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SUMMARY

The objective of the study is to investigate numerically the fluid-structure interactions (FSI) in a patient-
specific arteriovenous fistula (AVF) and analyze the degree of complexity that such a numerical simulation
requires to provide clinically relevant information. The reference FSI simulation takes into account the non-
Newtonian behavior of blood, as well as the variation in mechanical properties of the vascular walls along
the AVF. We have explored whether less comprehensive versions of the simulation could still provide rele-
vant results. The non-Newtonian blood model is necessary to predict the hemodynamics in the AVF because
of the predominance of low shear rates in the vein. An uncoupled fluid simulation provides informative
qualitative maps of the hemodynamic conditions in the AVF; quantitatively, the hemodynamic parameters
are accurate within 20% maximum. Conversely, an uncoupled structural simulation with non-uniform wall
properties along the vasculature provides the accurate distribution of internal wall stresses, but only at one
instant of time within the cardiac cycle. The FSI simulation advantageously provides the time-evolution of
both the hemodynamic and structural stresses. However, the higher computational cost renders a clinical use
still difficult in routine. Copyright © 2013 John Wiley & Sons, Ltd.

Received 14 November 2012; Revised 24 July 2013; Accepted 14 August 2013

KEY WORDS: arteriovenous fistula; fluid-structure interactions; hemodynamics vessel wall internal
stresses

1. INTRODUCTION

Hemodialysis is conducted in patients with end-stage renal disease in order to filter blood waste
products and compensate for the ill-functioning kidneys. To enable hemodialysis, a partial extracor-
poreal circulation needs to be set up toward the artificial kidney. It requires a permanent vascular
access that is easily available for a repeated use and that provides a blood flow larger than 500
ml�min�1 [1, 2]. The most standard technique is to create in the arm an arteriovenous fistula (AVF)
by connecting a vein onto an artery (e.g., the cephalic vein onto the radial artery in the case of an
end-to-side AVF) [3]. Subjected to arterial pressure, the vein gets arterialized after 3 to 6 months
[4]. Once mature, the fistula behaves as a low resistance, high compliance pathway between the high
pressure arterial system and the low pressure venous system [3].

The lifespan of an AVF is limited from a few days to about 10 years because of the onset of com-
plications [3]. Some complications may affect directly the AVF, such as atherosclerotic plaques,
stenoses, or aneurysms [3, 5]. In practice, the AVF failure is caused by an insufficient or excessive
blood flow inside the vein, compromising either the hemodialysis procedure [6] or the cardiac load.
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Hemodynamics plays an important role in the evolution and long-term efficiency of the AVF [6].
Non-invasive in vivo hemodynamic measurement techniques, such as echo-Doppler, can provide
averaged velocity values [7] but neither velocity profiles nor wall shear stresses (WSS ). The hemo-
dynamics inside patient-specific fistula has previously been investigated through CFD simulations
[8–10]. These studies have provided a comprehensive knowledge of the spatial and temporal distri-
bution of the hemodynamics inside the AVF and shown direct correlations between altered WSS
patterns and local vessel damages. They, however, assume the vascular wall to be rigid, which is not
the case physiologically. No study has yet investigated the influence of the wall compliance on the
hemodynamics in an AVF.

Over the last years, quite a few numerical models simulating the fluid-structure interactions (FSI)
in the cardiovascular system have otherwise been developed ([11–17] among others). They are per-
formed with a three-fold objective: to investigate how hemodynamic factors influence the onset
and progression of cardiovascular diseases, to predict the outcome of surgical interventions, and to
evaluate the effect and efficacy of medical devices [11, 18–22].

Our present objective is to study the influence of the wall compliance on the hemodynamics and
wall mechanics in a patient-specific radio-cephalic AVF. Our goal is to perform the FSI simulation
with one of the numerical software that clinicians could use to evaluate the hemodynamic and struc-
tural conditions within the AVF during the patients’ follow up. For this purpose, we have chosen
to simulate the FSI with the commercial code ANSYS Workbench (ANSYS, Inc.). We have mod-
eled the hyperelastic behavior of the vessel walls as well as the difference in wall thickness and
mechanical properties of the cephalic vein and radial artery.

In a second part of the study, we have analyzed whether it is possible to reduce the computational
time of the simulation in the perspective of translating the numerical tool to clinicians. We have
relaxed independently the different assumptions concerning the material properties and the strong
coupling of the fluid and solid physics and compared the results with those obtained with the more
comprehensive model.

2. MATERIAL AND METHODS

2.1. Patient-specific arteriovenous fistula geometry and meshing

The case of study is a mature end-to-side radio-cephalic fistula. The medical images of the com-
plete AVF lumen have been acquired by CT-scan angiography at the Polyclinique Saint Côme
(Compiègne, France). During the clinical measurements, the patient was at rest in supine position.

The images have been segmented and the complete AVF lumen has been reconstructed following
the method described by Kharboutly et al. [23]. In order to image the artery and the vein during
the same acquisition, a contrast bolus was injected in the patient’s opposite arm. The amount of
contrast agent was dosed to optimize the image contrast and resolution in both vessels. The best
volume reconstruction was obtained by applying a combination of intensity and gradient forces and
a smoothness constraint based on the curvature of the surface. The reconstructed vascular geometry
is shown in Figure 1.

