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Abstract Fluid–structure interaction (FSI) simulations of a
cerebral aneurysm with the linearly elastic and hyper-elastic
wall constitutive models are carried out to investigate the
influence of the wall-structure model on patient-specific FSI
simulations. The maximum displacement computed with the
hyper-elastic model is 36% smaller compared to the linearly
elastic material model, but the displacement patterns such as
the site of local maxima are not sensitive to the wall models.
The blood near the apex of an aneurysm is likely to be stag-
nant, which causes very low wall shear stress and is a factor
in rupture by degrading the aneurysmal wall. In this study,
however, relatively high flow velocities due to the interac-
tion between the blood flow and aneurysmal wall are seen to
be independent of the wall model. The present results indi-
cate that both linearly elastic and hyper-elastic models can
be useful to investigate aneurysm FSI.
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1 Introduction

Because hemodynamic forces such as blood pressure and
wall shear stress (WSS) play a significant role in initiation,
growth and rupture of cerebral aneurysm [1], predicting those
forces on the aneurysmal wall can help with estimating the
risk factors for aneurysm. We have been investigating the
WSS distribution near the aneurysmal site with fluid–
structure interaction (FSI) computations to better understand
the role of hemodynamics in aneurysm. In particular, we
reported earlier that the WSS on and mechanical stress in the
aneurysmal walls are significantly increased by hypertensive
blood pressure [2], which is known as a risk factor in rupture
of aneurysms causing subarachnoid hemorrhage [3,4].

For aneurysms at the middle cerebral artery bifurcation,
the WSS patterns are determined by the nature of the flow
entering the aneurysm or impinging on the arterial wall near
the aneurysm, in conjunction with the wall deformation. The
wall deformation, governed by the linear momentum balance
equations of the the arterial wall, can be influenced by the
structural model used for the arterial wall as well as by the
nature of the aneurysm geometry [5]. Structural modeling of
the arterial wall has been a widely discussed issue in car-
diovascular biomechanics [6,7]. The simplest way to model
the arterial wall is to assume it to be made of linearly elastic
material. The biggest advantage of this approach is the low
computational cost. And the pressure–radius relationship of
a straight arterial segment modeled with the linearly elas-
tic wall model sufficiently agrees with the experimental data
within the physiological pressure range [8]. This approach
is adopted even these days; e.g. the small-on-large concept
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proposed by Baek and co-workers [9] is based on linearly
elastic behavior of the arterial wall deformation in the phys-
iological pressure range, and it is particularly successful in
large-scale patient-specific FSI computations [10]. Hyper-
elastic material model is also widely used in arterial wall
mechanics simulations [11,12] and cardiovascular FSI com-
putations [13–16]. This approach enables the modeling of
the incompressibility and stiffening behavior of the arter-
ial wall under high strain. The number of model parame-
ters is generally not too many and the computational cost is
affordable. More sophisticated wall models have also been
developed, with the viscoelastic, unisotropic and inhomoge-
neous characteristics of the arterial wall, owing to collagen
fiber and other multiple compositions [17,18], and adopted
in arterial wall mechanics problems. Using such sophisti-
cated material models is desirable, especially because in a
diseased artery the compositions are more diverse and com-
plicated [19]. However, application of these material mod-
els to patient-specific geometries is still scarce [20] because
patient-specific information on the arterial composition, such
as the fiber orientation, sites of lipid accumulation and cal-
cification and their material properties, are very difficult to
obtain in vivo. Hence in patient-specific cardiovascular sim-
ulations, arterial wall is still modeled with linearly elastic
or hyper-elastic material models. In this paper, influence of
the structural model on patient-specific FSI computations is
examined because the number of studies on the influence
of the wall model in patient-specific simulation, particularly
in terms of FSI, is still limited [15,16,21]. FSI simulations
of a patient-specific cerebral aneurysm with linearly elastic
and hyper-elastic constitutive models are carried out and the
results are compared.

