlations are mainly linear within the considered
input perturbation ranges.

5.4 Discussion

A Monte-Carlo study, of 3000 runs, has been performed on a wave propa-
gation model of the arm. To evaluate the global sensitivity of the model
parameters and input blood volume flow on the output, the linear Pearson
and ranked Spearman correlation coefficients were calculated. This study
demonstrates that measurement uncertainties on the system parameters and
input blood volume flow of a wave propagation model induce large varia-
tions in the output variables. It is thus important to determine which input
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Figure 5.5: Cloud plots of the results of the Monte-Carlo study for the distensibility Db

and the the blood pressure derivative change during systole in the BA, Ṗ as function of
the Young’s modulus E0 and the transit time from the BA to the RA, ∆tr as function of
the summed lengths of the BA and the RA, LR.
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Figure 5.6: Cobweb’s plots of several system parameters and output variables. Each
parameter is represented on a vertical line in percentile scale and each model run is depicted
with a jagged line intercepting all vertical axis. The top graph shows that ∆tr seems to
be negatively correlated with E0, positively with αE , negatively with KZ0

and not clearly
correlated with LR and ab. The bottom graph shows that E0 seems to be negatively
correlated with Db, ∆tr and I∆P , and positively with Ṗ and ∆P .
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Figure 5.7: Linear Pearson (in blue) and ranked Spearman correlation coefficients (in red)
between the input and output parameters. The sign − denotes which coefficients are
negative.

parameters deserve a more precise estimation.

The small differences between Pearson’s and Spearman’s tests suggests that
the observed correlations between the input and output are mainly linear
within the considered input perturbation ranges, however the variability of
the output variables is generally driven by the uncertainties of several input
parameters. For instance, the variability in the pressure wave transit time
∆tr is primarily correlated with the uncertainty in the Young’s modulus E0

and the stiffening factor αE . This can be explained by the fact that the
mechanical properties of the arterial wall influence the most the pressure
wave propagation speed. The variation in the pulse pressure ∆P is firstly
driven by the time constant τC that represents the capillary bed compliance.
It can be assumed that ∆P is strongly influenced by the reflection of the low
frequency components of the pressure waveform induced by the 3-element
Windkessel model present at the extremities. Secondly, the variations in
∆P are correlated with E0, related to the local mechanical properties of
the arterial wall. The amplification index I∆P , that denotes the increase
in pulse pressure along the arterial tree, is mainly influenced by E0 and
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the characteristic impedance KZ0
of the 3-element-windkessel models at the

extremities. This indicates that the pulse pressure is probably influenced
by reflections at the boundary but also by the pressure wave propagation
speed (related to E0). These results demonstrate that the pressure waveform
properties are influenced by the local mechanical properties of the arterial
wall and by the reflections at the boundaries. The results also show that
the uncertainties in the arterial lengths, although relatively large, do not
importantly affect the model output. Hence, an improvement in the arterial
length measurement would not reduced significantly the variations in the
output. Thus, imaging techniques with locally high temporal and spatial
resolutions like ultrasound or tonometry should be preferred above imaging
techniques like MRI providing a good estimation of the global arterial tree
geometry but with a lower local resolution.

The obtained uncertainty ranges of the model output are large, though some
of the outputs can directly be estimated from measured data. In future,
the measurement uncertainty ranges of the latter outputs might be used to
reduce the uncertainties of the inputs using a reverse fitting process. Specific
techniques like probabilistic inversion (Du, Kurowicka and Cooke 2006) or
metamodeling (Wang and Shan 2007) have been developed to optimize such
a problem using the results of a Monte-Carlo study.

In global sensitivity analysis, sampling of the input parameters is critical. In
this study, Karhunen-Loève theorem allowed to build a random sample of the
blood velocity waveform. This method is an adequate tool in case the ran-
dom input parameter is a vector. A sample data-set of the measured blood
velocity waveforms was generated encompassing the measurement variability
of the waveform dynamical properties. For the scalar parameters, a Latine
Hypercube sampling was chosen since it allows more homogeneous filling of
the input space. This sampling process is consistently more effective than a
classical Monte-Carlo study (Helton 1993). The uncertainty ranges were de-
termined from measurement standard deviations (Leguy et al. 2010). When
the parameters could not be estimated in vivo, a physiological approximation
was provided. The uncertainty range would probably be reduced with im-
proved in vivo measurements. A uniform density distribution is assumed for
the input parameters. However, other distribution functions, like the Gaus-
sian or Poisson distributions, might be more appropriate. Unfortunately,
the number of repeated measurements at our disposal was not sufficient to
estimate accurately the distribution properties of the input parameters.
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The scatter-plot method allows a straightforward qualitative display of the
Monte-Carlo study. However, when many inputs and outputs are involved,
this graphical method requires too many drawings. Cobweb’s plots were
also used, they provide a graphical representation of the relation between
several inputs and outputs in a single graph. However, this graphical method
provides only a qualitative interpretation of the results.