The AVF presents an 80%-stenosis along the proximal radial artery and an enlargement in the
cephalic vein. The artery is 170 mm long and has an internal diameter of 5.95 mm at the inlet and
6.25 mm at the outlet. The outlet venous diameter is 10 mm. The inlet cross-section is denoted S ia
and the outlet ones Soa on the arterial side and Sov on the venous side. Throughout the paper, the
subscript v stands for vein and a for artery.

The fluid mesh is generated using the software T-GRID (ANSYS, Inc.). We first mesh the lateral
surface of the lumen and then generate the volume mesh of the fluid domain. The latter consists of
a hybrid mesh, with seven prismatic cells in the boundary layer and tetrahedral cells in the vessel
core (see [23] for more details on the mesh generation).

The structural part of the vessel wall is then modeled as a monolayer of discrete-Kirchhoff theory-
based shell finite elements. They are four-node linear triangular shell elements. Different thicknesses
have been imposed to the arterial and venous shell elements. Thickness data have been taken from
the literature, as no direct measurement was possible in vivo. We have modeled the vein with a
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Figure 1. Schematics of the vascular geometry. Sia represents the arterial inlet, Soa is the arterial outlet, and
Sov is the venous outlet. Points B and C are the two locations with the highest temporal gradients of wall

shear stresses.

thickness of 0.4 mm, which is typical for a cephalic vein prior to the AVF creation. Indeed, the vein
thickness tends to remain altogether constant during fistula maturation [24]. The arterial thickness
is supposed to be equal to 1/10th of the actual inlet diameter, which is 0.6 mm [25]. The fluid and
solid meshes share the same nodes at the interface.

We have investigated the convergence of the numerical results with the mesh spatial resolu-
tion. The convergence study, reported in Decorato et al.‡, has shown that a maximum mesh size
of 4�10�3 mm guarantees errors below 0.8% both for the maximum velocity magnitude and WSS.
This characteristic mesh size appears as a good compromise between numerical accuracy and com-
putational time. The whole mesh is hence composed of 784� 103 fluid elements and 89� 103 shell
elements for the walls.

2.2. Blood model

Blood is modeled as an isotropic, homogeneous, non-Newtonian fluid. It is assumed to follow
Casson model

p
� D
p
�0C

p
� P� , (1)

where �0 represents the yield stress, P� is the shear rate, and � is the consistency. The Casson model
has been largely used in the literature to model blood rheology [26]. It has been found to provide a
more precise WSS distribution at the vessel walls as compared to the Carreau-Yasuda model [27].
The apparent viscosity � is obtained from Equation (1) and reads

p
�D

r
�0

P�
C
p
�. (2)

The model parameters have been chosen according to experimental data obtained at low shear rates:
�0 D 4�10�3 Pa, � D 3.2�10�3 Pa�s [28]. In Section 4.1, we will compare the results obtained
using Casson blood model with those predicted modeling blood as a Newtonian fluid. Blood density
is set to 1050 kg�m�3.

‡Decorato I, Salsac A-V, Legallais C, Ali-Mohammadi M, Diaz-Zuccarini V, Kharbouthly Z. Impact of the degree of
residual stenosis after balloon-angioplasty in arteriovenous fistulae. Medical & Biological Engineering & Computing
2013
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2.3. Vessel wall properties

We simulate the vessel wall hyperelasticity assuming both the artery and the vein to follow the
3rd -order Yeoh model [29]. The strain energy function  reads

 D C10.I1 � 3/CC20.I1 � 3/
2CC30.I1 � 3/

3C

D1.J � 1/
2CD2.J � 1/

4CD3.J � 1/
6,

(3)

where I1 is the deviatoric first principal strain invariant and J is the Jacobian. The parameters are
the material constants C10, C20, and C30 and the incompressibility parameters D1, D2, and D3.
The vessel wall is assumed to be incompressible (i.e., J D 1). We have differentiated the arterial
and venous mechanical properties in order to correctly model the larger compliance of the artery as
compared to the arterialized vein. The experimental data ([30] for the vein and [31] for the artery)
are fitted with the Yeoh model as shown in Figure 2. The coefficient of determination is equal to
R2 D 0.985 for the artery and 0.985 for the vein. The model constants are provided in Table I.

2.4. Boundary conditions

All the boundary conditions imposed for the fluid and solid domains are summarized in Table II. For
the fluid flow, we impose a time-dependent flat velocity profile V ia at the inlet and time-dependent

Figure 2. Mechanical behavior imposed to the radial artery and cephalic vein. The experimental data have
been taken from McGilvray et al. [30] for the vein and Prendergast et al.[31] for the artery and fitted with a

3rd order Yeoh model.

Table I. Values of the constants of the hyperelastic
3rd -order Yeoh model used for the radial artery and

the cephalic vein.

Constant Artery Vein

C10 0.763�105 Pa 3.784�106 Pa
C20 3.697�105 Pa 5.543�108 Pa
C30 5.301�105 Pa 6.491�109 Pa

Table II. Boundary conditions imposed at the extremities of the fluid and solid
domains (see Figure 1 for the surface definitions).

