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Abstract - The treatment of patients with cerebral aneurysms 
poses multiple challenges to physicians from rupture to 
treatment risk assessment and their consequences to the 
patient’s health. Risk estimation support is highly required to 
make the optimum decisions for individual patients. The aim of 
this study is to develop the workflow of a simulation method for 
the analysis of hemodynamics and structural mechanics of 
cerebral aneurysms as well as its possible clinical 
implementation.  
Medical imaging data was taken and converted into CAD data 
(STL format) to use as geometric input for simulations. Fluid-
Structure Interaction (FSI) simulations are utilized in the inflow 
vessel, the outflow vessels as well as a typical aneurysm. Aitken’s 
underrelaxation method is used to ensure convergence between 
hemodynamics and structural mechanics. The influence of linear 
and non-linear elastic material properties of the vessel wall as 
well as the influence of wall thickness reduction in the aneurysm 
sac are investigated.  
In this work, two major hemodynamic (wall shear stress and 
oscillatory shear index) and two structural mechanic quantities 
(wall displacement and Mises stress) are evaluated and 
compared between the different models. The linear elastic 
material model tends to overestimate displacements at high 
strain rates. The reduction of wall thickness in the aneurysm 
region shows an increase in wall stresses. In both cases 
hemodynamic phenomena are not changed, however a tendency 
of aneurysm growth can be identified.  
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The model is implemented as part of a graphical user interface. 
With this, it is possible for medical personnel without simulation 
background to run sophisticated Fluid-Structure interaction 
simulations with ease and in future to make optimized decisions 
for patient treatment. 
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1. Introduction
Cerebral aneurysms are occurring in about 2–5% of

the overall population [1]. Rupture of aneurysms lead to 
subarachnoid hemorrhage (SAH), which is commonly 
associated with high mortality and morbidity. Several 
studies have demonstrated various well-known clinical, 
genetic, morphological or hemodynamic factors for 
initiation, growth and rupture of cerebral aneurysms 
[2,3,4]. 
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An increase in the use of medical imaging has led to 
a larger number of detected unruptured aneurysms. This 
in turn leads to an increased need for treatment 
decisions. Only aneurysms close to rupture should be 
treated as the treatment itself contains many risks for 
the patient. Thus, reliable support for decision making is 
needed to better treat patients. 

Recently, investigations using computational fluid 
dynamics (CFD) could demonstrate significantly 
different hemodynamics in ruptured versus unruptured 
aneurysms [5,6,7]. Hemodynamic phenomena provide 
mechanical triggers that are transduced into biological 
signals leading to possible aneurysm growth and rupture 
[8]. Hemodynamics are influenced by aneurysm 
geometry and thus morphological parameters [9].  

Further, although many detailed fluid dynamics 
simulations including complex flow patterns have been 
performed [2,3,5,6,7,8,9,10], so far only a few studies 
have focused on structural dynamics calculations 
[11,12,13]. In our opinion, a comprehensive evaluation 
of individual hemodynamics should include analysis of 
fluid as well as structural aspects using fluid-structure 
interaction (FSI) analysis. 

To model combined hemodynamics as well as 
structural mechanics, a reliable simulation workflow is 
developed and implemented into a simulation suite. This 
way in the future medical personnel can also set up, start, 
and evaluate simulations without extensive simulation 
background. 

2. Methods

2. 1. Patient image data, simulation geometry and
mesh

The aneurysm geometry is extracted from medical 
image data obtained via digital subtraction angiography 
(DSA). The segmentation of the cerebral aneurysm 
geometry is performed with intensity thresholding and 
minor editing of the voxel volume. The segmentation is 
converted into a surface mesh via the marching cubes 
algorithm. The centerline of the surface mesh is 
calculated and inlet as well as outlet planes are placed 
perpendicular to these lines. The final set of surfaces 
(parent vessel, aneurysm, inflow, outflows) is saved as 
triangulated surfaces in STL format (see figure 1 left). A 
sufficient resolution is guaranteed for the correct 
depiction of all geometric features. 

The volumetric fluid mesh is automatically 
generated utilizing the STL files as input. A hex dominant 
grid is generated in order to avoid bad quality cells and 

numerical instabilities. The solid mesh is extruded from 
the fluid mesh with a certain pre-defined thickness 
resulting in a high quality grid. Figure 1 shows on the 
right-hand side a typical calculation mesh in the fluid 
(grey) and solid (red) region. 