The linear Pearson and ranked Spearman correlation coefficients permit a
quantitative estimation of the correlation between system parameters, input
BVF and output variables. However, the combined influence of the different
parameters could not be retrieved. The complexity of the results obtained
suggests that interactions between input parameters might be present. More
elaborated techniques, like the Sobol method based on variance decomposi-
tion, were developed to capture the influence of the interaction between the
input parameters (Saltelli and Sobol 1995). However, these methods required
a larger number of simulations and can only be applied for independent pa-
rameters. Other methods, based on generalized polynomial chaos expansion,
allow to model the uncertain parameters as random variables directly within
the equations governing the wave propagation model, hence, those equations
become stochastic (Xiu and Sherwin 2007). These intrusive methods give
a global appreciation of the effect of model parameter uncertainties on the
output, however, the deterministic aspect is lost and the interpretations of
results become less intuitive than with Monte-Carlo studies.

To reduce the execution time of the simulation data-set required to perform
the Monte-Carlo study, a farming process has been employed for which the
simulations were performed in parallel on multiple remote facilities. To facili-
tate the farming process for the user, a specific Workflow was developed with
WS-VLAM software (Korkhov et al. 2007). Such workflow system improves
the reproducibility of multiple computational tasks by providing access to
the data provenance collected during the execution of the workflow. Fur-
thermore, it contributes to capture the scientist expertise and knowledge
essential for the extension of the present sensitivity study to more complex
methods based on variance decomposition that require a larger amount of
model runs. The farming process could then be easily transposed to larger
computing facilities like BigGrid Resources.
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5.5 Conclusion

In summary, a Monte-carlo study has been performed on a wave propagation
model of the arm. The linear Pearson and ranked Spearman correlation
coefficients were obtained to determine the global sensitivity index of the
system parameters and input blood volume flow. It was found that the
majority of the input parameters are significantly influencing the output,
with the Young modulus (E) having the largest influence and the arterial
lengths the lowest. The results suggest that imaging techniques with high
temporal and spacial resolution should be preferred.
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Chapter 6

General discussion

6.1 Summary and conclusion

A reliable estimation of hemodynamical parameters and mechanical prop-
erties of large arteries is essential for cardiovascular risk assessment. The
aim of the present research was to develop a strategy to estimate hemody-
namical and distributed mechanical properties of the arterial tree employ-
ing ultrasound measurements combined with subject specific computational
fluid dynamics simulations. The first part of this thesis was dedicated to
the estimation of the blood volume flow (BVF); the influence of assuming
quasi-static Poiseuille profiles was investigated and a method based on the
integration of the axial velocity profile in curved arteries was presented. In
the second part, a fitting procedure that estimates distributed arterial me-
chanical properties by means of a subject specific wave propagation model
was developed and a Monte-Carlo study was performed to identify the input
parameters that most strongly influence the output.

6.1.1 Blood volume flow

It has been shown in Chapter 2 that, compared to Womersley, BVF estima-
tion applying Poiseuille profiles significantly underestimates the dynamical
properties of the BVF waveform. However, Womersley profiles are valid

109



110 Chapter 6. General discussion

only for straight arteries. Thus, in chapter 3 the influence of vessel curva-
ture was investigated using 3D computational fluid dynamics simulations. It
was shown that the maximum velocity waveform rather than the centerline
velocity waveform combined with the Womersley method should be chosen
to estimate accurately the BVF waveform and that the presented cosine-θ
method can further improve actual estimation.

The differences in the dynamical parameters obtained by assuming Poiseuille
rather than Womersley profiles can be explained by the shape of the BVF
waveform. During the systolic part, the fast acceleration of the blood results
in a flat profile. Consequently, using a parabolic profile instead of the Wom-
ersley approximation leads to an underestimation of the BVF rise time as
well as the maximum BVF.

In slightly curved vessels, the method based on Womersley using the veloc-
ity at the position of its maximum provides a better fit of the real BVF
waveform than an estimation based on the centerline velocity. This can be
explained by the fact that for the position with maximum velocity fluid in-
ertia is more important than at the center of the vessel. Therefore, the
velocity at the location where the velocity reaches its maximum resembles
the centerline velocity in a straight tube. It has also been shown that the
cosine-θ method (CTM) can further improve the estimates of the BVF. It
demonstrates that also in vivo the axial velocity as function of the angle can
be well approximated with a cosine function as previously suggested by an-
alytical and computational research on steady and unsteady flow in curved
tubes (Verkaik et al. 2009, Siggers and Watters 2008, Dean 1928, Siggers and
Waters 2005). However, the CTM requires a technique to measure simulta-
neously the velocity distribution along a perpendicular line and vessel wall
diameter.

Current research in vascular ultrasound suggests that perpendicular simul-
taneous velocity and wall displacement assessment will be available for in
vivo measurements in the next years. Beulen et al. have validated such a
technique, using a commercially available ultrasound scanner equipped with
a linear array probe, by comparing axial velocity profile measurements in a
phantom set-up to analytical and computational fluid dynamics calculations
(Beulen, Bijnens, Rutten, Brands and van de Vosse 2010, Beulen, Verkaik,
Bijnens, Rutten and van de Vosse 2010). With a perpendicular ultrasound
measurement technique the variability of the diameter measurement that sig-
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nificantly influences the accuracy of BVF estimations would be reduced and
more accurate BVF estimations could be obtained on a beat-to-beat basis.
Furthermore, the cosine-θ method could be applied to correct for curvature
effects. However, for more elastic arteries like the common carotid artery,
the movement of the vessel wall should be considered.