Boundary Fluid domain Solid Domain

S ia Time-dependent velocity profile V ia 0-translation, 0-rotation
Soa Time-dependent pressure profile P oa 0-translation, 0-rotation
Sov Time-dependent pressure profile P ov 0-translation, 0-rotation
Vessel wall No-slip condition Atmospheric pressure

Copyright © 2013 John Wiley & Sons, Ltd. Int. J. Numer. Meth. Biomed. Engng. (2013)
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Figure 3. Waveforms of the inlet velocity profile V ia (continuous line) and outlet pressures P oa (dotted line)
for the radial artery and P ov (marked line) for the cephalic vein.

pressure profiles at the arterial and venous outlets (Figure 3). The velocity, prescribed at the inlet
of the proximal radial artery (S ia in Figure 1), is the one that was measured by echo-Doppler on
the patient on the same day as the CT-scan angiography [9]. The imposed velocity corresponds to a
systolic Reynolds number of 1230, time-averaged Reynolds number of 1020, and Womersley num-
ber of 4. A space-varying velocity profile following the Womersley solution [32] is recovered in
the radial artery 8 diameters downstream of the inlet boundary. A fully developed profile therefore
enters the stenosis, located about 16 diameters from the entrance.

The in vivo measurements do not provide any pressure data, as pressure measurements are inva-
sive, but only the value of the flow split between the arterial (Soa ) and venous (Sov ) outlets (30%-70%,
respectively). In order to deduce the pressure waveforms at the outlets, we have conducted a CFD
simulation using ANSYS-CFX (ANSYS, Inc.). As inlet velocity, we set V ia . At the two outlets, we
impose an R-C Windkessel model, following the method described in Decorato et al.‡ The values
of the parameters of the Windkessel model have been calculated so that

– the flow split between the arterial and venous outlets is 30%–70%;

– the time-averaged inlet pressure P
i

a is about 70 mmHg [6].

Neither rotation nor translation is allowed at the vascular extremities of the solid domain. The
external tissues are supposed to be at atmospheric pressure, which is the pressure of reference in the
FSI simulation.

2.5. Numerical method

The transient FSI are simulated inside the AVF using ANSYS Workbench V13.0 (ANSYS, Inc.). It
implicitly couples a fluid solver (ANSYS CFX) to solve the blood flow with a solid solver (ANSYS-
Mechanical) to solve the vascular wall deformation [33]. The software is based on an arbitrary
Lagrangian–Eulerian formulation. The fluid solver resolves the fluid continuity and momentum
equations in their conservative convection-diffusion form [33]. These equations are solved implic-
itly with the Rhie–Chow interpolation method [34]. The structural solver, based on an FEM, uses a
Lagrangian multiplier-based mixed u-P formulation and assumes large displacements.

‡Decorato I, Salsac A-V, Legallais C, Ali-Mohammadi M, Diaz-Zuccarini V, Kharbouthly Z. Impact of the degree of
residual stenosis after balloon-angioplasty in arteriovenous fistulae. Medical & Biological Engineering & Computing
2013
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The FSI problem is solved using a partitioned approach with stagger iterations within each time
step. During each stagger iteration:

– The displacement vectors are transferred from the structural to the fluid solver, where the fluid
problem is solved for the current time-step;

– The load vectors are then transferred from the fluid to the structural solver, where the structural
problem is solved;

– The convergence of all field equations (fluid and structural) is evaluated.

Stagger iterations are repeated until all the field equations have converged and the coupling condi-
tions are satisfied at the fluid–solid interface. The latter requires that (i) displacements of the fluid
and solid domains are compatible, (ii) forces acting on the interface are at equilibrium, and (iii)
the fluid obeys the no-slip condition. The criterion for convergence has been set at 10�4 for all
the fields. Apart from the first time step, which may require up to 50 sub-iterations for conver-
gence to be achieved, convergence is otherwise reached within less than 15 iterations through the
entire simulation.

The simulations are run neglecting gravity. The reference pressure is the atmospheric pressure.
As initial condition, we use the results obtained from a steady fluid-only simulation, in which we
impose the time-averaged values of the velocity and pressures as boundary conditions.

We have searched for the optimal time-step for which (i) the numerical model is stable, (ii) the
computational time is the smallest, and (iii) the temporal resolution is sufficient to capture the time-
dependent flow features. We have tested three time steps: 10�3, 5�10�3, and 10�2 s. We find that
the simulation is unstable with the time of 10�2 s but remains stable with the two smaller values.
The numerical scheme is therefore conditionally stable, with a limit of stability between 5�10�3 and
10�2 s. Reducing the time step by a factor of 5 hardly has an effect on the accuracy of the results:
the WSS calculated with a time step of 5�10�3 s differ by less than 1% from those obtained with
10�3 s. It, however, has a direct impact on the computational time, which increases linearly with the
number of iterations. We have therefore chosen to run all the following simulations with the time
step of 5�10�3 s in order to optimize the computational time without loss in accuracy.

