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Abstract— The purpose of this study was to assess the impact
of the mathematical model choice, and geometrical variations,
in the hemodynamics inside an aneurysm. Exhaustive and sys-
tematic quantitative and qualitative comparisons were carried
out, using both idealized and patient-specific 3D geometries of
saccular aneurysms. The differences between using two fluid
models, Newtonian and inelastic non-Newtonian (Carreau),
steady or pulsatile flow regimes, and distinct boundary condi-
tions at the downstream computational sections, were evaluated.
The latter include standard normal stress boundary conditions,
as well as the coupling with 1D or 0D reduced models for
the cardiovascular system, in the framework of the so-called
’geometrical multiscale approach’. Furthermore, the influence
of the presence of side branches was analyzed, by neglecting
or including them, either through 3D or reduced models.

Overall, the numerical simulations were very sensitive to the
modeling and geometrical changes analyzed in this work. Sub-
stantial variations in using different geometries were observed.
Moreover, in most cases, the differences between the steady and
unsteady solutions were more significant than the differences
between the two fluid viscosity laws, showing the importance
of unsteady simulations. Results demonstrate a remarkable
resemblance between considering a wide geometry, with side
branches, or a clipped geometry coupled to reduced models
at the downstream sections. Even though the 0D model here
considered has shown to be not sufficient in accounting for the
systemic circulation, it is possible to conclude in some cases of
realistic geometries the reduced models can be used to simulate
the effects of the side branches.

Keywords. Cerebral aneurysms, computational fluid dy-
namics, geometrical multiscale approach, idealized geometries,
patient-specific geometries.

I. INTRODUCTION

Heart diseases, cancer, and stroke are, respectively, the
three leading causes of death in developed countries. Among
others reasons, hemorrhagic strokes may occur in result of
the rupture of an aneurysm, which, in the majority of the
cases is a sudden event, with no warning signs. Aneurysms
are localized pathological dilation of the wall of a blood
vessel, due to the congenital or acquired structural weakening
of the wall media, and potentially result in severe compli-
cations, or even sudden death, through pressing on adjacent
structures, thrombus formation or rupturing, causing massive
hemorrhage [15].

On the basis of several autopsy and angiography series, it
is estimated that 0.4 to 6% of the general population harbors
one or more intracranial aneurysms, and, on average, the
incidence of an aneurysmal rupture is of 10 per 100,000
population per year [34], [25]. The rate increases with
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age [39] and in pregnant women [3], as well as in familiar
cases [26]. Despite considerable advances in diagnostic and
surgical techniques, several studies report that more than
50% of the patients with ruptured intracranial aneurysms die
or become severely disabled from the resultant subarachnoid
hemorrhage [10]. In fact, aneurysms are the greatest cause
of long-term disabilities.

The natural history of this pathology is far from being
fully understood, mainly because of the paucity of temporal
investigations, which is related to the fact that aneurysms are
rarely detected before rupture. A wide variety of tools has
been used to study the different phenomena that contribute
for the aneurysmal formation, including in vitro [4], [20],
animal [1], [11], [24], [28], [35], and computational models,
using either idealized [6], [38] or realistic geometrics pro-
vided by Magnetic Resonance Angiography [5], [22], [23],
[29], 3D Rotational Angiography [7], [8], [9], [30], [37]
and Computerized Tomography Angiography [2], [13] scans.
Under the computational fluid dynamics (CFD) methodology,
it is also possible to resort to the so called geometrical mul-
tiscale modeling [12], [21], a strategy of coupling different
dimensional mathematical models, 3D, 1D and 0D, each with
a particular level of detail, to model the whole, or part of
the cardiovascular system.

Many of these studies have demonstrated that even though
systemic factors, like blood pressure, have some influence in
the process of initiation, growth and rupture of intracranial
aneurysms, the complex interaction between the local arterial
hemodynamics and the blood vessel wall biomechanics in
that region is probably the major factor involved in all the
developmental stages. In fact, hemodynamics and the genesis
of vascular diseases are believed to be fairly related through
the action of mechanical parameters on and near the vessel
wall, such as wall shear stress (WSS), which is a fluid
mechanical tangential force per unit of area generated by
blood flow across the endothelial surface, and its derivatives,
in space, like the wall shear stress gradient (WSSG), and in
time, like the oscillatory shear index (OSI) [33, Section 4.5].

