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a b s t r a c t

To estimate arterial stiffness, different methods based either on distensibility, pulse wave velocity or a
pressure-velocity loop, have been proposed. These methods can be employed to determine the arterial
mechanical properties either locally or globally, e.g. averaged over an entire arterial segment. The aim of
this study was to investigate the feasibility of a new method that estimates distributed arterial mechan-
ical properties non-invasively. 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 mea-
surements 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 range 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
average 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.

© 2010 IPEM. Published by Elsevier Ltd. All rights reserved.

1. Introduction

Arterial stiffness, S, is an independent predictor of cardiovascu-
lar risk at an early stage [1] and is increasingly assessed in clinical
practice [2–6].

To study the relations between arterial properties such as arte-
rial stiffness and parameters such as blood pressure and blood
volume flow (BVF), lumped parameter [7–11] or one-dimensional
wave propagation models [12–16] can be used. The wave propa-
gation 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 mod-
els 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 vol-
ume flow waveforms [15,17,18]. Furthermore, wave propagation
models were successfully employed to simulate the effects of (sur-
gical) interventions [19] or predict the effect of pathophysiological
conditions.
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University of Technology, PO Box 513, WH 4.33, 5600 MB Eindhoven, The Nether-
lands. Tel.: +31 40 247 40 60; fax: +31 40 244 7355.
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Wave propagation models cannot be used to estimate arterial
stiffness directly, since arterial diameters, wall thicknesses and
arterial wall mechanical properties like the Young’s modulus are
required as input. However, the model output, expressed in the BVF
and blood pressure waveforms, can be employed to estimate arte-
rial mechanical properties in a reverse process comparing model
output with the corresponding measurements. Input parameters
(including the arterial mechanical properties) are optimized until
the best fit between measured and simulated BVF and blood pres-
sure waveforms is obtained.

For the measurements required for such reverse method, ultra-
sound is the favorable imaging tool. Both perpendicular echo
M-mode and oblique Doppler measurements can be performed
with a high temporal resolution, to determine the vessel wall
distension waveform and centerline blood velocity, respectively
[20]. Then, scaling of the measured distension waveform with the
systolic and diastolic blood pressure can be performed to approx-
imate the blood pressure waveform. Furthermore, BVF can be
obtained from the centerline velocity using Womersley profiles
[20].

An initial estimate of the arterial stiffness is also required. Sev-
eral methods have been proposed to estimate arterial stiffness
non-invasively. Most commonly, the arterial stiffness is assessed
locally from the time average vessel radius, ā, and the linearized
vessel wall distensibility, D0. The distensibility D0 is defined as the
ratio between the linearized compliance C0 and the time average

1350-4533/$ – see front matter © 2010 IPEM. Published by Elsevier Ltd. All rights reserved.
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Fig. 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.

cross-sectional area Ā:

D0 = 1

Ā

�A

�p
= C0

A
, with C0 = �A

�p
, (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 behaviour, arterial
stiffness S can be defined as the product between the Young’s mod-
ulus, E, and the time average vessel wall thickness, h̄, and can be
calculated from the following relation [11]:

S = Eh̄ = 2[(2ā2(1 − �2))/h̄ + (1 + �)(2ā + h̄)]

D0((2ā/h̄) + 1)
, (2)

Herein � is the Poisson ratio. When the wall thickness, h̄, is an order
of magnitude smaller than the radius ā, the following thin-walled
tube formulation is obtained:

S ≈ 2ā(1 − �2)
D0

. (3)

This relation is usually applied to common carotid, femoral or
brachial arteries to derive a local arterial stiffness [4,21,22]. For
all these arteries, the local pulse pressure is assumed to equal the
brachial pulse pressure �p. The radius ā and �A can be assessed
using an ultrasound scanner.

For arteries that are not accessible by ultrasound, an alterna-
tive method based on the global pulse wave velocity, c0, can be
employed. In the so-called pulse wave velocity (PWV) method,
pressure waveforms obtained with applanation 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 Fig. 1A). Alternatively for the common
carotid artery the dicrotic notch can be chosen as reference point
[23]. 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 thin-walled tube assum-
ing that the vessel wall behaves linear elastically, isotropically and
incompressibly:

D0 ≈ 1

�c2
0

, with c0 = �l

�t
, (4)

with � the blood density. Next, either (2) or (3) can be used to
estimate an average S over the arterial segment. Most commonly,
the PWV is estimated between the carotid and femoral arteries, or
between the brachial and radial arteries.