Each FSI simulation is run over six consecutive cardiac cycles. The repeatability of the results is
verified after three cardiac cycles with cycle-to-cycle differences inferior to 1%. The results shown
in the following are obtained by phase-averaging the field values over the 4th, 5th, and 6th cardiac
cycles. The total simulation time is approximately 70 CPU hours on an Intel(R) Xeon(R) worksta-
tion with 64 bit CPU dual core processors of 2.67 GHz clock speed, 23.9 GB RAM memory and a
Microsoft Windows XP operating system. The computation of the solution has been partitioned on
the two cores using the default algorithm provided in ANSYS 13.0 (ANSYS, Inc.).

Instability issues due to the similar densities of the fluid and solid parts have been solved reduc-
ing the under-relaxation factor below the default value of 0.7. However, under-relaxation factors
below 0.05 have been observed to induce non-physiological effects in our model. We have therefore
chosen an under-relaxation factor equal to 0.08. It needs to be noticed that the optimal value of the
under-relaxation factor may vary if the anatomical model changes.

2.6. Wall shear stresses

The WSS are contained within the plane tangent to the vascular wall, defined by the unit vector
normal to the vessel wall n. They can be expressed by the two-component vector

�w D �
@v
@n

, (4)

where v is the velocity vector. We call WSS as the modulus of �w . In healthy arteries, physiolog-
ical values of WSS are typically 1–2 Pa [6]. The physiological range is rather 0.8–3 Pa in healthy
veins [35].

The oscillatory shear index (OSI )

OSI D 0.5

 
1�
j
R T
0 WSSdt jR T
0 jWSS jdt

!
, (5)
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where T is the time period of the cardiac cycle. The OSI index represents the degree of oscillation
in the WSS orientation. Its values fall in the range Œ0, 0.5�, 0 corresponding to a constant forward
flow and 0.5 to a purely oscillating flow. OSI values are typically below 0.2 in healthy physiolog-
ical vessels. A value of 0.3–0.35 is considered as the threshold, above which neo-intimal activation
might occur [36].

The time derivatives of WSS (WSSGt ) are defined as

WSSGt D
@WSS

@t
. (6)

They are typically small in healthy vessels. We will analyze which AVF zones are exposed to
non-vanishing values of WSS time derivatives.

2.7. Internal wall stresses

To study the stresses within the vessel wall, we consider the Cauchy stress tensor � . The stress ten-
sor can be reduced to its principal components �i (i D 1, 2, 3) in the principal coordinate system.
We study the distribution of the maximum component of the principal stresses

�max Dmaxi .�i /, (7)

and consider its time-averaged value �max .

2.8. Validation of the flow simulations

The flow simulations have been validated by comparison with measurements obtained in a rigid
mold of the patient-specific AVF geometry. A transparent phantom has been printed directly by
rapid prototyping in poly(methyl methacrylate) (PFT Innovaltech, Saint Quentin, France) from the
3D volume reconstruction of the patient vasculature (Figure 4(a)). The printing technique consists
of depositing poly(methyl methacrylate) microcapsules, which are subsequently liquified by means
of a laser. The phantom walls are printed with a constant thickness. Connectors have been inserted
between the arterial and venous branches of the AVF mold to ensure its solidity. All the experiments
are conducted placing the phantom in a rectangular liquid-filled transparent box to optimize the
mold transparency and match the indices of refraction.

Because the pulsatility of the inlet flow in the radial arterial is low (Figure 3), a constant flow
rate of 1 l.min�1 has been imposed at the arterial inlet for the validation. It corresponds to the aver-
age arterial inlet flow rate measured on the patient. It is supplied by a peristaltic pump (Masterflex
Easy-Load 7518-10, Cole-Parmer, Vernon Hills, IL, USA). In order to reproduce blood viscosity,
the perfusing fluid is composed of 70% of water and 30% of glycerine (VWR, Radnor, PA, USA).
The solution is seeded with lycopodium particles (Sigma-Aldrich) with a concentration of about
0.7 g.l�1.

Planar velocity measurements are obtained using particle image velocimetry (PIV) (LaVision
GMBH, Goettingen, Germany). The laser sheet emitted by a double Nd:YAG pulsed laser is
reflected by the lycopodium particles. Images of the position of the particles are recorded by a

a. b.

Figure 4. (a) Transparent phantom of the patient-specific arteriovenous fistula geometry. (b) Locations of
the cutting lines along which the numerical and experimental velocity profiles are evaluated.

Copyright © 2013 John Wiley & Sons, Ltd. Int. J. Numer. Meth. Biomed. Engng. (2013)
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a. b.

c.

Figure 5. Comparison of the experimental (particle image velocimetry) and numerical (CFX) velocity pro-
files along the cutting lines defined in Figure 4(b). The error bars on the experimental data correspond to the

SD of the measured velocities.

1660� 1200 charge-coupled device camera (Image Pro X 2M, LaVision GMBH, Goettingen, Ger-
many) at 28 frames.s�1. The PIV data have been processed using a three-pass iteration technique
with a constant-size 32 � 32 window and a 50% overlap. A median filter has been used to detect
spurious velocity vectors; at each point, the velocity vector is compared to the median vector calcu-
lated with the eight neighboring ones. The point vector is deleted and replaced by the spatial mean
if it is outside the deviation of the neighbors.