2 Computational method

2.1 FSI modeling

The 3D Navier–Stokes equations of incompressible flow
are solved to compute the blood flow. The blood flow in the
cerebral arteries is assumed to be laminar [22]. The fluid
mechanics with deforming walls is computed with the
Deforming-Spatial-Domain/Stabilized Space–Time (DSD/
SST) method [23–26], with the streamline-upwind /Petrov-
Galerkin (SUPG) [27,28] and pressure-stabilizing/Petrov-
Galerkin (PSPG) [23,29] formulations for stabilization. An
earlier version of the pressure stabilization, for Stokes flows,
was introduced in [30]. The DSD/SST method was intro-
duced for flows with moving boundaries and interfaces and
has been applied to a large class of problems [31–38], includ-
ing FSI [39–45]. New versions of the DSD/SST method were
introduced in [45] together with new versions of the space–
time FSI technique.

The structural mechanics, governed by the linear momen-
tum balance equations, is computed with the Galerkin finite
element method. The arterial structure in this study is mod-
eled in three different ways: (1) linearly elastic material with
small-strain assumption (LESS), (2) linearly elastic material
with finite strain (LEFS), and (3) hyper-elastic (HE) material
(with finite strain). The weak form of the governing equation
is

∫

�0

w · ∂2x
∂t2 d� +

∫

�0

δE : Sd�

=
∫

�t

w · td� +
∫

�t

w · ρfd�, (1)

where x is the displacement vector, t is the traction vector
at the boundary, ρ is the density of arterial wall, f is the
body force vector, and w is the test function, which is also
the virtual displacement. The symbols E and S denote the
Green–Lagrange strain tensor and Second Piola–Kirchhoff
stress tensor, respectively. For the model under small strain
assumption, the stress is evaluated with the Cauchy stress ten-
sor. For the hyper-elastic material model, the second Piola–
Kirchhoff stress tensor S is defined as

S = 2
∂W

∂C
, (2)

where W is the strain energy function and C is the right
Cauchy–Green deformation tensor. The incompressibility
constraint is enforced with a mixed displacement/pressure
method using a Lagrange multiplier λ as follows:
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)
, (3)

where I3 is the third invariant of C. The Lagrange multiplier
is linked to the hydrostatic pressure as λ = −p/2 [46]. The
Fung material model, with the strain-energy function

W = a

b

[
exp

(
b

2
(I1 − 3)

)
− 1

]
, (4)

is adopted in this study based on the experimental work of
Delfino and co-workers [47]. Here I1 is the first invariant
of C.

The fluid and structural mechanics systems are coupled
at the interface by the kinematic and dynamic conditions,
and are solved with a block-iterative coupling approach [43,
48]. The fluid mesh is updated by using an automatic mesh
moving method [31,49], where the motion of the nodal points
is governed by the equations of elasticity. The computational
method is described in more detail in [50].
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2.2 Modeling aneurysm geometry and mechanical
properties

An aneurysm model at the middle cerebral artery (MCA)
bifurcation was reconstructed based on CT images using
the marching-cubes method. The subject was a 67-year-old
female; the aneurysm was unruptured when it was scanned.

Approximately 150 CT slices with 0.60 mm interval were
used for the geometry reconstruction. Each slice consists
of 512 × 512 pixels. The in-plane resolution of a slice is
0.3125 mm/pixel. The reconstruction was carried out with
the commercial software ALATOVIEW (Toshiba medical,
Inc.). Because the arterial wall was not thick enough to be
resolved in the CT images, it was added by assuming a uni-
form wall thickness of 0.3 mm and inflating the lumenal wall
outward. The diameter of the arterial lumen at the inlet is
2.38 mm and the diameters at the two distal ends are 1.51
and 2.01 mm.

The blood is assumed to be Newtonian in this study
because the apparent viscosity of blood is known to be nearly
constant when the shear rates are high [51]. The density and
kinematic viscosity of the blood are set to 1,000 kg/m3 and
4.0 × 10−6 m2/s, respectively. The density, elastic modu-
lus and Poisson’s ratio for the linearly elastic arterial wall
models are set to 1,000 kg/m3, 1.0 MPa and 0.49. For the
hyper-elastic arterial model, the parameters a and b in Eq. (4)
are determined based on experimental observations with a
porcine carotid artery and set to 353.6 kPa and 16.7, respec-
tively [47]. The parameters were recalculated to obtain the
pressure-radius correlation within physiological pressure
range, 80–120 mm Hg, by comparing computationally
obtained pressure-radius relationship with an experimental
results [52]. Hence the influence of residual stress is some-
what taken into account in this study.