Since simultaneous velocity and wall displacement assessment was not yet
feasible for in vivo applications, in this study the centerline velocity waveform
combined with the Womersley method was used to obtain the BVF waveform
estimates required for the estimation of the distributed mechanical properties
based on a wave propagation model.

6.1.2 Mechanical properties of vessel wall

In this thesis we proposed a method that estimates distributed arterial me-
chanical properties by means of a reverse method combining a wave propa-
gation model with several ultrasound measurements. The estimated arterial
Young’s moduli range from 1.0 to 6.0 MPa with an average of (3.8 ± 1.7)
MPa at the brachial artery. A good match between measured and simulated
waveforms and the realistic stiffness parameters indicate a good in vivo suit-
ability. To evaluate the global sensitivity of the model inputs and outputs, a
Monte-Carlo study has been performed. The results show that input uncer-
tainties induce large variations in output parameters and that most output
parameters are significantly influenced by more than one input parameter.

Contrary to previous methods employed to assess arterial stiffness, the reverse
method presented in this thesis relies on a one-dimensional wave propagation
model which takes into account hemodynamic viscous forces, pressure wave
propagation and reflection phenomena. The estimated Young’s modulus for
the brachial artery demonstrates the physiological pertinence of the results
given by the reverse process based on a patient specific model. Reymond
et al. (2009) have shown that a one-dimensional wave propagation model
is suitable for accurate reproduction of measured blood pressure and BVF
waveforms for the complete arterial tree with non-linear visco-elastic arterial
wall properties. Hence, we do expect that the reverse method, as presented
in the current study, could be extended to the global arterial tree, and/or
more complex arterial properties.
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It has been reported that the arterial walls present viscous (Gamero et al.
2001, Boutouyrie et al. 1997, Armentano et al. 1995, Gow and Taylor 1968,
Learoyd and Taylor 1966) and non-linear behavior (Bank et al. 1999) whereas
in this study an incremental linear elastic model is chosen. At high pressures
the arterial wall significantly stiffens as elastin fibers are stretched completely
(Fonck et al. 2007), and the role of collagen fibers becomes increasingly im-
portant. However, under normal physiological conditions, the elastin fibers
mainly carry the load and non-linearities in mechanical behavior are less sig-
nificant. A linearization by means of an incremental linear model is thus
assumed to be allowed. However, these non-linear and/or viscous properties
of the arterial wall might not be neglectable when a pathological conditions
like hypertension are considered.

The reverse method presented in this paper is based on ultrasound meas-
urements obtained at several locations implying a long measurement session.
The fitting procedure would benefit from simultaneous measurements of the
vessel wall displacement and blood flow velocity which would reduce the mea-
surement session duration and the hemodynamical parameter uncertainties.

The local sensitivity analysis demonstrates a complex relationship between
the model parameters and the simulated pressure and BVF waveforms. It
is thus difficult to find the unique parameter set that corresponds to the
absolute best fit between measured and simulated parameters. Furthermore,
the measurements used in this study are constrained to large uncertainties
which will influence the initialization of the input parameters and the fitting
procedure.

6.1.3 Wave propagation model sensitivity analysis

A global sensitivity analysis (Saltelli et al. 2008) could help to identify the
input parameters that influence the output the most. The measurement
session duration could thus be reduced if the focus is on those measurements
deserving the most attention. Furthermore, the results of such a study could
be used to improve the fitting procedure towards a more automatic approach
utilizing optimization algorithms (Antoniou and Lu 2007).

The global sensitivity analysis performed in this study shows that input un-
certainties induce large variations of output parameters and that the Young’s
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modulus E0 is the most predominant factor in the variability of the model
output whereas the uncertainties in the arterial lengths do not demonstrate
important effects on model output. Since an accurate assessment of the wall
distension is required to estimate the Young’s modulus, imaging techniques
with high temporal and spatial resolutions locally like ultrasound or tonom-
etry are preferred above imaging techniques like magnetic resonance imaging
providing a good estimation of the global arterial tree geometry but with a
lower local resolution.

In global sensitivity analysis, sampling of the input parameters is critical. A
random sample data-set of the measured blood velocity waveforms was gen-
erated employing Karhunen-Loève theorem. This method could be extended
using techniques like probability inversion to retrieve in a more accurate
way the variability of the dynamical characteristics of the waveforms (Du
et al. 2006). For the scalar parameters, a uniform density distribution was
assumed. However, other probability distribution functions might correspond
better to the measurement uncertainties. Unfortunately, the number of re-
peated measurements at our disposal was not sufficient to estimate accurately
the distribution properties of the input parameters.