An alternative method, developed by Parker and Jones [24], is
based on the pressure-velocity-loop (PU-loop) and requires the

simultaneous assessment of the mean blood flow velocity 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 rela-
tion between p and u is linear (see Fig. 1B). The PWV, c0, is then
estimated from the slope of the PU-loop, with:

c0 = 1
�

dp

du
. (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 systolic and diastolic blood pressures
assuming a linear pressure–area relationship [25]. 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 distensibil-
ity method reflects the arterial mechanical 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 tra-
jectory whereas stiffness differs between arteries and increases
towards the peripheries [26]. Finally, for both PWV and PU-loop
methods, hemodynamic viscous forces and pressure wave reflec-
tions 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 propa-
gation model, as developed by Bessems et al. [13], in combination
with several independent ultrasound and blood pressure measure-
ments.

An estimate of the distributed arterial properties along each
arterial segment is obtained whereas other techniques are pro-
viding 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 phenomena.

We focus on the estimation of the mechanical properties of the
arteries of arm because these arteries are frequently subject of
medical investigations [27–29]. 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 from the arm pit until the wrist, enabling the estimation of
vessel wall distension and BVF at several sites.
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Fig. 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.

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

In the first part of this paper, the protocol for the in vivo ultra-
sound measurements 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.

2. Materials and methods

2.1. In vivo measurements

2.1.1. Measurement protocol
This study involved a group of six healthy and non-smoking

young male volunteers. Their average age was 25 years (range
21–34), their average weight 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 pro-
vide 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 Fig. 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 posi-
tion. The distance of the measurement location to the bifurcation
was measured on the body surface using a tape measure.

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

2.1.2. Wall distension and blood volume flow estimations
The ultrasound measurements were performed using an

ultrasound system (Ultramark 9 plus, Advanced Technology Lab-
oratories, Bellevue, WA, USA) equipped with a linear array probe
(7.5 MHz) set in M-mode for wall distension assessment, and with

a curved-array transducer (5–9 MHz) activated in a wide-band M-
mode with a high pulse-repetition frequency of 10 kHz for blood
velocity assessment [30].

The distension waveform was obtained off-line with a propri-
etary radio-frequency acquisition system [31]. To obtain blood flow
velocities, a cross-correlation function was applied to short radio-
frequency data segments [32]. Each velocity estimate is based on
half overlapping data segments corresponding to 300 mm in depth
and 10 ms in time. In this way, instantaneous time dependent veloc-
ity profiles along a single line of observation are obtained.

The blood flow velocity 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 [33,34], 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
[20,35] and a time average radius ā from the distension waveform.

2.1.3. Measurement variability
To quantify the repeatability of the measurements, the variabil-

ity of the measured parameters was investigated. The intra- and
inter-subject variability, �m and �g, were obtained.

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

�m =

√√√√√
∑

v

∑
m

(Xv,m − X̄v)
2

∑
v(Mv − 1)

, (6)

with Xv,m the value for volunteer � of measurement m and X̄v 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 �g, which is defined
as

�g =

√∑
v(X̄v − X̄)

2

N − 1
, (7)

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

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

Distensibility, PWV, and PU-loop methods were employed to
obtain an initial estimate for E, using (2). The distensibility method
was applied to the wall distension measurements performed in
the BA, where the local pulse pressure follows from the differ-
ence between the measured Ps and Pd and �A from the distension
waveform. The PWV method was applied to the distension wave-
forms 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.

2.2. The wave propagation model

The wave propagation model used in this paper has been devel-
oped by Bessems et al. [13], and is validated experimentally in a
subsequent study [18]. 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.
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The governing equations were solved applying a spectral element
method.

The arterial wall was modeled as a thick-walled linear elas-
tic material according to (2) and arteries were terminated by a
3-element Windkessel model [36].

2.3. Initial model parameterisation

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

2.3.1. Model geometry
The three main arteries of the arm were represented by the BA

bifurcating into the RA and UA, see Fig. 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 Fig. 2.

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

ā(z) = āz0 exp(−˛āz), (8)

with āz0 the radius at z = 0, and ˛ā the tapering factor. This definition
holds for an arterial segment without bifurcation [10,26,37].

To define diameters at bifurcations, the time average wall shear
stress, �̄, 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
[38,39]:

a3
m = a3

d1
+ a3

d2
. (9)

Eqs. (8) and (9) are applied to the BA, RA and UA. The obtained
system of 4 equations with 4 unknowns is then solved to determine
the tapering factor ˛a.

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, �̄ is defined as

� = 4	q̄


ā3
, (10)

with q̄ the time average BVF and 	 the blood viscosity chosen equal
to 4 × 10−3 Pa s [40]. 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 �̄
constant, the following relation could then be used:

a3
s = 0.15a3

m, (11)

with as and am the radius of the side branch and the mother artery,
respectively.