Abnormal hemodynamic stresses, which may result from
different risk factors, potentially lead to a fatigue-like remod-
eling process in the arterial wall, resulting in its thinning.
Common risk factors are cigarette smoking, alcohol and
drug abuse, medications known to facilitate the generation of
atherosclerosis and elevated blood pressure, polycystic kid-
ney disease, aortic coarctation, type III collagen deficiency,
and having relatives with intracranial aneurysms [16], [25],
[26], [27], [32], [36]. The strong tendency for the arise of
aneurysms at bifurcations and regions of strong curvatures



Fig. 1: Generic representation of a vascular district Ω

in the intracranial arterial tree has lead to the hypothesis
that the particular flow features encountered in those sites
play an important role in the aneurysm development, inciting
the characterization of the complex hemodynamics in such
regions [18], [28], [29], [40].

In this work a CFD analysis is carried out to study
the impact of the mathematical model choice, the geom-
etry variations, and the unsteadiness of blood flow, in the
hemodynamics within cerebral aneurysms. For this purpose
we consider idealized and anatomically realistic geometries,
reconstructed from in vivo rotational CTA scans of specific
patients. We compare the influence of different flow regimes,
both steady and unsteady, different flow viscosity laws, both
Newtonian and Carreau, the presence or absence of side
branches, the curvature of the main artery, and different
boundary conditions. For each case the hemodynamics was
analyzed through the pressure and the velocity fields, as well
as hemodynamics indicators such as the WSS, WSSG, and
OSI.

II. MATHEMATICAL METHODS

The most appropriate set of equations to simulate the blood
flow in the vascular tree is the time-dependent fluid equations
expressing the balance of linear momentum and the fluid
incompressibility, derived from the basic physical principles
of conservation of momentum and mass, respectively. Being
Ω ⊂ R3 an open bounded domain, representing a vascular
region (Figure 1), with the boundary Γw denoting the phys-
ical artery wall, and Γi, i = 1,2,3, indicating the artificial
boundaries, resultant from the truncation of the domain, the
system of equations representing the blood flow, in Ω,∀t > 0,
is given by:

∂u
∂ t

+u ·∇u+
1
ρ

∇p− 1
ρ

divτ = f,

divu = 0,

where f represents the body forces, ρ is the fluid constant
density, p is the mechanical pressure, and the deviatoric
tensor τ depends on the fluid velocity u. The definition of a

constitutive relation for τ(u) is what models the rheological
properties of the fluid. In this work, we will consider both
Newtonian fluids, τ(u) = 2µD(u), in which the viscosity
µ > 0 is constant, and D(u) is the strain rate tensor, and
generalized Newtonian fluids, τ(u) = 2µ(γ̇)D(u), where the
viscosity µ is not constant and depends on the shear rate,
γ̇ ≡

√
2tr(D2). More precisely, we will use the Carreau

model, such that

µ(γ̇) = µ∞ +(µ0−µ∞)(1+(λ γ̇)2)(n−1)/2

where µ0 = 0.456 Poi,µ∞ = 0.032 Poi,λ = 10.03 s, and n =
0.344 are chosen from [13], [21]. The constants µ0 and µ∞

are the asymptotic viscosities at zero and infinity shear rates,
such that µ0 = limγ̇→0 µ(γ̇), and µ∞ = limγ̇→∞ µ(γ̇).

The fluid equations are discretized in time and space,
resorting to backward difference formulae (BDF) and the
finite element method (FEM), respectively. For the general-
ized Newtonian fluids, and a third order BDF scheme, the
numerical problem consists in finding, for each time step
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where Vh and Mh are appropriate finite element spaces for
the velocity and pressure, respectively.