The linear Pearson and ranked Spearman correlation coefficients permit a
qualitative estimation of the correlations between parameters. However,
the combined influence of the different parameters could not be retrieved.
The complexity of the results obtained suggests that interactions between
input parameters might be present. More elaborated techniques, like the
Sobol method, based on variance decomposition, have been developed to
capture the influence of the interaction between input parameters (Saltelli
and Sobol 1995). However, these methods require a huge amount of simula-
tions and can only be applied to independent parameters. Other methods,
based on generalized polynomial chaos expansion, allow to model the uncer-
tain parameters as random variables directly within the equations governing
the wave propagation model, hence, those equations become stochastic (Xiu
and Sherwin 2007). These intrusive methods give a global appreciation of
the effect of parameter uncertainties on the output, but the deterministic
aspect are lost and the interpretations of results becomes less intuitive than
with Monte-Carlo studies.

To reduce the execution time of the simulation data-set required to perform
the sensitivity analysis study, the Dutch Distributed ASCI Supercomputer 3
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facilities, composed of multiple heterogeneous resources was used. A farm-
ing workflow has been developed in collaboration with the Informatics In-
stitute of the University of Amsterdam (the Netherlands). The workflow
management system WS-VLAM has been employed to provide an optimum
usage of available and appropriate computing and storage resources while a
graphical interface allows the user to easily perform and monitor the farm-
ing process (Korkhov et al. 2007). Such workflow contributes to capture the
scientist expertise and knowledge essential for future investigations based a
large number of simulations and can facilitate the transfer of farming process
to larger computing facilities like BigGrid resources. It would be then inter-
esting to further develop this application to provide more information about
the simulations process to the user (e.g. the durations of each simulation,
failures, used resources). Large computing facilities are critical tools for fur-
ther development of subject specific modeling of the cardiovascular system.
Probabilistic inversion (Du et al. 2006) or metamodel techniques (Wang and
Shan 2007), based on multiple evaluations of a model, could be employed
to converge towards an automatic fitting between measured and simulated
parameters while taking into account the measurement uncertainties.

6.2 Outlook

In this thesis, model-based estimations of hemodynamical and mechanical
properties of the arterial tree of the arm have been presented. The arterial
tree of the arm was chosen because the arteries of the arm are frequently
subject of medical investigations (Stroev et al. 2007, Verbeke et al. 2005,
Michel and Zernikow 1998). Furthermore, the systolic and diastolic blood
pressure could be measured directly in the brachial artery and ultrasound
measurements could be performed in the main arteries from the arm pit
until the wrist, allowing validation of the wave propagation model. However,
arterial stiffness of more central and more elastic arteries are better predictor
factors for cardiovascular diseases (van der Heijden-Spek et al. 2000). Thus, it
would be of great interrest to extend the arterial stiffness assessment method
presented in this thesis, to the more central arteries.

Central arteries like the descending aorta are not easily accessible for non-
invasive ultrasound measurements. However, ultrasound measurements at
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more peripheral arteries like the brachial (in the arm), the femoral (in the
leg) and the common carotid arteries (in the neck) and in the heart (with
echocardiography) could be used to determine subject specific parameters
for a wave propagation model of the systemic arterial system.

Ultrasound measurements of the required physiological parameters at mul-
tiple locations along the systemic arterial tree would result in a non-feasible
measurement session of a few hours. However, future improvement of the ul-
trasound probes will certainly provide simultaneous assessment of blood flow
velocity and vessel wall displacement (Beulen, Bijnens, Rutten, Brands and
van de Vosse 2010, Beulen, Verkaik, Bijnens, Rutten and van de Vosse 2010).
The measurement session duration would be reduced, whereas a more ac-
curate estimation of the blood volume flow could then be obtained. Nev-
ertheless, measurements at multiple locations would still require sequential
procedures.

The simultaneous in vivo assessment of hemodynamical properties at several
positions would provide a beat-to-beat measurement data-set that would
largely reduce measurement uncertainties. It would be interesting to study
the feasibility of an ultrasound scanner equipped with several probes which
could operate simultaneously. An appropriate guiding system would then be
required to hold the ultrasound probes and control their positions. In such
way ultrasound could combine a high spatial and temporal accuracy while
providing a global measurement data-set.

The amount of data and the complexity of the model will imply complex
fitting procedures that require large computational power. The combination
of large computing infrastructures with user-friendly workflow systems will
be an essential necessity for the future application of cardiovascular models
towards patient specific models. Using remote communications via internet
to super-computer facilities, one could think about a real time solution for
the estimation of hemodynamical properties and mechanical properties of
the arterial tree.

The assessment of subject-specific parameters of the cardiovascular system
will provide new perspectives for cardiovascular research. In fact, such models
could be employed to better understand the effect of hypertensive drugs or
could be used to predict their effects and thus provide useful information to
identify the more appropriate drug to administer.
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Appendix A

Averaging of measured
Waveforms

In this appendix is described the process which is used to average wall dis-
tension or blood velocity waveforms measured over few heartbeats.