2.3.2. Arterial wall properties
Since arterial stiffness increases toward the peripheries, an

exponential model is used to describe the Young’s modulus, E, that

Fig. 3. End-segment 3-element Windkessel model composed of a characteristic
impedance Z0, an end-resistance Rv and a compliance Cv .

can be expressed as

E(z) = E0 exp(−˛Ez), (12)

with E0 the proximal Young’s modulus and ˛E a stiffening factor
[26,37].

The arterial wall thickness, h̄, could not be estimated accurately
from the measurements, thus a standard ratio between h̄ and the
mean radius ā of 15% has been used for the BA, and 20% for the
RA and UA [41–43]. The wall thickness is thus not fitted together
with the other parameters, but explicitly chosen. As Eh is the arte-
rial stiffness, this could influence the estimations of the Young’s
modulus.

2.3.3. 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 Windkessel model composed of a characteristic
impedance Z0, an end-resistance Rv and a compliance Cv (Fig. 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

. (13)

Herein, Rvj
is the end-resistance, Z0j

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

Time constant �C is defined as �C = 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
=

√
�hEj

2
2(1 − �2)ā5
j

, (14)

with L0 = �/(
ā2
j
) being the local inertance, C0 the local compliance

assuming a thin-walled tube, āj 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

. (15)

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

R = p̄

q̄
. (16)

The time average pressure p̄ is estimated from the wall distension
waveform at the BA, scaled with Ps and Pd to obtain a blood pressure
waveform [25]. 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
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Fig. 4. The reverse method fitting scheme with x̃, x, xe , the initial, current and final
estimates of the input parameters, respectively; ys and ym are the simulated and
measured output parameters; qi is the input blood volume flow; εy is the current
error in output parameters and εx is the correction value for the input parameters.

to the third power of the radius āj:

Rj = p̄

q̄

∑
a3

0j

a3
0j

. (17)

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 ˛E, the time constant �c, and the characteris-
tic impedance factor KZ0 . It is assumed that the vessel length and
radii are measured accurately. Therefore the length, radii and the
wall thickness, defined as a function of the radii, are fixed and not
modified during the fitting procedure.

2.4.1. 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
model input. The influence of the input parameters, R, E0, ˛E, �C
and KZ0 was investigated for the following output parameters that
reflect the main characteristics of the pressure waveforms:

• the time average pressure p̄;
• 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 Fig. 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 parameter yk to input parameter xi,
and is defined as

Ii,k = ∂yk

∂xi

xi

yk
, (18)

with

∂yk

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

�xi
. (19)

2.4.2. Fitting process
Based on the sensitivity indices, simple fitting rules are applied

to determine the input parameter set yielding the best fit between
the measured and simulated data. A reversed method is used to
iteratively minimize the difference between measured ym and sim-
ulated ys output parameters by optimizing the input parameter xi,
see Fig. 4. For the input x and the output y, the correction value for
the input parameter, �x (in %), is estimated from the error in output

Table 1
Group average, inter-subject variability �g and intra-subject variability �m of the
arterial radius (ā), the distension (�a), the time average blood volume flow (q̄) 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 �g �m

Ps [mmHg] 119 ±14 ±4
Pd [mmHg] 67 ±8 ±5
āb [mm] 2.3 ±0.3 ±0.1
ār [mm] 1.2 ±0.3 ±0.2
āu [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
q̄ [ml/min] 41 ±26 ±10
Q [ml/min] 288 ±116 ±42

parameters �y (in %) and the sensitivity index I (Eq. (18)):

εx = εy

I
. (20)

The results from the local derivative are used to predict the behavior
of the model and thus to define the fitting steps. Those output vari-
ables that only depend on one input parameter are fitted first. The
procedure is repeated until adjusting parameters no longer results
in better fits.

The input parameters R, E0, ˛E, �c and KZ0 are optimized. The
estimates of E0 obtained from the reverse method are compared
to the ones determined by the distensibility, PWV, and PU-loop
methods.

3. Results

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 1. The
group average Ps and Pd equal (119 ± 14) and (67 ± 8) mmHg, with
an intra-subject variability �m of 4 and 5 mmHg, respectively. The
group average radii equal (2.3 ± 0.3) and (1.2 ± 0.3) mm, with a
group average relative distension of (2.1 ± 1.6)% and (1.2 ± 0.5)%
for the BA and RA, respectively. The inter- and intra-subject vari-
abilities are small for the radius measurements but relatively large
for the distension measurements. The time average BVF and max-
imum BVF in the BA are (41 ± 26) and (288 ± 116) ml/min with an
intra-subject variability of 10 and 42 ml/min, respectively.