A fixed geometry domain, for all t ∈ I, was considered,
meaning that the vessel wall dynamics was neglected. Thus,
no-slip homogeneous Dirichlet boundary condition was pre-
scribed at Γw, u = 0, corresponding to the zero arterial wall
velocity. For the downstream artificial sections, Γi, i = 2,3,
three types of outflow boundary conditions were prescribed:
i) the standard homogeneous normal stress, ii) the coupling
with the 1D model, and iii) coupling with the 0D model. In
the first case, we impose the mean pressure as a constant
normal stress by means of the following Neumann boundary
condition:

σ(u, p) ·n = Pin, on Γi, t ∈ (0,T ]. (1)

The coupling of the 3D fluid equations with a 1D hyperbolic
model [12], [33, Section 4.6.2.1], is carried out by imposing,
at Γi, the continuity of the flow rate and the mean pressure,
for all t ∈]0,T ],∫

Γi

u ·ndγ = Q1D
i (t), t ∈]0,T ] (2)

1
| Γi |

∫
Γi

pdγ = P1D
i (t), t ∈]0,T ], (3)

More precisely, in this work the coupling is performed by
passing the flow rate from the 3D to the 1D model, imposing
(2) at the coupling of the 1D model, and by imposing
the mean pressure, computed by the 1D model to the 3D
model, considering the defective condition (3) at the artificial
coupling boundary, by means of condition (1) [19].

The coupling with the 0D model consists in imposing the
linear counterpart of the absorbing boundary condition of
the 1D model [12], [21] [33, Chapter 3], corresponding to
impose a zero entering characteristic wave at the artificial
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Fig. 2: The set of idealized geometries.
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Fig. 3: The set of realistic geometries, and highlight of the
sections where the velocity magnitude was evaluated.

section, such that the condition P = RQ where R =

√
ρβ

√
2A5/4

0

,

with

β =

√
πh E

1−ξ 2 , (4)

is prescribed directly at the 3D artificial boundary, Γi. Each
coupling case is carried out explicitly, such that at each time
step, the 3D model provides the flow rate computed at the
previous time step to the reduced model, and receives the
mean pressure thus computed from the reduced model.

As inflow condition, at the upstream section Γ1, we
consider a steady flux of Q = 4 cm3s−1, chosen to match
measurements performed in the internal carotid artery [31],
ramped up from the initial rest state using,

Qramp
in (t) =

t Q
tramp

for t < tramp, (5)

with tramp the time length of the ramp. We also consider an
unsteady solution, given by,

Qin(t) = 1+
∣∣∣4 · sin

( t π

0.4

)∣∣∣ . (6)

Regarding the computational domains, both idealized ge-
ometries [33, Section 5.2], with dimensions proposed in
[17], such as the ones illustrated in Figure 2, and patient-
specific geometries, depicted in Figure 3 have been used.
The procedures involved in transforming the medical image
into the virtual 3D arterial geometry for numerical simu-
lations are image segmentation, 3D surface extraction, and
surface smoothing. In this work, we will follow the approach
advocated in [14] [33, Chapter 4.2].

III. NUMERICAL RESULTS AND DISCUSSION

Prior to preforming patient-specific simulations, numerical
tests were carried out in idealized geometries. Although
hemodynamics is highly dependent on the geometry, and

patient-specific geometries are required to study blood flow
inside aneurysms, the idealized geometries allow for a better
understanding of the impact of changing the fluid model or
the computational geometry, as well as performing steady or
unsteady simulations. Since these were simple geometries,
and consequently of lower computational cost than the real-
istic geometries, this was also an easier approach to conduct
a series of validation and optimization tests.

A. Idealized geometries

The solutions depicted in Figure 4 correspond to a curved
tube with a saccular aneurysm, illustrated in Figure 2 b).
The 3D finite element mesh is composed approximately of
0,49M elements, with a maximum size of 0.04 cm. In this
geometry, standard homogeneous normal stress boundary
conditions were prescribed at the outflow section. In fact, the
coupling strategy proved to be inefficient in the simulations
where the main side branches were not taken into account,
which is the case here. Since we are considering rigid
geometries, the incompressibility of the fluid imposes the
sum of the fluxes on the artificial sections to be zero.
Thus, if there is only one inflow section and one outflow
section, there is no flow division, and, even in realistic cases,
the difference between using standard homogeneous normal
stress at the downstream section or coupling it with a reduced
model is minimal. In Figure 4 the effects of using either
steady or unsteady flow regimes, as well as Newtoninan or
non-Newtonian fluid, are shown through the velocity field
variations. The overview of the whole geometry shows that
the differences between the solutions are not only observed
inside the aneurysm. In fact, there is a considerable differ-
ence in the velocity field between the steady and unsteady
solutions also in the parent vessel. The disparity between the
velocity magnitudes of the Newtonian and Carreau solutions
is very significant, of the order of 10%, with a higher impact
in the unsteady cases. Using the same seeding coordinates for
all cases, the particle tracing allows for a further analysis on
the impact of using different solutions. There is an obvious
difference between each solution, though all of them present
some level of vorticity inside the aneurysm. Moreover, the
dissimilarity between Newtonian and Carreau models is more
visible when looking at the particle tracing, where different
flow structures occur, especially for the unsteady case.