We have compared the velocity profiles obtained numerically and experimentally under the same
flow conditions along specific cutting lines within the field of view. We have focused on three regions
of interest: the stenosed radial artery, the anastomosis between the radial artery and the cephalic
vein, and the enlarged cephalic vein (Figure 4(b)). For the PIV data, a zero velocity is imposed at
the location of the vessel wall during post-treatment. Figure 5 shows the profiles of the velocity
magnitude v as a function of the curvilinear abscissa s along the cutting line. The abscissa is non-
dimensionalized by the vessel equivalent diameter in the cross-sectional plane (DA�A D 7.4 mm,
DB�B D 8.57 mm, DC�C D 20.64 mm). The superposition of the two velocity curves proves that
the numerical simulation captures the flow behavior despite the complexity of the vessel geometry.
The numerical predictions follow the same profiles as the experimental ones. The predicted values
are all within the experimental uncertainty. The good fit between the numerical and experimental
velocity profiles validates the numerical method used to simulate the flow within the AVF.

3. PATIENT-SPECIFIC FSI MODEL

3.1. Hemodynamics

The mean velocity entering the radial artery does not vary significantly over the cardiac cycle, which
is typical of peripheral arterial flows; it ranges from 0.42 m.s�1 at peak diastole to 0.62 m.s�1 at
peak systole. As a consequence, only moderate differences in the mean velocity are found over time
across different segments of the AVF. In order to visualize the flow patterns, 31 velocity streamlines
are shown at peak systole in Figure 6 and at late diastole in Figure 7. The stenosis causes a local
increase in the flow velocity, as well as a region of recirculation downstream of it. The flow impacts
on the bifurcation between the radial artery and cephalic vein, called the anastomosis, generating a
stagnation point (red box in Figure 6).

The particularity of most mature AVFs is to present an enlarged vein; it is associated with the
largest zone of flow recirculation. If we compare Figures 6 and 7, we observe a change in streamline

Copyright © 2013 John Wiley & Sons, Ltd. Int. J. Numer. Meth. Biomed. Engng. (2013)
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Figure 6. Velocity streamlines at peak systole. The time of measurement is indicated by the red dot on the
inlet velocity profile. On the bottom left, a zoom on the region of the anastomosis shows that the flow impacts

on the bifurcation generating a stagnation point.

Figure 7. Velocity streamlines at late diastole. The red dot on the inlet velocity profile indicates the corre-
sponding time of measurement. The bottom left insert shows the flow recirculation inside the vein (section

plane A); the velocity arrows have been projected within the two-dimensional plane.

distribution in the cephalic vein with a stronger recirculation motion and helical flow at late diastole
(shown in cross-section A, Figure 7).

We have analyzed the evolution of the static pressure along the vasculature. We observe a global
static pressure drop between the arterial inlet and the venous outlet of 16.6 mmHg. About 70%
of the pressure drop is caused by the stenosis. The vein enlargement does not lead to a significant
additional pressure drop.

3.2. Wall shear stresses analysis

Wall shear stresses
The WSS map is shown in Figure 8. The WSS values fall within the healthy physiological range
in the proximal radial artery, upstream of the stenosis. Still, the vessel tortuosity leads locally to
WSS up to 10 Pa. The highest WSS is found at the level of the stenosis, where it approaches
60 Pa. The anastomosis is the other region subjected to high WSS (� 18 Pa) especially on its
venous side; it is a consequence of the incoming flow impacting onto the bifurcation. Lee and

Copyright © 2013 John Wiley & Sons, Ltd. Int. J. Numer. Meth. Biomed. Engng. (2013)
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Roy-Chaudhury [37] have suggested that the large WSS lead to an increase in the oxidative stress
resulting in inflammation and peri-anastomotic neo-intimal formation.

Figure 8. Wall shear stresses map (WSS ) at peak systole. The highest WSS are found at the stenosis. A
logarithmic gray-scale has been used to highlight the low WSS values calculated in the enlarged region of

the vein.

On the venous side, the patient presents a venous enlargement over most of the cephalic vein.
This entire region is subjected to WSS generally below 0.15 Pa and OSI values larger than 0.4 Pa
(Figure 9). The combination of extremely lowWSS and highOSI values has been associated with
intima hyperplasia [35].

Wall shear stress time derivatives. In the case of AVF, time derivatives have been shown to have
a larger influence than spatial gradients [38, 39]. We will therefore concentrate on the WSS time
derivative WSSGt . WSSt are about nil across the AVF (data not shown) apart from two locations
(Figure 10). The region that experiences particularly high WSSGt with large temporal variations
is the anastomosis (point B in Figure 1). The second highest value is found in the enlarged venous
region (point C in Figure 1), but the maximum amplitude is only 10 Pa.s�1, and the variations
appear mainly in the diastolic phase of the cardiac cycle. Previous studies have associated WSS
time derivatives with endothelial cell proliferation and neo-intimal formation [39]. A thicker neo-
intimal layer may modify the flow split in the long run by altering the vessel resistances. It could
thus have large clinical consequences: on the one hand, too low arterial flow can cause necrosis of
hand tissues; on the other hand, too low venous flow prevents the hemodialysis from taking place.