Figure 1. Generated STL file of aneurysm (left) and generated 

volume mesh for simulations (right) 

2. 2. Hemodynamic and structural mechanic
modelling

An in-house finite volume solver based on the open-
source computational fluid dynamics tool OpenFOAM 
[13] in combination with the fluid-structure interaction
library solids4Foam [14] was used to numerically solve
the unsteady equations of the process.
For hemodynamic modelling the governing equations
are given by the principles of mass and momentum
conservation with the help of the continuity equation as
well as the Navier Stokes equations,

𝜕𝜌

𝜕𝑡
+ 𝛻 ∙ 𝜌𝐮 = 0

(1) 

𝜕𝜌𝐮

𝜕𝑡
+ 𝛻 ∙ 𝜌𝐮𝐮 = −𝛻𝑝 + 𝜵 ∙ 𝛔 + 𝐅 (2) 

Here, ρ is the fluid density, t is the time, 𝐮 is the 
velocity vector, p is the fluid pressure, 𝛔 is the fluid stress 
tensor and F is the vector of possibly additional forces 
(e.g. gravitation). In order to analyse hemodynamic 
results, the oscillatory shear index is defined as  

𝑂𝑆𝐼 =
1

2
(1 −

‖∫ 𝛔𝐖
𝑇

0
𝑑𝑡‖

∫ ‖𝛔𝐖‖
𝑇

0
𝑑𝑡

) (3)
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where, 𝛔𝐖 is the fluid wall shear stress (WSS) 
vector. The index is defined in the interval between 
[0;0.5] and gives the quantity of oscillatory behaviour of 
the wall shear stress on the fluid wall.   

For structural mechanic modelling, the principle of 
force conservation is utilized. For linear elastic materials 
the equation is given by 

 

∫
𝜕2𝜌𝑠𝐮𝑠

𝜕𝑡2
𝑑Ω0

Ω0

= ∮ 𝐧𝟎

𝛤0

∙ 𝛔𝐬𝑑𝛤0 + ∫ 𝜌𝑠𝐛
Ω0

𝑑Ω0 (3) 

 

𝛔𝐬 = 2µ𝛆𝐬 + 𝜆 𝑡𝑟(𝛆𝐬) 𝐼 (4) 

𝛆𝐬 =
1

2
(𝜵𝐮𝑠 + 𝜵𝐮𝑠

𝑇) 

 

(5) 

µ =
𝐸

2(1 + 𝜈)
 

 

(6) 

𝜆 =
𝜈𝐸

(1 + 𝜈)(1 − 2𝜈)
 (7) 

 
 
Here, 𝜌𝑠 is the solid density, 𝐮𝑠   is the vector of 

displacement, 𝐧𝟎 is the surface normal vector, 𝛔𝐬 is the 
solid stress tensor and b is the vector of possible body 
forces. E is Young’s modulus and ν is Poisson’s ratio. For 
non-linear elastic materials equation (3) turns into 

 

∫
𝜕2𝜌𝑠𝐮𝑠

𝜕𝑡2
𝑑Ω0

Ω0

= ∮ (𝐽𝐅−𝐓 ∙ 𝐧𝟎)

𝛤0

∙ 𝛔𝐬𝑑𝛤0

+ ∫ 𝜌𝑠𝐛
Ω0

𝑑Ω0 

(8) 

  

F is the tensor of the deformation gradient and J is its 
Jacobian. The stress tensor 𝛔𝐬 for non-linear elastic 
materials is derived from the strain energy function [15]. 
For the investigated N=3 Ogden model the function is 
given by  
 

𝑊 = ∑

3

𝑖=1

2µ𝑖

𝛼𝑖
2 (𝜆1

𝛼𝑖 + 𝜆2
𝛼𝑖 + 𝜆3

𝛼𝑖 − 3)

+
𝐾1

2
(𝐽 − 1)2 

(9) 

The solution workflow in Fluid-Structure interaction 
simulations is shown in figure 2 (a). Equations (1)-(9) 
are solved sequentially by first solving the fluid 
mechanic equations (1) and (2). Fluid pressure and the 
stress tensor are interpolated via the interaction surface 
from fluid to solid. These quantities are added to 
equations (3) or (8) as body forces. After solving the 
solid equations (3) or (8), the displacement of the solid 
is interpolated onto the fluid and the region is morphed 
accordingly. This workflow is iterated utilizing the 
Aitken [14] underrelaxation method to guarantee 
convergence within a time step. 
 