We also considered the straight tube with a saccular
aneurysm and a side branch (Figure 2 a)). The mesh was
composed of approximately 0,52 M elements, corresponding
to a maximum size of 0.04 cm. The WSS magnitude for the
unsteady non-Newtonian solution, and its difference with the
Newtonian one, is depicted in Figure 5. This Figure exhibits
the WSS magnitude distribution from two different perspec-
tives, showing that this parameter is persistently higher, along
the parent vessel, at systole. Inside the aneurysm, the WSS
is consistently low, at both systole and diastole. Despite
the lower values at diastole, the dissimilarity between the
Newtonian and the Carreau models is more noticeable, and
the maximum difference goes up to 10% in the aneurysm
neck region. This means that the non-Newtonian effects are



more visible at diastole, i.e., at low shear rate, as would be
expected.

B. Patient-specific geometries

Although the idealized geometries can be very useful to
carry out quantitative comparative studies, clinical decision
can only be based on patient-specific models. Two patient-
specific geometries will be considered. In the first realistic
geometry, we only consider the saccular aneurysm and the
parent vessel (Figure 3 a)), which is a common approach
in numerical simulations of aneurysms [13]. The effects of
the side branches in the hemodynamics inside the aneurysm
are considered in a second geometry, where the boundary
conditions concerning the side branches are prescribed at the
end of the side branch, Figure 3 b), or directly at the parent
vessel, Figure 3 c). The anatomically realistic geometries of
saccular aneurysms here presented, were reconstructed from
in vivo rotational CTA scans of specific patients, provided
by Prof. Jorge Campos and his team from the Faculty of
Medicine of the University of Lisbon.

Several numerical simulations were performed in the ge-
ometry of Figure 3 a), corresponding to a cerebral sac-
cular aneurysm located on the outer bend of the artery.
A finite element mesh of about 0.85 M tetrahedra was
employed, corresponding to a graded mesh with element size
of 0.016 cm within the aneurysm, and maximum size of
0.04 cm. Concerning the boundary conditions, two strategies
were followed for the outflow section: imposing the standard
homogeneous normal stress; and coupling with a 1D model
of 5 cm length, with β = 945308.72, and where 50 finite
elements were used.

From the velocity magnitude inside the aneurysm, Figure
6, we can see that the differences between the unsteady and
steady solutions are much more evident than the differences
in using the Newtonian or non-Newtonian viscosity laws.
Nevertheless, the variations between the Newtonian an Car-
reau models reach 10%. The dissemblance of the two fluid
models arise in different locations depending on the instant
of the cardiac cycle. At diastole, the variations occur in
the middle of the aneurysm, possibly due to recirculation
effects, while during systole they are concentrated close
to the wall. This results in higher variations of the WSS
at systole for the two constitutive functions, and lower
discrepancies of the WSS at diastole. Regarding the steady
solution, the differences in the velocity magnitude of the
Newtonian and Carreau models spread out through both the
middle, and near the wall, of the aneurysm, resulting also
in relatively high discrepancies on the WSS. It was also
observed that the temporal mean of the WSS for the unsteady
case is significantly smaller than the WSS of the steady
solution. The dissimilarities of the steady and unsteady flow
field of this results, demonstrate the importance of unsteady
simulations in reproducing the hemodynamics. This is also
clear form the particle tracing, Figure 6, where the flow
structures, such as the impact, separation, and recirculation

zones, are very distinct in systole and diastole, and also from
the steady solution.