3.3. Internal wall stresses analysis

The map of vascular wall displacement is represented at peak systole in Figure 11. The maximum
displacement in the artery is 0.62 mm, which corresponds to a maximum strain of 14%. On average,
the strain in the artery is of the order of 10%. It is about eight times smaller in the vein, which is
a consequence of the larger stiffness of the venous wall. In the vein, the maximum displacement is
only about 0.05 mm, (maximum strain of 3%). We have analyzed the corresponding values of the
maximum component of the principal stresses �max at the vascular wall at peak systole. Because
the distribution resembles the map of wall distribution shown in Figure 11, we only indicate values
in the various zones. The maximum principal stresses fall in the range 5.5–7.0 kPa inside the artery,
with a space-averaged value of 5.7 kPa. Within the cephalic vein, they are equal to 8.0–13.5 kPa
with a space-averaged value of 11.5 kPa.

We hypothesize, based on the results of previous studies [40–42], that healthy large vessels
remodel their internal structure to achieve a quasi-uniform internal stress of constant value. To
determine this baseline stress value, we have considered the part of the radial artery located 8 to
16 diameters from S ia, i.e. where the flow is fully-developed and unperturbed by the stenosis. This
region is also the least influenced by the existence of the anastomosis. Figure 12 shows the inter-
nal wall stresses normalized by the baseline stress. Results show that the stresses inside the venous
wall are, on average, larger than their baseline value by a factor of 2 and that they can be up to 2.4
times larger.

Non-physiological internal wall stresses can generate wall remodeling through their impact on
smooth muscle cells; the cells are responsive to the level of stresses and modulate their migration
rate, proliferation, and synthesis of collagen [40, 43, 44]. One limitation that we face to analyze the

Copyright © 2013 John Wiley & Sons, Ltd. Int. J. Numer. Meth. Biomed. Engng. (2013)
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Figure 9. Oscillatory shear index spatial distribution in the cephalic vein.

Figure 10. WSSGt time variation at point B in the anastomosis (˘) and point C in the vein enlargement
(�). Points B and C are defined in Figure 1.

present results is that most of the research on wall remodeling has been conducted in arteries, which
are muscular vessels. Less is known on the remodeling of veins. Still, the last four decades of clini-
cal practice of AVF prove the high capability of remodeling of veins under increased hemodynamic
stresses, because veins are able to get arterialized over a period of 3–6 months [4,24]. We presently
find non-nominal values of internal wall stress in the cephalic vein, which would indicate that the
vein continues its remodeling. This perpetuation of the phenomenon could result in excessive wall
remodeling downstream of the anastomosis and explain the enlargement of the vein.

4. RELAXATION OF VARIOUS HYPOTHESES IN THE SIMULATION

In the previous section, we have shown that although feasible, a coupled fluid-structure simula-
tion is highly challenging and results in large computational times. The calculation takes 70 CPU
hours to run on two cores. The objective is to eventually translate the simulation tool to clinicians,
but a routine use will not be possible in practice if the computational time is not reduced. In this
section, we investigate whether it is possible to reduce the computational time by relaxing some

Figure 11. Spatial distribution of the vascular wall displacement. The map is shown in a logarithmic scale.
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of the hypotheses while maintaining the clinical relevance of the simulation. We will compare the
more comprehensive patient-specific model (Section 3) with simulations assuming first blood to
be Newtonian, and secondly, the vessels to have uniform properties (same thickness and mechani-
cal properties all along the vasculature). We will then evaluate the accuracy of uncoupled fluid or
structural simulations.

4.1. Comparison between Newtonian and non-Newtonian blood modeling

Blood is a non-Newtonian fluid, but in some cases it is known that its non-Newtonian behavior
may be neglected. From a numerical point of view, the main problem of implementing a non-linear
Casson model is the numerical instability that it induces. But once the non-Newtonian simulation is
rendered stable, its computational time is comparable to that of the Newtonian case.

To investigate the relevance of modeling the non-Newtonian blood behavior, let us first represent
the equivalent dynamic viscosity values along the AVF wall calculated using equation (2). The local
dynamic viscosity is function of the local shear rate. Inside the radial artery, where the maximum
shear rate is equal to 300 s�1, the dynamic viscosity is equal to 3.2�10�3 Pa.s�1 (Figure 13). It
corresponds to the asymptotic viscosity imposed in the model for large shear-rates, when the fluid
follows a Newtonian behavior. Within the enlarged vein, the non-Newtonian effects are, however,
significant; as shear rates are lower than 100 s�1, the equivalent dynamic viscosity becomes up to
six times larger than within the artery.

We have run a new simulation, in which blood is set to be Newtonian with a dynamic viscos-
ity � D 3.2 � 10�3 Pa.s (same value as that of the Casson model at large shear rates). All the
other parameters of the simulation are otherwise identical to the reference case (Section 3). We have
quantified the difference in WSS magnitude between both models. Inside the proximal artery, the
difference is basically non-existant. The largest difference in spatial-averaged WSS is found in the
enlarged vein; at this location, we observe a mean difference of 13%, with local peaks at 20%. At
the anastomosis, the difference is about 15%, with a spatial average of 10%. This is coherent with
the findings of Kabinejadian and Ghista [45].