Eight-noded hexahedral elements are used for the finite
element discretization as shown in Fig. 1. First-order inter-
polation functions are employed for all variables apart from
the hydrostatic pressure in the arterial wall model, which
is interpolated with piecewise-constant functions. The num-
ber of nodes and elements are 53,769 and 50,240 for the
fluid mechanics part and 17,397 and 11,480 for the struc-
tural mechanics part. The wall thickness is resolved with
two layers of elements.

2.3 Boundary conditions

The inflow boundary conditions are represented by a pulsatile
velocity profile prescribed by Womersley’s formulation [53]
based on a waveform from ultrasound Doppler velocime-
ter at the carotid artery of a healthy male volunteer in his
20’s. The inflow waveform is shown in Fig. 2 with the flow
waveform calculated based on the original velocity record-
ing. For realistic FSI computations, it is essential to apply the

ICAICA

MCAMCA

11.2 mm

13.6 mm

8.67 mm

Fig. 1 Computational model of a middle cerebral arterial aneurysm.
The middle cerebral artery (MCA) in the intracranial arterial tree (top)
and the mesh (bottom). The blue arrow indicates the inlet and the
red arrows indicate the outlets

physiological pressure conditions as well as the velocity
conditions to simulate deformation of the arterial wall. The
pressure conditions in our study are modeled by the normal
stress at the boundaries, which are shown with red arrows in
Fig. 1. The time-dependent pressure is obtained by

P = P0 + Q R, (5)

where Q is the total outflow (=inflow). Here P0 is a reference
pressure and R represents the resistance due to the distal vas-
cular tree, and they were determined to obtain the physiolog-
ical pressure range 80–120 mm Hg (10,640–15,960 Pa). The
pressure waveform is shown in Fig. 2. The pressure wave-
form is assumed to vary in phase with the inflow. At the inter-
face between the blood and arterial wall, no-slip conditions
are used for the fluid mechanics computations. The hemody-
namic force at the interface is applied as external force in the
structural mechanics computations. We note that the differ-
ence of the hemodynamic force from the level at the begin-
ning of cardiac cycle is used in the simulations. Hence P0 and
R in Eq. (5) are set to −899.25 Pa and 5.45 × 109 Pa s/m3.
The boundary displacements at the inlet and two outlets of
the artery are set to zero.
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Fig. 2 Flow rate (top) and pressure (bottom) waveforms at the inlet and
outlet. The inflow waveform is shown with the flow waveform calculated
based on the velocity recording from ultrasound Doppler velocimeter
at the carotid artery of a healthy male volunteer

3 Results and discussion

3.1 Flow–wall interaction

The shape of an aneurysm was statistically correlated to its
rupture risk by Ujiie and co-workers [54]. They reported that
a ruptured aneurysm tends to have high aspect ratio (>1.6),
defined as the ratio of the depth of an aneurysm to the diame-
ter of the neck. They explained the correlation by a secondary
vortex at low velocity near the apex of an aneurysm, i.e. a
nearly stagnant vortex occurring near the apex results in very
low WSS that degrades the aneurysm wall. The aneurysm in
this study has high aspect ratio, 2.81, and is in the range of
“risky” aneurysm from that statistical point of view. In an FSI

Fig. 3 Flow velocity profiles at the peak systole (top) and 0.04 s after
the peak (bottom). The flows for the rigid arterial wall model are shown
on the left and those for the LEFS model are shown on the right

Fig. 4 WSS profiles at the peak systole (top) and 0.04 s after the peak
(bottom). The stresses for the rigid arterial wall model are shown on the
left and those for the LEFS model are shown on the right

simulation previously carried out [55] with a linearly elastic
(LEFS) wall model, a secondary vortex near the apex was
observed at the peak systole as shown in Fig. 3, which was
expected from the study in [54], whilst the secondary vortex
disappeared after the peak systole. On the contrary, the sec-
ondary vortex did not disappear when the arterial wall was
modeled as a rigid wall (cf. Fig. 3). Figure 4 shows the instan-
taneous WSS profiles corresponding to the velocity profiles
in Fig. 3. The WSS near the apex is much smaller for the rigid
arterial wall than it is for the compliant wall, resulting from
the secondary vortex at low flow velocity. The differences in
the flow patterns are due to the displacement of the arterial
wall, indicated by the triangular marker in Fig. 3. In the orig-
inal aneurysm shape, the wall is curved and bends the flow,
making it impinge on the wall across the aneurysm. The flow
forms twin vortices after the impingement. The twin-vortex
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flow pattern persists after the peak systole when the artery is
modeled as a rigid wall, whereas the flow proceeds straight
along the wall towards the apex when the wall is compli-
ant. The secondary vortex consequently diminishes. There-
fore, particularly in this aneurysm, the interaction between
the arterial wall and blood flow plays a significant role in
determining the WSS distribution. Hence this model is used
for examining the influence of the arterial constitutive model
on FSI analysis of aneurysms.