In Figure 7 are plotted the differences of the WSS between
the steady and the unsteady solutions, as well as the differ-
ence between the WSS of the steady solution using standard
boundary conditions or the 3D-1D coupling, for the Carreau
fluid model. It is unequivocal that the main distinctions occur
for the diastolic solution, where a wide region of the artery
has a dissimilarity of at least 20%. Also the systolic solution
is significatively different from the steady one. In these two
cases, the differences rise up to 50%. The dissimilarities
of the steady and time averaged unsteady WSS is not so
obvious, but it still reaches 20%, and presents a large region
with differences of at least 10%. The test case which solution
is closer to the steady one with standard outflow conditions,
is the steady solution with the 1D coupling at the outflow,
where for large regions of the geometry almost no differences
occur. This is expectable, and it is in accordance with the
results obtained for the idealized geometries. Indeed, the
small influence of the 1D coupling here is related to the
use of a rigid boundary condition, and the existence of only
one outflow section.

Regarding the geometries depicted in Figure 3 b), and
Figure 3 c), the numerical simulations carried out include
steady and unsteady computations, as well as the use of
Neumann homogeneous standard boundary conditions, and
couplings both with 1D and 0D models. All the 1D models
here applied have a length of 5 cm, where 50 finite elements
are taken. For both 1D and 0D models, the β parameters used
were determined through expression (4), where the thickness
of the wall h0 is set to 10% of the vessel radius of the
branch they are coupled to, or the radius of the hole, in
the case of the clipped geometry of Figure 3 c). The Young
Modulus E is set to E = 1.e5, and the Poisson ratio is set
to ξ = 0.5, assuming the artery wall is incompressible. The
numerical simulations on the clipped geometry, Figure 3 c),
were carried out using a finite element mesh of around 1.2 M
tetrahedra, corresponding to a maximum size o 0.04 cm.
Regarding the geometry with side branches, Figure 3 b), the
simulations were executed using a graded mesh with element
size of 0.03 cm within the aneurysm, and maximum size
of 0.05 cm, amounting to using around 1.2 M tetrahedral
element. We present the results obtained with the Carreau
fluid model, and at the systolic peak. The solutions at the
diastolic period lead to similar conclusions.

At first site, the velocity magnitude is very similar, re-
gardless the geometry and the boundary conditions used.
Nevertheless, looking at the velocity differences between the
several solutions, in Figure 8, discrepancies of at least 10%
occur in large regions for some cases. Regarding the clipped
geometry, the solutions using the 1D or 0D couplings are
very close, the error being less than 2.5%. However, the
discrepancies between those two and the solution obtained
with the standard homogeneous boundary condition are much
higher, reaching 20% on the neck of the aneurysm, although
inside the aneurysm they are negligible. In what concerns the
geometry with the side branches, the biggest dissimilarities



Fig. 4: The velocity magnitude for the Newtonian and Carreau models (left), the difference between the two models (middle),
and the particle tracing for both models (right), at the steady state (top), at diastole (middle) and at the systolic peak (bottom),
using the same seeding points in each case.

Fig. 5: The WSS for the Carreau model (left and middle), and the difference between the Newtonian and Carreau model
(right), at diastole (top) and at the systolic peak (bottom).

happen between the solution with the standard boundary
condition, and the 1D coupled simulation. For this case, the
discrepancies almost reach 20% in the lumen of the parent
vessel, and differences of at least 10% occur in a wide region,
including the aneurysm. Contrary to the clipped geometry, in
this case the solutions for the standard boundary condition
and the 0D coupling are very similar, with differences lower
than 2.5%, while the variations between the 1D and 0D
coupled solutions are of the order of 10%. From these results,
we conclude that coupling the geometry with side branches
to the 1D model has a higher influence in the solution
than coupling it with the 0D problem, suggesting that, in
this case, the 0D coupling does not accurately incorporate
the systemic circulation. On the other hand, in the clipped
geometry, coupling the outflow sections with 0D or 1D
models has the same impact, suggesting that, in this case,
using the simplified 0D coupling is enough to account for
the side branches. These results are in accordance with the

velocity differences shown in Figure 9, where the variations
obtained between the geometry with branches using standard
and 0D coupling conditions and all the solutions obtained
for the clipped geometry are similar (first and last rows of
Figure 9). Analogously, the differences obtained between the
clipped geometry with 1D and 0D coupling conditions and
all the solutions obtained for the geometry with branches
are also similar (second and last columns of Figure 9). One
remarkable inference from the results in Figure 9 is that
the solutions in the wider geometry, including the main
side branches, using standard or 0D coupling conditions
are closer to the clipped geometry solution using 1D or
0D coupling boundary conditions, than using standard ones.
This corroborates the effectiveness of reduced models in
accounting for the remaining parts of the cardiovascular
system. Nevertheless, in localized regions, in the neck of
the aneurysm and close to the wall, dissimilarities arrive to
10%.