3.2. Initial parameter estimates

The Young’s modulus is estimated using the distensibility (2),
PWV (4) and PU-loop methods (5). As can be seen in Fig. 5, the
estimates exhibit a wide variation due to measurement errors
whereas differences between 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 methods as initial guess
for the Young’s modulus. The variation in the Young’s modulus is
in the order of 20% when the thin-walled tube approximation (3)
is used instead of thick walled one (2).

The measured parameters used for the fitting process exhibit
large uncertainties, see Table 2.
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Fig. 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.

3.3. Sensitivity analysis

The sensitivity indices obtained from the sensitivity analysis are
presented in Fig. 6. Each index represents the percentage increase
of the output parameter for a % increase in the input parameter. To
enable an easier interpretation of the effect of the stiffening factor
˛E, 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 p̄ only depends

on R. The compliance C0 is regulated solely by E0. Thus, both p̄
and C0 can easily be set to the measured value by fixing R and E0,
respectively.

Table 2
Uncertainty in % of the measured time average pressure p̄, pulse pressure �p, pres-
sure time derivative ṗ, compliance C0, transit time �t and distension �A for the 6
volunteers (A–F). The indices r and u refer to the RA and UA.

p �p ṗ C0 �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% ±24% ±3% ±4% ±62% ±7%

The pulse pressure �P, is influenced by R, E0, �C and KZ0 . Because
we do not want to modify E0 and R, since they have been already
used to set p̄ and C0, only �C and KZ0 will be used to fit �p. Subse-
quently, the stiffening factor ˛E is used to fit �Ar and �Au.

Following these four rules, all five input 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 parameters �tr and ṗ can be
used to refine the estimate of KZ0 and E0 and obtain an optimized
fit.

The fitting strategy is summarized by the following steps:

1. p̄ is set by fixing R.
2. C0 is set with E0.
3. �p is fitted by controlling �t and Z0.
4. �Ar and �Au are regulated with ˛E.
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 parameters for each of the volunteer. For
each volunteer, around 20 iterations of the model were needed to
obtain the best fit.
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Fig. 6. Sensitivity index Ii,k representing the percentage increase of the output parameter for 1% increase in the input 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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Table 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 dis-
tension �A for the 6 volunteers (A–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% −50%
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%

3.4. Results of the fitting

A good fit is obtained between the in vivo measured and simu-
lated BP waveforms at the BA, RA and UA for the 6 volunteers, as
illustrated in Fig. 7. The BVF, measured distal in the BA for the vol-
unteers A, B and F, can be approximated well by the simulated BVF;
see Fig. 8. The differences between the assessed parameters �p, ṗ,
C0, �tr, �tu, �Ar and �Au are displayed in Table 3. A physiologi-
cally realistic brachial to radial pulse pressure amplification index
of (16 ± 5)% is obtained.

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 Fig. 5. The
obtained values for the model parameters E0, Er, KZ0 , �C and R are
depicted in Table 4. The Young’s modulus either remains constant
or increases towards the distal part of the model. The time constant
�C is between 0.5 and 2.2. The characteristic impedance factor KZ0
ranges from 0.5 to 1.0.

4. Discussion

To estimate arterial mechanical properties, different meth-
ods, 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 mechan-
ical 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. [13] with several independent ultrasound and blood
pressure measurements.

The in vivo measured radius, distension and distensibility pre-
sented in this study are comparable with the ones obtained in other
studies [42,44,45]. Regarding the Young’s modulus estimates, large
differences are observed between the results derived with the dis-
tensibility, PWV and PU-loop methods. With a group average of
(3.5 ± 1.3) MPa, the results obtained in this study with the dis-
tensibility method are comparable to the group average Young’s

Table 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 �C and the
total resistance R.

Eb [MPa] Er [MPa] KZ0 �c [s] R [GPa s/(m3)]

A 4.5 0.5 0.6 13
B 4.0 5.4 1.0 0.5 9
C 6.0 6.0 0.85 0.8 30
D 3.0 3.6 0.9 1.4 45
E 4.0 7.8 0.8 1.0 54
F 1.0 1.2 0.5 2.2 11

modulus of (3.3 ± 2.4) MPa obtained by Mourad et al. from brachial
distensibility for healthy volunteers [43], and the group average of
(2.2 ± 1.5) and (1.9 ± 1.5) MPa obtained by Dammers et al. in the
BA for healthy men and women, respectively [44]. For the PWV
method, the derived Young’s modulus ranges from 0.8 to 1.2 MPa
corresponding 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 vari-
ability. Employing the PU-loop method, Zambanini et al. obtained
a PWV of (7.0 ± 0.6) m/s in the BA [46]. However, in the current
study, the same method lead to extraordinary high velocities (up
to 35 m/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. For the initializa-
tion of the input parameters only the estimates for the Young’s
modulus obtained with the distensiblity and the PWV methods
were used.