Averaging process

Measured waveforms (ECG-triggered) have a different time duration and
therefore cannot be averaged directly. It has been shown that the variability
of the heartbeat duration originates mainly from the diastole period (Chung,
Karamanoglu and Kovács 2004). Stretching the waveform to the average
time period would produce unwanted distortion of the waveforms, especially
during systole. To preserve the waveform’s dynamical properties, they are
averaged over the shortest heartbeat period of the data-set and further inter-
polated for the average period, assuming the signal is periodic, see Figure A.1
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Figure A.1: Schematic view of the averaging process



Appendix B

The discrete Karhunen-Loève
expansion

In this appendix, the method based on the discrete Karhunen-Loève expan-
sion, used in Chapter 6 to generate a new data-set of velocity waveform, is
described.

Formulation of Karhunen-Loève expansion

The measured waveforms can be represented as a real stochastic process u
with a mean µ and a covariance matrix Cu such that

u = (u1, u2, ..., xb)
c ∈ [0, δt, · · · , kδt, · · · , (Nt − 1)δt, T ] × [1, · · · , b]

µ = E(u) ∈ [0, δt, · · · , T ]

Cu = E(u− µ)(u− µ) ∈ [0, δt, · · · , T ] × [0, δt, · · · , T ] × [1, · · · , b],

(B.1)

where {Nt = T/δt} with T the duration of one heart beat, δt the sam-
pling time. c denotes the transpose operator and b the number of measured
waveforms {b = 17}. The Karhunen-Loève theorem states that the centered
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process {ũ = u − µ} can be written as

ũ =
Nt∑

k=0

ξk

√
λkσk (B.2)

where ξk are pairwise uncorrelated random variables (Loeve 1978). The vec-
tors {σk ∈ [0 T ]} and scalars λk are the eigenvectors and ordered singular
values of the covariance matrix Cu. Since Cu is symmetrical and nonsingular,
it has Nt eigenvalues {λ1, λ2, ..., λNt

} (Grim 1986, Schenk and Schuëller 2005)
and the corresponding eigenvectors σk that can be chosen to be orthogonal
such that

Cu = ΣΛΣT (B.3)

with
Σ = (σ1, σ2, ..., σNt

); σT
i σj = δi,j , (B.4)

with δi,j is the Kronecker symbol and

Λ =




λ1 0 · · · 0
0 λ2 0
...

. . .
...

0 0 · · · λNt


 ; (λ1 ≥ λ2 ≥ · · · ≥ λNt

). (B.5)

The orthogonal coordinate system Σ is such that the greatest variance by
any projection of ũ comes to lie on the first coordinate vector σ1, the second
greatest variance on the second coordinate σ2, and so on. The algebraic
eigenvalue problem defined in Equation B.2 can be solved by the singular
value decomposition function provided by Matlab (The Mathworks, Inc).

Resampling

The random variable ξk can then be obtained from the following relation

ξk =
1√
λk

ũT σk, (B.6)

The random parameter ξk have been resampled into their interval of variation
to generate a new set of velocity waveform u′ using the first 10 principal
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components such that

u′ = µ +
9∑

k=0

ξ′k
√

λkσk. (B.7)

The variation of the time average velocity was restrained to ±15% corre-
sponding to the measurement uncertainty.
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Summary

On the clinical estimation of the hemodynamical and

mechanical properties of the arterial tree

Cardiovascular diseases are the major cause of death globally, thus, a reliable
estimation of the risk on cardiovascular diseases is essential. Arterial stiff-
ness is an independent predictor of cardiovascular risk. It can be assessed in
clinical practice either locally, from arterial distensibility, or globally (aver-
aged over an arterial segment), from the velocity of the blood pressure wave.
However, arterial stiffness differs between arteries and increases towards the
peripheries. Furthermore, the current methods neglect the complex hemo-
dynamic phenomena governing the blood pressure and blood volume flow in
the arterial system.

The aim of the present research is to develop a strategy to estimate dis-
tributed arterial mechanical properties for (parts of) the arterial tree. For
that purpose, ultrasound measurements of blood velocity and change in vessel
wall diameter at multiple locations are combined with the results of subject
specific computational fluid dynamics simulations to compose a comprehen-
sive model of the hemodynamic, e.g. in a limb.

Lumped parameter or one dimensional wave propagation models are applied
to study the complex wave propagation phenomena in the arterial system.
However, since the mechanical properties of the arterial wall are required
as model input, these models cannot be used to directly estimate arterial
stiffness. Nevertheless, the arterial mechanical properties can be estimated
in a reverse process, in which the model output, expressed by the blood vol-
ume flow and blood pressure waveforms, is compared with the corresponding
measurements. Input parameters are then optimized until the best fit is ob-
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tained between measured and simulated blood volume flow and blood pres-
sure waveforms. This approach yields a distributed arterial stiffness along
the arterial tree.