The WSS for each geometry, using the three boundary
condition strategies, is depicted in Figure 10. In all cases,
there is a region of higher values, localized in the parent
vessel, close to the aneurysm. Apparently, in the clipped
geometry, the variations between each solution are negligible.
This is not the case when the side branches are included
in the geometry. In fact, there are clear differences in
the side branches areas between using standard boundary
conditions, and coupling either with a 1D or 0D model.
These discrepancies are plotted in Figure 11, where we can
see that, for the wider geometry including the side branches,
the differences between each boundary condition reach 10%
in the side branches. Despite this, the comparison between
the standard boundary condition and the 3D-0D coupling,
shows large regions of null WSS, which is in agreement with
the previous results, regarding the velocity field. Also for this
geometry, there are higher discrepancies between the 3D-1D
coupling and the standard boundary condition, than between
the two coupling strategies. In the clipped geometry, the WSS
difference between the standard boundary condition and both
3D-1D and 3D-0D coupling is very similar, reaching 10% in
the parent vessel close to the region where the side branch
was clipped. Once again, the solutions for both coupling
boundary conditions are equivalent, such that the difference
is almost zero throughout the whole geometry. One important
observation from the WSS results is that the variations in
using different boundary conditions on the clipped geometry
are much less significative than in the geometry including the
side branches. This is particularly noticeable in the region
of high WSS, such as in the parent vessel close to the
aneurysm at the inside part of the vessel bend, and at the
neck of the aneurysm, but also in the whole parent vessel
and side branches. This suggests a higher sensibility of the
WSS values to boundary condition variations in the wide
geometry.

The WSSG for each case, and their differences, lead to
the previous conclusions, and are illustrated in Figures 10
and 11. Again, the discrepancies between the solutions are
more visible in the wider geometry, specially in the side
branches, and on the regions of higher absolute values of
the WSSG, which are located around the regions of high
WSS. These differences reach 100% in some specific parts
of the side branches. Remark that the differences between the
two coupling cases in the clipped geometry are negligible in
the whole geometry.

The OSI is depicted in Figure 10. Overall, the higher OSI
values are concentrated in the parent vessel, just before the
aneurysm close to the aneurysm neck, and in the aneurysm.
Contrary to what happens in the WSS and WSSG, for
the wider geometry there are elevated values in the side
branches only in the standard boundary condition case. There
is a relevant similarity between the OSI distribution of the
solution on the wide geometry with the 0D coupling, and
the clipped geometry using 0D or 1D coupling. This might
suggest that the 1D or 0D models coupled to the clipped
geometry properly accounts for the presence of the side
branches. The differences between the 1D coupled solutions

in the two geometries, clipped an wide (Figure 10 middle),
can be due to the length of the 1D model, that in the case
of the geometry with the side branches is added to the side
branch length, which is not the case for the clipped geometry.

Following the previous results, the difference between
each coupling approach in the clipped geometry is minor,
not more than 5%, see Figure 11 top right. Accordingly,
the results show similar discrepancies between the standard
boundary condition and the 3D-1D or 3D-0D coupling, of
the order of 20% in more than one region. On the other
hand, in the wider geometry, the differences between the
standard boundary condition and the 3D-0D coupling are
very remarkable considering the results for the velocity,
WSS, and WSSG. These occur mainly in the parent vessel
and within the aneurysm. This demonstrates the importance
of analyzing the OSI as a hemodynamic indicator, other than
the WSS and the WSSG. Indeed, if we had only taken into
account the velocity field, or the WSS and WSSG, we would
have concluded that the difference between this two cases is
minimal, when in fact, they show discrepancies of the OSI
in the order of 20% in more than one region. The higher
dissimilarities are encountered in the difference between the
standard boundary condition and the 3D-1D coupling for the
geometry that considers the main side branches.