 
(a) 

 
(b) 

Figure 2. Fluid-Structure Interaction iteration workflow 
within a time step (a) and utilized stress-strain curve for the 

linear and non-linear models (b) 
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A pulsatile flow condition in the form of a time-

dependent velocity curve [16] is imposed as boundary 
condition for the fluid flow at the inflow surface, whereas 
experimental pressure data is taken from [17] in order 
to define a time dependent condition at the outflow 
surface. Along the walls no-slip conditions are assumed. 
Blood is modelled as a fluid with a viscosity of 0.04 Poise 
and a density of 1.06 g/cm3. One cardiac cycle [18] with 
a heart-beat rate of 60 beats per minute is calculated 
with 100 time-steps per cardiac cycle. 

Solid mechanic boundary conditions are applied by 
fixing the vessel walls at the in- and outflow faces. The 
vessel wall is assumed to be either linear or nonlinear 
elastic. For linear elastic modelling, a Young’s modulus 
value of 24.9 MPa [18] and a Poisson’s ratio of 0.49 are 
utilized. These values are the maximum values in [18]. In 
the non-linear elastic simulations with the Ogden model 
constants are set to be µ1 = 0.65𝑒6, µ2 = µ3 = 0, and 
𝛼1 = 4.84, 𝛼2 = 𝛼3 = 1. Figure 2 (b) shows the strain-
stress curve for the linear and non-linear elastic Ogden 
material model. A deviation between the curves above a 
strain of 0.2 can be clearly seen. As the fluid pressure 
(and with it the solid stresses) is prescribed in the solid 
iterations, at high stress values the strain (and 
displacement) is overestimated by the linear elastic 
model.  

 

3. Model validation 
To investigate the validity of simulation results the 

quality of results generated by presented models is 
compared to experimental results. Experiments are 
carried out with a custom-built setup as described below 
[19]. 

For the experimental validation the flow in two 
flexible geometries is considered and the wall strain is 
captured for comparison with the simulations. The two 
geometries are the following:  

 Simple channel (see Figure 3 (a)) - wall 

thickness 0.5mm, length 80mm 

 Channel with varying wall thickness (see Figure 

3 (b)) – wall thickness 0.5mm/1 mm, length 80 

mm, centered in the middle 4 cm long thinner 

section with wall thickness of 0.5 mm 

3. 1. Experimental setup 
The flexible channels are manufactured with silicone 

casting out of a special material Dragon Skin 10 (Smooth-
On, Macungie, USA). The moulds are created by material 

extrusion Fused Filament Fabrication (FFF) and material 
jetting (PolyJet). In the experiments, blood circulation is 
mimickedin a way, that water is circulated with the help 
of a pump controlled by a stepper motor (Figure 4 (a)). 
For this purpose, the flexible channels are clamped into 
the circuit with rigid channels to avoid additional 
displacement outside of the investigated geometries. The 
entire test setup is shown in Figure 4 (b).  

 
(a)                                             (b) 

Figure 3. Simple channel geometry with constant wall 
thickness (a); Channel geometry with varying wall thickness 

(b) 

 

 
(a) 
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(b) 

Figure 4. Image of the pump with stepper motor and flexible 

channel (a); experimental setup with camera system (b) 

 
As the pump moves the water through the channels, 

the stepper motor predefines a certain pressure curve 
over time in the system. This way in the experiment 
different pressure dynamics and the impact on the 
flexible channels can be observed. The flexible channel is 
mimicking the flexible blood vessel around the 
aneurysm as well as the aneurysm itself in the human 
body under constant pressure changes in a heart cycle. 
The comparison of the strain in the channels between 
experiment and simulation gives an estimate of how well 
the simulation method can depict the dynamics in a real-
life aneurysm. 

For the determination of the strain of the flexible 
channels the Aramis System (GOM, Braunschweig, 
Germany) for Digital Image Correlation is used [19]. 

These geometries are subjected to two different 
pressure profiles over time in order to experimentally 
record the strain of the geometries with the camera 
system.  
 

1. Trapezoidal pressure curve 

2. Blood pressure curve from literature [17] 

Pressure is measured directly at the exit of the 
flexible channels with a pressure sensor. This value of 
strain of the flexible channels is compared with th results 
in the simulation. 