In this research the approach described above is applied to the arm arterial
tree. The model input consists of the blood volume flow waveform in the
brachial artery. To obtain the required model input and initial parameter
values as well as the measurements needed in the fitting process, accurate es-
timates of the arterial wall distension and blood volume flow are required at a
limited number of locations along the arterial tree. Blood volume flow can be
estimated from measured blood velocity and lumen diameter. In Chapter 2,
the blood volume flow estimation methods based on Poiseuille (parabolic
profile) and Womersley were compared. It is shown that, compared with
Womersley, blood volume flow estimation assuming Poiseuille profiles signif-
icantly underestimates the dynamical properties of the blood volume flow
waveform. However, Womersley profiles are only valid for long and straight
arteries with a symmetric velocity distribution across the lumen. Therefore,
in Chapter 3 an alternative method for blood volume flow estimation is pre-
sented, which can also deal with an asymmetric velocity distribution and,
hence, can be applied in curved arteries. The new method is based on the
integration of the axial velocity distribution across an artery. It is demon-
strated that this method gives a better approximation of the blood volume
flow waveform than methods based on Poiseuille or Womersley profiles.

Based on multiple ultrasound measurements and a subject specific wave prop-
agation model, an optimization scheme was developed to estimate the dis-
tributed arterial mechanical properties in the arm. A fitting procedure, based
on local sensitivity indexes, has been developed in Chapter 4. The estimated
arterial Young’s moduli, for 6 volunteers, range from 1.0 to 6.0 MPa with an
average of (3.8 ± 1.7) MPa for the brachial artery and from 1.2 to 7.8 MPa
with an average of (4.8 ± 2.2) MPa for the radial artery. The good match
between measured and simulated waveforms and the realistic stiffness pa-
rameters indicate good in-vivo suitability.

The proposed patient-specific modelling requires many in-vivo measurements
implying long measurement times. It would be of great interest to identify
those input parameters that have the largest impact on the optimization
protocol. For that purpose, in Chapter 5 a Monte-Carlo study, constructed
with 3000 model evaluations, has been performed. This resulted in estimates
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for the global sensitivity indices of a large number of parameters in a wide
range of input and output values. The sensitivity indices suggest that the
majority of the input parameters are significantly influencing the output,
with the Young modulus (E) having the largest influence and the arterial
lengths the lowest. The results suggest that imaging techniques with high
temporal and spacial resolution should be preferred.

We can conclude that the reverse modelling method, employing a combina-
tion of a wave propagation model and specific ultrasound measurements, is
suitable to estimate the distributed arterial mechanical properties. However,
to achieve clinical applicability, the optimization scheme needs some improve-
ment by a further reduction of measurement uncertainties or the inclusion of
measurement uncertainty in the fitting procedure.

We can conclude that the reverse modelling method, employing a combina-
tion of a wave propagation model and specific ultrasound measurements, is
suitable to estimate the distributed arterial mechanical properties. However,
to achieve clinical applicability, the optimization scheme needs some improve-
ment by a further reduction of measurement uncertainties or the inclusion of
measurement uncertainty in the fitting procedure.
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Samenvatting

Hart- en vaatziekten zijn een belangrijke oorzaak van overlijden en ernstige
ziekte. Indien men het risico op hart- en vaatziekten zou kunnen inschatten,
dan zou men in een vroeger stadium preventieve maatregelen kunnen treffen.
Vaatwandverstijving, blijkt een onafhankelijke schatter te zijn voor de kans
op hart- en vaatziekten. In de kliniek kan men de vaatstijfheid bepalen door
lokaal verandering van de slagaderdiameter onder invloed van de verandering
van de bloeddruk te meten of door de snelheid van de drukgolf over vaatseg-
menten te meten. Echter, ieder type slagader heeft zijn eigen vaatstijfheid;
de vaatstijfheid dicht bij het hart is laag en neemt toe met de afstand tot
het hart. Bovendien negeren de huidige meetmethodes de complexe interactie
tussen bloeddruk, bloedstroom en de eigenschappen van het slagadersysteem.

Dit promotieonderzoek richt zich op het ontwikkelen van een strategie om
de mechanische eigenschappen van de vaatwand te bepalen voor alle slag-
aders in (een deel van) het vaatbed. Daartoe worden op meerdere locaties
de bloedstroomsnelheid in en de diameterverandering van de slagaders op
een niet-invasieve manier met ultrageluid gemeten. Deze meetresultaten en
andere gemeten eigenschappen van het vaatbed (lengte, diameter, vertakkin-
gen) worden vervolgens gebruikt om een persoonseigen model te maken en
het dynamisch gedrag van de bloedstrooming in het vaatbed te simuleren.

Met een lumped parameter of een eendimensionaal golfvoortplantingsmodel
kan de voortplanting van de drukgolf in het slagadersysteem worden bestu-
deerd. Deze modellen zijn kunnen echter niet worden gebruikt om direct
de vaatstijfheid te bepalen, omdat de mechanische eigenschappen van het
vaatbed, dus de vaatstijfheid, nodig zijn als parameter in het model. Men
kan echter wel met het model nagaan of een gegeven combinatie van mecha-
nische eigenschappen voor een gegeven inputconditie (bijvoorbeeld de bloed-
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stroom) op de verschillende locaties een bloedstroom en bloeddruk oplevert
die overeenkomt met de gemeten curves. De systeemparameters worden ver-
volgens zodanig gevarieerd dat de afwijking tussen modelresultaten en geme-
ten waarden geminimaliseerd wordt. Het resultaat van deze benadering is
de vaatstijfheid voor alle posities, en dus niet alleen de meetposities, in het
gemodelleerde vaatbed.