IV. CONCLUSIONS

In this work the mathematical modeling and numerical
simulation of the cardiovascular system were applied to
study the hemodynamics in intracranial aneurysms. Several
computational simulations were carried out, including both
idealized and patient-specific 3D geometries of saccular
aneurysms, neglecting or not the main side branches, steady
and unsteady flow regimes, two mathematical fluid models,
and three different strategies for the boundary conditions
at the artificial sections. All the results were analyzed in
a comparative perspective so to have a sensitive analysis,
by analyzing the velocity and pressure fields, as well as the
common hemodynamic indicators, such as WSS, WSSG, and
OSI.

We have shown the importance of using unsteady simula-
tions. There were major differences between the steady and
unsteady solutions, for the several cases here analyzed, just
by examining the velocity field. Also, unsteady simulations
allow for the analysis of a very important parameter, the
OSI, which in some cases lead to conclusions not achievable
by looking to other indicators. Moreover, these differences
are much more noticeable than the dissimilarities between
the Newtonian and non-Newtonian fluid models, specially at
diastole.

From the results obtained for a patient-specific geometry,
we conclude that, when using the geometry without the



Fig. 6: The velocity magnitude for the Newtonian model and the Carreau model (left), their differences (middle), and their
particle tracing (right), at the steady state (top), at diastole (middle) and at the systolic peak (bottom), using the same seeding
points in each case.

Fig. 7: The WSS difference between the Carreau steady solution and the unsteady one at diastole (left), and at systole
(second column), the temporal mean (third column), and the 3D-1D coupling boundary condition (right).

Fig. 8: The velocity magnitude difference, for the Carreau model, between using standard boundary conditions and coupling
with the 1D model(first column and second column, with different scales), using standard boundary conditions and coupling
with the 0D model (third column), and coupling with the 1D model and the 0D model (forth column), both for the clipped
(top) and the wider (bottom) geometries.



Fig. 9: The velocity magnitude difference, for the Carreau model, between using the two geometries, clipped (columns) and
wider (rows), with the standard boundary conditions and coupling with the 1D model and 0D.

Fig. 10: The WSS (first column), WSSG (second column), and OSI (third column), for the Carreau model, using standard
boundary conditions (left), coupling with the 1D model (middle), and with the 0D model (right), both for the clipped (top)
and the wider (bottom) geometries.

side branches, the 0D coupling strategy is sufficient to
account for the effects of the rest of the circulatory system.
This is confirmed by the similarity between the solution
on the geometry including side branches, using standard
or 0D coupling boundary conditions, and the solution for
the geometry with no side branches, using either 1D or
0D coupling conditions. Although further tests are required,
these results are very encouraging and lead to the conclusion
that the reduced models coupled at the downstream sections
of a clipped geometry can simulate the presence of the side
branches. The similarity between both coupling strategies
in the geometry without side branches is corroborated for

all the analyzed indicators, i.e., the velocity magnitude, the
WSS, the WSSG, and the OSI. Notice that, the distinction
between coupling each geometry with a 1D model is related
to the length of the 1D tube, that is, the length of the side
branch. Clearly, a comparative study between the length
of the 1D model and the side branch poses an interesting
future work, since, as we have seen from the comparative
analysis performed here, considering different sizes of the
1D model affects the pressure drop between the inflow and
outflow sections, and thus the flow division. Considering
the geometry with side branches, the remarkable similarity
between the velocity magnitude for the standard boundary



Fig. 11: The WSS (first column), WSSG (second column), and OSI (third column) difference, for the Carreau model, between
using standard boundary conditions and coupling with the 1D model(left), using standard boundary conditions and coupling
with the 0D model (middle), and coupling with the 1D model and the 0D model (right), both for the clipped (top) and the
wider (bottom) geometries.

condition, and the 0D coupling case, even if there are
considerable differences of the OSI, can indicate that, when
using a more detailed geometry, the 0D model does not
represent properly the impact of the systemic circulation.
In this case the 1D model might better incorporate those
effects. Overall, by accounting for the main side branches,
the solutions for the velocity magnitude, WSS, WSSG, and
OSI, show a higher sensitivity to variations of the adopted
boundary condition strategy.
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