Figure 12. Spatial distribution of the internal wall stresses �max normalized by the baseline stress.

Figure 13. Dynamic viscosity values obtained at the arteriovenous fistula wall with the Casson’s model.
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The choice of the non-Newtonian model is therefore justified by the low shear rate conditions
that prevail inside the cephalic vein and lead to significant non-Newtonian effects. In this region,
the WSS would be overestimated by a Newtonian model. As previously shown by Merril and
Schmid-Schonbein [28, 46], blood behaves in a Newtonian fashion under shear rates larger than
150 � 300 s�1, which is typically the case in arteries with a diameter larger than 0.5 mm. A shear
rate value of 100 s�1 has been identified as the threshold below which non-Newtonian effects need
to be modeled, but they begin to be significant for shear rates P� 6 150 s�1.

4.2. Comparison between the reference case and a homogeneous wall model

Differentiating arterial and venous wall properties substantially increases the time of preparation
of the simulation and therefore the probability to introduce numerical errors. It indeed requires to
segment the vascular geometry into different sub-parts, to which different properties are assigned.
In order to ensure the numerical stability, one also needs to guarantee the correspondence of the
boundary nodes between the segmented parts and their connection during the simulation.

In this sub-section, we aim at estimating the error on the hemodynamics and wall mechanics, if
one models the vessel wall with uniform properties. A new simulation is run imposing the entire
vascular wall to have the arterial geometrical and mechanical properties described in Section 2.3.
Blood is still supposed to follow the Casson model. The same fluid and solid mechanics boundary
conditions are imposed as for the reference case (Section 3).

Comparing the overall hemodynamic conditions predicted by both simulations, we only observe
small differences. The error on the flow rate entering the cephalic vein at the anastomosis is infe-
rior to 1%, and no difference is calculated on the venous WSS . The maximum error is found on
the hemodynamic conditions predicted at the stenosis; the uniform wall simulation overestimates
the WSS by 14%, and underestimates the stenosis pressure drop by 7.5% (Table III). The latter is
shifted in time and occurs at t=T D 0.25 instead of t=T D 0.15 in the reference case. This is a
consequence of the smaller venous compliance.

More significant is the effect on the internal maximum principal stresses. When one models the
vein with compliance and thickness identical to the arterial one, one obtains non-dimensional inter-
nal stresses close to 1; they appear to be in the physiological range. We have independently studied
the influence of wall thickness and have seen that its contribution is negligible on the hemodynam-
ics and weights for less than 2% on the maximal wall internal stresses values (data not shown).
We conclude that it is necessary to impose wall properties that are as realistic as possible in order to
properly estimate the risk of perpetuation of wall remodeling in the vein clinically. This is important,
all the more so as it does not increase the computational time.

The main limitation of this conclusion is the difficulty in estimating the actual venous wall prop-
erties; the tissue is that of a vein subjected to arterial hemodynamic conditions. It is impossible to
infer its properties from measurements on other venous tissues. Furthermore, the vein appears to be
in constant remodeling, suggesting that its properties evolve over time.

4.3. Comparison between FSI and uncoupled fluid or structural simulations

To quantify the influence of wall compliance on the hemodynamics, we have conducted a CFD
simulation using the fluid solver ANSYS CFX (ANSYS, Inc.). The rigid wall CFD simulation has
been performed using the same settings for ANSYS-CFX as in the FSI simulation but deactivating

Table III. Comparison of the results provided in the reference case and in the case of
homogeneous wall properties at peak systole.

Parameter Reference Case Homogeneous Wall

Velocity at stenosis 2.12 m�s�1 2.11 m�s�1

WSS at stenosis 60.3 Pa 69.2 Pa
�max normalized by baseline stress � 2 � 0.9
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Table IV. Comparison of the results provided in the reference case (FSI simulation) and in the rigid-wall
case (CFD simulation) at peak systole.

Parameter FSI CFD

Velocity at stenosis 2.12 m�s�1 2.52 m�s�1

WSS at stenosis 60.3 Pa 69.3 Pa
Flow rate percentage in cephalic vein � 70% � 68%

the multifield coupling. In particular, we have imposed the same boundary conditions described in
Section 2.5 and similarly assumed blood to follow the Casson model.

Comparing the two simulations, we notice that the local velocity and WSS values are globally
overestimated by the CFD study. The largest differences found at peak systole are indicated in
Table IV. The rigid-wall simulation overestimates the peak velocity at the stenosis by � 20% and
the peak WSS values by � 15%. The differences are, however, of a much smaller extent (� 2%)
in the zones of low velocity and WSS . The flow distribution across the two exits is well predicted
(error 6 2%).

Although the quantitative data fail in accuracy, the CFD simulation provides a coherent qualitative
picture of the hemodynamic conditions that prevail in the vasculature. It gives sound predictions for
the zones dominated by low hemodynamic conditions. These zones have a high clinical relevance,
because they are prone to complications, such as neo-intimal formation. Another advantage is the
computational time, the rigid-wall simulation running 12 times faster than the fully-coupled FSI.