In dit proefschrift wordt de bovenstaande benadering uitgewerkt voor het
slagaderbed in de arm, bestaande uit de armslagader met zijn 2 hoofdtakken
(beide polsslagaders) en een aantal kleinere vaten naar de spieren in de boven-
en onderarm. Als input voor het model fungeert de bloedstroom in de arm-
slagader die in combinatie met de modelparameters resulteert in een bloed-
drukvariatie die zich als een golf door de slagaders voortplant. Voor de
optimalisatieprocedure worden de gesimuleerde bloeddruk en bloedstroom
curves vergeleken met gemeten curves. De bloeddrukvariatie zorgt voor een
diametervariatie (distensie) die met ultrageluid gemeten wordt, waarbij er-
van wordt uitgegaan dat de diameter lineair met de druk verandert. De
bloedstroom volgt uit de gemiddelde bloedsnelheid in combinatie met de
dwarsdoorsnede van het bloedvat. Ook deze worden met ultrageluid geme-
ten. Het is echter moeilijk om met ultrageluid op basis van het Doppler-
principe de gemiddelde bloedsnelheid over de dwarsdoorsnede van een bloed-
vat te bepalen. Daarentegen is het technisch eenvoudig om met ultrageluid
de snelheid in het midden van het vat te meten. In hoofdstuk 2 wordt nage-
gaan hoe men hieruit de gemiddelde bloedsnelheid als functie van de tijd
kan afleiden door enerzijds uit te gaan van Poiseuille stroming (parabolische
snelheidsporfielen) en anderzijds van Womersley profielen). Daaruit blijkt
dat in vergelijking met de Womersley benadering, de Poiseuille benadering
in belangrijke mate de dynamische eigenschappen van de bloedsnelheidscurve
onderschat. De Womersley benadering gaat echter uit van lange rechte vaten
met een symmetrische snelheidsverdeling over de dwarsdoorsnede. Daarom
wordt in hoofdstuk 3 ingegaan op een alternatieve methode voor gekromde
vaten. We hebben aangetoond dat integratie van het gemeten snelheidsprofiel
een correcte schatting oplevert voor de gemiddelde snelheid onafhankelijk van
de oriëntatie van het gemeten profiel in relatie tot het vlak van de slagader-
kromming.

In hoofdstuk 4 wordt een optimalisatieprocedure voor de modelparameters
beschreven, die gebruik makend van herhaalde metingen op enkele posities
en een model voor de golfvoortplanting, een schatting oplevert voor de vaat-
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stijfheid op alle posities in het arm vaatbed. Een belangrijke parameter voor
de mechanische eigenschappen van de bloedvatwand is de Young’s modulus.
Deze is geschat voor 6 jonge, gezonde vrijwilligers. Voor de armslagader bleek
de Young’s modulus uit te komen op 3.8±1.7 MPa terwijl de polsslagader een
geschatte Young’s modulus had van 4.8 ± 2.2 MPa. De goede overeenkomst
tussen de gemeten en gesimuleerde curves (bloeddruk en bloedsnelheid) en
de realistische waarden voor de vaatstijfheid tonen aan dat de beschreven
methode goed functioneert.

Voor de bovenstaande procedure zijn echter een groot aantal metingen op
verschillende plaatsen nodig, waardoor de meetsessie onacceptabel lang kan
worden. Men zou het meetprotocol efficiënter kunnen uitvoeren als bekend
is welke parameter de grootste invloed op de optimalisatieprocedure heeft.
De Monte Carlo studie in hoofdstuk 5, gebaseerd op 3000 model evaluaties
met een brede verdeling van de input- en outputwaardes, leverde voor elke
systeemparameter een gevoeligheidsindex. Uit deze gevoeligheidsindices kan
men afleiden dat de outputvariatie in belangrijke mate veroorzaakt wordt
door de gebruikte ultrageluidstechniek: een verdere verbetering van de reso-
lutie is een belangrijke voorwaarde voor een betrouwbare modeloutput.

In hoofdstuk 6 wordt daarom geconcludeerd dat de omgekeerde schattingspro-
cedure, zoals beschreven in dit proefschrift, geschikt is om de mechanische
eigenschappen van het vaatbed voor een willekeurige plaats af te leiden uit
een beperkt aantal ultrageluidsmetingen in combinatie met een model voor
de golfvoortplanting. De optimalisatieprocedure moet, en kan, verder verbe-
terd worden zodat deze minder gevoelig is voor meetonzekerheden en geschikt
wordt voor toepassing in de klinische praktijk.
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Résumé

De nos jours, les maladies cardiovasculaires représentent la cause majeure de
mortalité dans le monde, il est donc devenu essentiel d’évaluer d’une manière
fiable les risques cardiovasculaires. L’élasticité artérielle est un facteur de
risque cardiovasculaire indépendant qui peut être évalué localement à partir
de la distension artérielle, ou globalement (moyenné sur un segment artériel) à
partir de la vitesse de propagation de l’onde de pression sanguine. Cependant,
la rigidité artérielle varie en fonction des artères et augmente en direction
des membres périphériques. De plus, les méthodes employées actuellement
ne tiennent pas compte de la complexité des phénomènes hémodynamiques
qui sont à l’origine du flux et de la pression sanguine dans le système artériel.