The Young’s modulus of the channels is defined with 
350 kPa and a Poisson's ratio with 0.48 [19]. This 
material is softer than the maximum value used from 
[18], but is still between minimum and maximum values 
of Young’s modulus in [18]. Thus, this material is still 
applicable to mimic the behavior of blood vessels. 

 

4. 2. Comparison experiment and simulation 
Simulation and experimental results of the strain 

(see equation 5) are shown in figures 5 and 6. The green 
curves in Figure 5 indicate the measured pressure curves 
in the experiment (prescribed values from literature 
curve from [17]). There are slight differences in 
experiments due to inaccuracies in the experimental 
setup. The first pressure profile is used in the simulation 
as a pressure boundary condition. The two blue curves 
show the strain over time in the two experiments. In 
comparison, the orange curve of the simulation shows a 
good agreement in its time evolution, as it remains 
mostly in-between the two experimental curves.  

 

 
Figure 5. Blood pressure curves from literature in the 

channel with constant wall thickness: strain curve (orange) in 
simulation; strain curves in two experiments (blue); pressure 

curves in two experiments (green) 
 
Figure 6 shows the strain and pressure curves the 

geometry with the varying wall thickness in case of a 
trapezoidal pressure curve. Also, in this case the first 
curve is used in the simulation. In this case, strain values 
are again in-between the experimental results and 
differences are mostly due to inaccuracies in the 
experiments. In some cases, differences in experiments 
vary significantly [19]. This is due to the fact, that there 
is a time delay in the experimental setup. 

Tables 1 and 2 show the values of strain in the 
channels at the time of maximum pressure (not 
maximum strain). In all cases, simulation results are 
close to experiment 1 (pressure condition in simulation 
always taken from first experiment).  

 
Table 1. Strain value in experiments and simulation at time of 

maximum pressure in the constant wall thickness channel. 
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pressure 
curve 

simulation 
[%] 

experiment 
1 [%] 

experiment 
2 [%] 

literature 5.53 5.41 5.11 
trapezoid 6.10 5.70 4.90 

 

These results shows that the difference between 
experiment and simulation is in the same order of 
magnitude as the difference between two experimental 
runs with the same prescribed pressure curves. 
Simulations can determine the movement of elastic 
channels with the same accuracy as the experimental 
setup.  

This way the simulation model is adequate to model 
the fluid flow of soft and elastic tissues found in blood 
vessels in cerebral aneurysms.  

 

 
Figure 6. Trapezoid pressure curves in the channel 

with varying wall thickness: strain curve (orange) in 
simulation; strain curves in two experiments (blue); pressure 

curves in two experiments (green) 

 
Table 2. Strain value in experiments and simulation at time of 

maximum pressure in the varying wall thickness channel. 

pressure 
curve 

simulation 
[%] 

experiment 
1 [%] 

experiment 
2 [%] 

literature 4.09 4.04 2.63 
trapezoid 4.77 4.37 4.51 

 

4. Hemodynamic and structural mechanic 
behaviour 
 
4. 1. Influence of linear and non-linear material 
model 

Figure 7 shows the relative wall shear stress (WSS 
scaled by the maximum value) as well as the oscillatory 
shear index (OSI) for the linear and non-linear elastic 

material models. WSS is high in the parent vessel and is 
low in the aneurysm.  

In contrast OSI is high in the aneurysm, which may 
indicate aneurysm growth [8]. Comparing the linear and 
non-linear elastic simulations no significant difference 
can be seen in the hemodynamic quantities, as the 
difference is in the structural modelling.  

 
 

 
(a) 

 
(b) 

Figure 7. Wall shear stress (a) and oscillatory shear 
index (b) with the linear (left aneurysm) and the non-linear 

elastic model (right aneurysm) 

 
Figure 8 shows the wall displacement as well as the 

wall equivalent Mises stress. As expected from figure 2 
(b) the displacement is overestimated by the linear 
elastic material model especially in the aneurysm sac in 
comparison with the non-linear model, as increased 
stresses don’t result in a linear increase of strain and 
dispalcement. The stress distribution is slightly elevated 
in the case of the non-linear elastic model, however the 
qualitative distribution is very similar. 
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(a) 

 
(b) 

Figure 8. Wall displacement (a) and Mises stress (b) with the 
linear (left aneurysm) and the non-linear elastic model (right 

aneurysm) 

 
The linear elastic model is adequately accurate for 

stress estimations, however for high stress/strain 
scenarios only the non-linear elastic model can be 
utilized for strain and displacement estimation.  
 