The PWV and PU-loop methods neglect the hemodynamic vis-
cous forces, whereas the arteries of the arm tree have a small
diameter and therefore viscous forces in these arteries will be rel-
atively large compare to large arteries like the aorta. Furthermore,
the pressure signal is assumed to be reflection free during the sys-
tolic period, however in this study, it was found that the pressure
reflections coming from the peripheral bed (related to the charac-
teristic 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 prop-
agation model, large differences were found between the estimated
Young’s modulus and the Young’s modulus used for the simula-
tions (results not shown). This implies that indeed the assumptions
behind the PWV and PU-loop method lead to a bias in the esti-
mates. Besides, PWV and PU-loop methods are strongly influenced
by measurement errors, see Fig. 5, leading to large uncertainties.

Contrary to previous methods, the reverse method presented in
this paper relies on a physiological, one-dimensional wave prop-
agation model, which takes into account hemodynamic viscous
forces, pressure wave propagation and reflection phenomena that
originate from transitions in arterial stiffness, the presence of bifur-
cations, arterial lumen tapering and the periphery. Furthermore,
several independent ultrasound measurements of vessel wall dis-
tension and blood flow velocity as well as systolic and diastolic
blood pressure measurements 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 Fig. 5.

A fitting procedure based on local sensitivity indexes has been
developed. A good match was obtained between the in vivo mea-
sured 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 measured 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 these measurements were not used for the fitting proce-
dure. 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 distensibil-
ity method ((3.5 ± 1.3) MPa) and the results obtained by Mourad
et al. [43]. The obtained brachial to radial pulse amplification of
(16 ± 5)% is close to the (12 ± 11)% calculated by Verbeke et al.
[29]. These results demonstrate the physiological pertinence of the
results given by our patient specific model. In 2009, Reymond et al.
[15] 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
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Fig. 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.

properties. Hence, we do expect that the reverse method, as pre-
sented 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
[47–51] and non-linear behavior [52] whereas in this study
an incremental linear elastic model is chosen. Inclusion of vis-
cous properties is very well possible but would imply additional

input parameters [53]. Because these parameters cannot easily be
assessed in vivo, input uncertainties will then be added and the
complexity of the fitting process would increase. Furthermore, the
effect of visco-elastic properties is believed to be small for large
arteries [50,51]. At high pressures the arterial wall significantly
stiffens as elastin fibers are stretched completely [54], and the role
of collagen fibers becomes increasingly important. However, under
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Fig. 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.

normal physiological conditions, the elastin fibers mainly carry the
load and non-linearities in mechanical behavior are less signifi-
cant an linearization by means of an incremental linear model is
assumed to be allowed. Consequently, for the present study the
viscous and non-linear properties of the arterial wall are ignored.

The measurements used in this study are constrained 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 differ-
ences between the measured and simulated parameters remain,
see Table 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 simultane-
ous 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 sensitiv-
ity analysis [55] could be applied to identify the input parameters
that influence 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 [10,26,37]
and Murray’s law at the bifurcations [38,39]. Unfortunately, it was
not possible to compare the derived geometry to a patient spe-
cific geometry. Magnetic resonance imaging might be employed to
determine arterial segment lengths for those parts the current spa-
tial resolution allows accurate estimation of the arterial diameter
[56].

The local sensitivity analysis demonstrates a complex relation-
ship 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. A global sensitivity analysis [55] or paramet-
ric uncertainty analysis [57] could help to understand the model’s
response to changes in input parameters in a wide range. The results
of such a study could improve the fitting procedure towards a more
automatic approach utilizing optimization algorithms [58]. For
example, Masson et al. employed nonlinear Levenberg-Marquardt
least squares minimization to identify local arterial wall properties
[59] while Liauh et al. used the adjoint method [60,61] for hyper-
thermia problems during cancer treatment [62]. Unfortunately,
optimization methods require a large number of simulations. To
apply such methods to the presented wave propagation model,
large computational facilities like grids are necessary to keep the
simulation time realistic [63].

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 propaga-

tion 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 wave-
forms.
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