L’objectif des recherches présentées dans ce mémoire est de développer une
stratégie qui permette d’estimer les propriétés mécaniques des artères d’une
manière continue le long de l’arbre artériel. Pour cela, des mesures ultra-
soniques du flux sanguin et de la distension artérielle, obtenues à plusieurs
endroits, sont combinés à des simulations numériques des fluides.

En effet, des modèles de propagation d’ondes à paramètres distribués ou à une
dimension peuvent être utilisés afin d’étudier les phénomènes complexes de
propagation d’ondes dans le système artériel. Ces modèles ne peuvent cepen-
dant pas être utilisés de manière directe afin d’estimer la propriété mécanique
des artères puisque celle-ci constitue une entrée pour ces modèles. Toutefois,
leurs sorties, constituées du flux et de la pression artériels, peuvent être em-
ployées pour estimer les propriétés mécaniques des artères d’une manière in-
verse en faisant cöıncider les sorties du modèle aux mesures correspondantes.
Les paramètres d’entrée sont optimisés jusqu’à ce que la meilleure correspon-
dance entre le flux et la pression sanguine mesurés et simulés soit obtenue.
Ce processus mène finalement à l’estimation de la propriété mécanique des
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artères d’une manière continue.

Dans ce mémoire, le procédé décrit ci-dessus est appliqué à l’arbre artériel
du bras, le flux sanguin de l’artère brachiale constituant l’entrée du modèle.
Afin d’obtenir les paramètres utilisées par le modèle numérique ainsi que les
mesures essentielles au processus d’optimisation, une estimation précise de
la distension artérielle et du flux sanguin est nécessaire à plusieurs positions
le long de l’arbre artériel du bras. Le flux sanguin peut être estimé à par-
tir de la vitesse de l’écoulement sanguin mesuré in vivo. Dans le second
chapitre, les méthodes d’estimation du flux sanguin basées sur les profils de
vitesse de Poiseuille et de Womersley ont été comparés. Il y est montré que,
comparé à Womersley, le flux sanguin obtenu avec les profils de Poiseuille
sous-estime significativement les propriétés dynamiques de la courbe de flux
sanguin. Cependant, les profils de Womersley ne sont seulement valides que
pour de longues et rectilignes artères pour lesquelles le profil de vitesse est
symétrique par rapport au centre du vaisseau. C’est pourquoi une méthode
alternative qui peut être employée pour des profils de vitesse asymétriques
et, de ce fait, qui peut-être appliquée à des artères légèrement courbes est
présentée dans le troisième chapitre. Il est établi que cette nouvelle méthode
d’interpolation offre une meilleure approximation de la courbe de flux sanguin
que les méthodes basées sur les profils de Poiseuille ou de Womersley.

Basé sur de multiples mesures ultrasoniques ainsi qu’un modèle de propaga-
tion d’onde adapté spécifiquement au sujet étudié, un procédé d’optimisation
a été développé dans le quatrième chapitre afin d’estimer la propriété méca-
nique du système artériel du bras. Ce procédé d’optimisation a été développé
à partir des indices de sensitivité locaux des paramètres du modèle. Il en
résulte une estimation du module d’élasticité de Young pour les 6 volon-
taires, compris entre 1 et 6 Mpa pour une moyenne de (3.8±1.7) Mpa l’artère
brachiale et entre 1.2 et 7.8 MPa pour une moyenne de (4.8 ± 2.2) Mpa à
l’artère radiale. La concordance entre les courbes mesurées et les courbes
simulées ainsi que le réalisme des valeurs obtenues pour l’estimation de la
rigidité artérielle indiquent une bonne viabilité de la méthode présentée pour
de futures études in vivo.

La modélisation personnalisée du système artériel nécessite de nombreuses
mesures effectuées in vivo et, de ce fait, implique une longue séance de
mesure. Il serait très intéressant d’identifier les paramètres d’entrées du
modèle qui influencent le plus les sorties afin de pouvoir optimiser le pro-
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tocole de mesure. Dans cet objectif, une étude de Monté-Carlo, construite
avec 3000 évaluations du modèle, a été réalisée et est présentée dans le cin-
quième chapitre. Des indices de sensitivité globaux ont été obtenus pour
des variations des paramètres d’entrées correspondants aux incertitudes de
mesures. Il en ressort que la majorité des paramètres d’entrées influencent
significativement les paramètres de sortie, le module de Young ayant la plus
forte influence et la longueur des artères la plus faible. Les résultats de cette
étude suggèrent que des techniques d’imagerie à haute résolution temporelle
et spatiale doivent être préférées.

Nous pouvons conclure que la méthode inverse basée sur un modèle de propa-
gation d’ondes avec plusieurs mesures ultrasoniques est une méthode appro-
priée afin d’estimer la propriété distribuée des artères. Cependant, pour
une application clinique, le schéma d’optimisation doit être amélioré afin de
prendre en compte les incertitudes liées aux mesures.
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