4. 2. Influence of wall thickness 

In addition, the workflow also enables the variation 
of the thickness of the aneurysm wall compared to the 
parent vessel. Here, the wall thickness of 0.3 mm is 
reduced to 0.15 mm in the aneurysm wall. The wall 
thickness in the parent vessel is kept at 0.3 mm. Results 
compared to the constant wall thickness of 0.3 mm are 
shown in figure 9, where the relative wall shear stress as 
well as the oscillatory shear index (OSI) can be seen 
(both models utilize the linear elastic material model).  

Relative WSS and OSI show very similar behaviour in 
this comparison. The influence of wall thickness 
reduction is almost negligible. 

 

 
(a) 

 
(b) 

Figure 9. Wall shear stress (a) and oscillatory shear index (b) 

with constant (left aneurysm) and varying wall thickness (right 

aneurysm) 

 

Figure 10 shows the wall displacement as well as the 
wall equivalent Mises stress with constant and varying 
wall thickness. A reduction of wall thickness in the 
aneurysm considerably increases the stress in the wall 
increasing the potential risk for rupture. Therefore, the 
wall displacement is also increased.  

With this additional option to investigate a varying 
wall thickness distribution an even better estimation of 
rupture behaviour can be achieved in future simulations, 
by using the most realistic thickness distribution [9].   
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(a) 

 
(b) 

Figure 10. Wall displacement (a) and Mises stress (b) with 

constant (left aneurysm) and varying wall thickness (right 

aneurysm) 
 
 

5. Method implementation for clinical 
considerations 

The presented workflow and results will be used for 
future clinical considerations of patients with 
unruptured cerebral aneurysms. Therefore, a software 
suite has been created for qualitative and quantitative 
interpretation of hemodynamics as well as structural 
mechanics.  

With the help of a graphical interface, even users 
without detailed simulation background can set up and 
start simulations automatically.  

Results can be visualized and qualitatively analysed 
for focal changes of hemodynamic and structural 
mechanic quantities. This enables medical personnel to 
identify low WSS and high OSI regions, which show 
increased tendencies for aneurysm growth. With the 
GUI, simulations can be run for annually generated 

medical data, and a patient history can be created. In case 
significant changes occur over years, adequate steps can 
be taken in the treatment of the patient.  

In addition, data of over 400 patients will be 
processed in a future step and simulations will be run. 
With this it is possible to create a statistical evaluation of 
hemodynamic and structural mechanic quantities. This 
way ruptured aneurysms can be statistically compared 
to stable aneurysms and statistically relevant quantities 
can be identified, which can be used for rupture risk 
estimation.  

From a clinical point of view, technical advances that 
allow routine rupture risk prediction in patients with 
unruptured cerebral aneurysms are highly warranted. 
Most importantly, this software should be “self-
explaining” so that the neurosurgeon can easily use it in 
his daily routine. 

 
6. Conclusions 

In this work a simulation method is presented to 
model the combined FSI behaviour of hemodynamics 
and structural mechanics of cerebral aneurysms. Using 
this method, the analysis of the local distribution of 
different quantities is possible. Furthermore, clinically 
relevant behaviour like aneurysm growth or rupture 
may be estimated.  

In addition, simulation results were validated with 
experiments in order to guarantee the validity of the 
presented method.  

For rupture estimation, in future steps a statistic 
evaluation of image data over 400 patients will be 
conducted to identify statistically significant quantities, 
which can help separate ruptured (or close to rupture) 
aneurysms from stable aneurysms.  

An intuitive GUI is being developed for medical 
personnel (especially neurosurgeons) without special 
simulation background to automatically run simulations 
and evaluate results.  
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Nomenclature 
 

𝜌 fluid density 
t time 
𝐮 velocity vector 
p pressure 
𝛔 fluid stress tensor 
F vector of additional fluid forces 

𝛔𝐖 fluid wall shear stress 

𝜌𝑠 solid density 
𝐮𝑠 vector of solid displacement 
𝐧𝟎 surface normal vector 
𝛔𝐬 solid stress tensor 
b Solid body forces 
E Young’s modulus 
𝜈 Poisson’s ratio 

𝐅−𝐓 
transposed tensor of solid 
deformation gradient 

J Jacobian 

µ𝑖  Ogden model constants 

𝛼𝑖  Ogden model constants 

𝜆𝑖  
principal stretches as defined by the 
Ogden model 

K1 bulk modulus 
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