3.2 Dependence of the wall deformation on the structural
model

Figures 5, 6 and 7 show the displacement of the lumenal-side
arterial wall for the three wall constitutive models. The dis-
placement patterns are similar for all three cases. There are
local maxima of displacement on both sides of the aneurysm
around the neck of the aneurysm, particularly at the peak sys-
tole. The maximum displacement at the peak systole is 0.333,
0.346 and 0.222 mm for LESS, LEFS and HE models, respec-
tively. The local maximum displacement on the inferior side
is larger than those on the superior side for all the cases. By
comparing Figs. 5 and 6, we see that the displacement for
the LESS model is generally smaller than it is for the LEFS
model, i.e. the influence of small-strain assumption appears
as slight stiffening. This trend is inherent from a theoretical

Fig. 5 Displacement profiles for the LESS model at the beginning of
the cardiac cycle (top) and the peak systole (bottom)

Fig. 6 Displacement profiles for the LEFS model at the beginning of
the cardiac cycle (top) and the peak systole (bottom)

Fig. 7 Displacement profiles for the HE model at the beginning of the
cardiac cycle (top) and the peak systole (bottom)
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solid mechanics point of view; the change in the wall thick-
ness is taken into account in evaluating the stresses when
finite strain is employed, and an aneurysm wall thinner after
inflation is less resistant to inner pressure than the original
aneurysmal wall is, which is the reference geometry for eval-
uating the stresses with the LESS model. The displacement
is much smaller for the HE model than that for the linearly
elastic models although the displacement patterns are similar
to what we get with the other two models. The maximum dis-
placement for the HE model is approximately 64% of that for
the LEFS model. We note that the difference in the maximum
displacement between the superior and inferior sides for the
HE model is smaller than that for the linearly elastic models.
The maximum displacement on the superior side is 0.281,
0.274 and 0.219 mm for the LESS, LEFS and HE models.
This is because the HE model tends to be stiffer under large
strains, i.e. drastic local peaks are not likely to occur with the
HE model and the peaks of the displacement patterns become
more uniform.

The displacement patterns indeed depend on the material
properties and the way the experimental results are reflected
including the effect of the residual stresses. Determining the
material properties and reflecting the influence of the residual
stresses are also widely discussed topics [47,56,57]. We plan
to consider this point in our future in this studies.

3.3 Dependence of the FSI on the structural model

The influence of the wall model on the FSI is the primary
interest in this study. Figure 8 shows the velocity profile for
the LESS and HE models at the peak systole and 0.04 s after
the peak, the same time points as those in Fig. 3. For both
cases, at the peak systole the flow from the inlet entering the
aneurysm along the inferior side of the wall is bent toward
the other side and impinges on the wall similar to what we
had for the rigid-wall and LEFS models (cf. Fig. 3). The flow
is split and forms two vortices in the cross-section: a large
vortex in the lower part of the aneurysm and a nearly stagnant
vortex near the apex. At 0.04 s after the peak, however, for
both models the main stream entering the aneurysm flows
along the inferior side wall to the apex. This is because of the
deformation of the wall in the middle of the aneurysm on the
inferior side, as discussed in Sect. 3.1. The secondary vortex
observed at the peak systole disappears for the LESS, LEFS
(cf. Fig. 3) and HE models, although for HE model there is a
small flow separation region near the apex on the inferior side.
Therefore it is clear that the flow patterns in the aneurysm
and their time evolution are similar for all compliant wall
cases.