We have independently run a structural static simulation (ANSYS-Mechanical; ANSYS, Inc.).
Instead of running the simulation with a two-way coupling as for the FSI simulation, we have
presently used a weak one-way coupling. This method enables to impose the distribution of pres-
sure at the AVF internal vessel walls calculated by the CFD simulation at a given instant of time. We
have run the structural simulation with the peak systolic pressure field as lateral boundary condition.
All the other boundary conditions are kept unchanged. The analysis of the wall displacement and
internal constraints show that the difference with the reference case at peak systole is below 1%
all along the vasculature. The structural simulation therefore predicts the results very accurately. It,
however, cannot provide directly the time-evolution of the wall displacement and stresses. Such as
for the CFD simulation, the computational time is drastically reduced; the structural simulation runs
in only one hour.

5. DISCUSSION AND CONCLUSION

We have modeled the FSI in a patient-specific AVF geometry, modeling the vessel wall with non-
uniform hyperelastic properties and the non-Newtonian behavior of blood. We have differentiated
the venous and arterial mechanical properties in order to obtain realistic results for the internal
stresses in the vascular wall.

Our results confirm that AVFs are subjected to complex hemodynamics. The enlarged portion of
the cephalic vein is subjected to WSS smaller than a tenth of the physiological values and OSI larger
than 0.4. It also experiences non-zero time derivatives of WSS . The anastomosis is subjected to
a stagnation point flow along with high time derivatives of WSS . These regions are therefore the
more likely to suffer from intima hyperplasia.

The simulation has shown that the cephalic vein is conjointly subjected to internal wall stresses
that are about the double to their baseline level. This condition is likely to promote continuous
remodeling of the wall internal structure and therefore represents a risk of AVF failure.

Such an FSI patient-specific simulation is challenging in many aspects. The first issue is to recon-
struct the vascular geometry from medical images. Even with the greatest care, it is not easy to
ensure that the vessel geometry obtained through the segmentation and reconstruction procedures
is identical to the one observed clinically. It may sometimes be difficult to isolate the blood lumen
from surrounding tissues on the scan images and therefore to automatize the process. Then the FSI
simulation itself is complicated owing to the large region of interest, the non-linear effects of the
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fluid and solid constitutive laws and the instabilities of the FSI coupling. We have, however, proven
that it is feasible to solve the multi-physics numerical simulation using the commercial environment
provided by ANSYS, Inc.

Setting relevant mechanical properties for the different vessel portions has proven to suffer from
the lack of available data in the literature. It is known that the vein is subjected to a significant
increase in stiffness as a consequence of the fragmentation of the elastin content and increase in
collagen content, as the vein enlarges [24, 47]. But few quantitative data exist as reported in the
introduction. Similarly, it has not been possible to take into account the presence of external tis-
sues to the AVF; no study has yet characterized the mechanical properties of the tissues below the
elbow region.

In order to evaluate the importance of taking all the modeling components into account, we
have compared the results with simplified versions of the simulation and come to the following
conclusions:

– A non-Newtonian blood model is needed to predict the hemodynamics in the venous part of
the AVF, owing to the low values of shear rates. The Casson model is, however, not useful on
the arterial side.

– The use of homogeneous wall properties simplifies the preparation of the model, but does not
provide a significant gain in computational time. It, however, significantly underestimates the
internal wall stresses. When simulating the FSI in an AVF, one needs to take into account the
very different wall properties of the venous and arterial parts of the vasculature. Such an issue
will also come into play for other vascular diseases that profoundly alter the vessel mechanical
properties over an extended region.

– Although the CFD simulation generally overestimates velocities and WSS , it still gives an
informative map of the regions affected by WSS values, which can lead to neo-intimal
formation.

– A one-way coupling structural simulation provides the precise distribution of internal wall
stresses, but only at one instant of time. It does not provide the time evolution of the stress
distribution.

– Running an uncoupled fluid and structural simulation has the advantage to run significantly
faster than the FSI simulation (15 h instead of 70 h).

The advantages and disadvantages of each simplified model are summarized in Table V.
The present study proves that a full FSI study is not always needed. Because the vessel wall

deformability has a limited influence on the blood flow dynamics, fluid-only simulations appear
to be efficient at providing a qualitative relevant hemodynamic map. The error made on the WSS
values by neglecting the wall deformation is down to a few percent in most cases. Conversely,
a solid-only simulation may be sufficient to estimate the maximum internal wall stresses. Still,
FSI simulations have the advantage of providing the time-evolution of both the fluid and structural

Table V. Advantages and disadvantages related to each simplified model.

Model Advantages Disadvantages

Non-Newtonian blood behavior Captures flow characteristics of
the venous part

Not useful on the arterial side

Homogeneous wall properties – Incorrect estimation of WSS and
wall internal stresses

CFD Qualitative picture of overall flow
characteristics + gain in computa-
tional time

No information on internal wall
stresses

Structure only Precise internal wall stress distri-
bution

No information on time-evolution

Uncoupled fluid and structure Faster to run than fully-coupled
FSI

Iterative process to obtain the
same amount of data
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stresses. Their resolution is also required in the case of compliant vessel walls (e.g., venous circu-
lation). In the future, it would be interesting to design new techniques to characterize the tissues
in vivo non-invasively. This is a necessary step for clinicians to one day fully rely on the results of
numerical simulations in the making of therapeutic choices.
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