A consequence of the above-mentioned time evolution of
the flow patterns in the aneurysm is observed in the WSS pro-
files shown in Fig. 9. At the peak systole, the band-like region
of relatively high WSS (∼150 dyn/cm2) is observed similar

Fig. 8 Flow velocity profiles at the peak systole (top) and 0.04 s after
the peak (bottom) for the LESS (left) and HE (right) models

Fig. 9 WSS profiles at the peak systole (top) and 0.04 s after the peak
(bottom) for the LESS (left) and HE (right) models

to the two cases (rigid-wall and LEFS) previously shown.
After the peak systole, the region of high WSS spreads on the
aneurysm wall toward the apex. Knowing the behavior of the
low WSS near the apex is an important factor in investigating
the rupture risk of the aneurysm according to epidemiologi-
cal and biological studies; degradation of the aneurysm wall
tissue due to the low WSS region explains well the statistical
correlation of the aneurysm shape to the rupture of aneurysm
[54]. Biological evidences indicating a relationship between
the WSS and pathological state of the arterial wall [1,58] also
back up the explanation.

Figure 10 shows the WSS profile near the apex. To focus
on the area of low WSS, the color range is limited to 0 to
50 dyn/cm2. The minimum WSS in the vicinity of the apex
(at the point indicated by a circle in the figure) is 9.29 dyn/cm2

for the rigid-wall model, which is significantly lower com-
pared to the other parts such as the arterial wall downstream
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Fig. 10 WSS profiles near the apex of the aneurysm at 0.04 s after
the peak systole. Top left rigid wall, top right LESS model, bottom left
LEFS model, bottom right HE model

of the bifurcation (>50 dyn/cm2). The minimum WSS in the
vicinity of the apex is 54.4 dyn/cm2 for the LESS model,
41.9 dyn/cm2 for the LEFS model and 22.9 dyn/cm2 for the
HE model, all higher than the level in the rigid-wall case.
Because of the small flow separation region, the flow near
the apex is slightly slower for the HE model and the WSS
is consequently lower than it is in the other two compliant-
wall cases. However, the minimum WSS near the apex is still
higher than that for the rigid-wall case. The influence of the
material model does not alter the FSI pattern in an aneurysm
although the magnitude of the WSS near the apex is affected.
In an earlier study [55], we hypothesized that the reason that
the aneurysm of this subject remains unruptured despite the
high aspect ratio is the disappearance of the stagnant flow
region near the apex of the aneurysm, and the aneurysmal
wall is consequently exposed to relatively high WSS due to
the FSI. The explanation makes sense independent of the wall
model, as long as the aneurysm wall is compliant.

The results show that differences in the wall models do
not significantly alter the flow–wall interaction analysis of an
aneurysm. The results would be more accurate if we employ
a method for determining the material properties in a way
that represents the subject-specific information. Although the
aneurysm wall thickness is assumed to be uniform 300 mm
in this study, the wall thickness for ruptured human intracra-
nial saccular aneurysms is very small, approximately 50 mm
[59]. A hyper-elastic constitutive model is the most promis-
ing approach for FSI computations with such a thin-wall
structure, especially in the grown-up stage of an aneurysm.
However, the results show that the linearly elastic wall model
is still useful for qualitative investigation of the aneurysm
FSI, particularly in the early stages of the aneurysm where
the wall thickness is expected to be comparable to the arterial
wall thickness.

4 Conclusions

FSI simulations employing three different wall models of
cerebral aneurysms were carried out: linearly elastic mate-
rial with small-strain assumption, linearly elastic material
with finite strain, and hyper-elastic constitutive model. The
displacement profiles and FSI patterns were compared to
investigate the impact of the differences in the wall mod-
els in patient-specific FSI computations. The displacement
profiles were similar for all models, although the maximum
displacement for the hyper-elastic model is 36% smaller than
that for the linearly elastic material model with finite strain.
The differences in the deformation behavior do not alter the
flow patterns in the aneurysm. The minimum WSS near the
apex is 36% smaller for the hyper-elastic model than that for
the linearly elastic models, but a stagnant secondary-vortex
generated at the peak systole near the apex of the aneurysm
disappears in all cases with a compliant arterial wall, inde-
pendent of the arterial constitutive model. The results indicate
that the linearly elastic models can be useful in investigating
the aneurysm FSI, although the hyper-elastic model is the-
oretically more preferred. In our future studies, the hyper-
elastic model will be tested further in conjunction with more
realistic aneurysm wall thickness.
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