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Summary

Intracranial aneurysms are degenerative widenings appearing on the arteries supplying

the brain, they may rupture causing stroke. Studies demonstrated that hemodynamics

play an important role in the initiation, development and rupture of these lesions. Under-

standing these processes may help therapists to decide if a given lesion needs intervention.

Combining modern medical imaging techniques with the numerical techniques, available

in computer aided engineering, became a widespread research strategy in the field of in-

tracranial aneurysms.

The present work introduces a workflow, which is able to connect the medical equip-

ment and software environment of the National Institute of Neurosciences in Hungary with

commercial engineering software packages to carry out patient-specific computational fluid

dynamics simulations based on medical images. The applied numerical methodology was

experimentally validated after the generation of an idealised cardiac cycle using a novel

unsteady flow rate generation in a magnified model of a patient-specific aneurysm. In this

the velocity distribution was mapped using particle image velocimetry and laser Doppler

anemometry and the agreement with the numerical results was found.

In case of patient-specific simulations the geometry of the studied artery segment has

to be “cut out” from the medical images. As a result of boundary condition studies on

the inlet flow conditions, recommendation for the location of the cut surfaces is given and

an effective inlet boundary condition prescription is proposed. The sensitivity of the flow

on the shape of the cardiac cycle was studied and found that the the peak- and minimum

flow rate are the most critical features of a cycle.

The initiation and growth was studied with the workflow by analysing medical images

before and after the aneurysm appearance. With neurosurgeons we came to the conclusion

that high wall shear stress together with high spatial wall shear stress gradients might have

an important role in the initiation of intracranial aneurysms which was suspected before

on the basis of animal experiments. The initiated aneurysm was found to be expanding

in the distal direction of the flow.

The hydrodynamic effects of endovascular aneurysm treatment were also studied.

These studies include the coil embolisation and the parent artery reconstruction using

densely woven stents. With a porous approach in case of coil embolisation the limited

flow decelerating capability of these devices was found. A novel porous approach com-

bined with laboratory measurements is introduced to study the hemodynamic effect of

densely woven stents. Among other results, rapidly decreasing intra-aneurysmal flow re-

duction with increasing number of inserted stents was found with the developed method.
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Összefoglalás

A koponyaűri aneurizmák az agyat ellátó artériákon rendellenesen megjelenő tágulatok,

melyek kihasadásuk esetén agyvérzést okoznak. Vizsgálatok kimutatták, hogy az aneu-

rizmák keletkezésében, növekedésében és kihasadásában a hemodinamika fontos szerepet

játszik. Ezen folyamatok megértése seǵıtheti a kezelőorvos döntését egy beavatkozás

szükségességéről az egyes aneurizmák esetén. A modern orvosi képalkotó eljárások és

a mérnöki tevékenység során használt numerikus eszközök kombinációja elterjedt kutatási

módszertanává vált a koponyaűri aneurizmák témakörének.

Jelen munka bemutat egy munkamenetet amely képes az Országos Idegtudományi

Intézet orvosi eszközökből és szoftverekből álló munkakörnyezetét összekapcsolni mérnökök-

nek szánt kereskedelmi programcsomagokkal, ı́gy lehetővé téve az orvosi felvételek fel-

használását betegspecifikus szimulációk elkésźıtéséhez. Az alkalmazott numerikus eljárás

pontosságát egy felnagýıtott betegspecifikus koponyaűri aneurizma modell seǵıtségével,

abban egy egyszerűśıtett sźıvciklusnak megfelelő térfogatáram előálĺıtását követően, ḱısér-

letileg igazoltam. A modellben particle image velocimetry és lézer Doppler annemome-

tria seǵıtségével feltérképeztem a sebességteret amely jó egyezést mutatott a numerikus

eredményekkel.

Betegspecifikus szimulációk esetén a vizsgált artériaszakaszt ki kell vágni az orvosi

felvételekből. A belépő peremfeltételek vizsgálatának eredményeképpen a vágási felületek

elhelyezésére vonatkozó ajánlásokat adtam illetve javaslatot tettem egy hatékony belépő

peremfeltétel megadási módszerre. Az áramlás sźıvciklus alakjára való érzékenységének

vizsgálata során azt találtam, hogy a csúcs- illetve a minimum térfogatáram értékek a

kritikus tulajdonságai a ciklusnak.

A munkamenet seǵıtségével vizsgáltam a kialakulás és a növekedés folyamatát az aneur-

izma megjelenés előtt és után készült orvosi felvételek elemzésével. Neuroradiológusokkal

arra a megállaṕıtásra jutottunk, hogy a magas fali csúsztatófeszültség és térbeli csúsztató-

feszültség gradiens együttese fontos szerepet játszhat az aneurizmák kialakulásában, melyet

korábban állatḱısérletek alapján gyańıtottak. Úgy találtuk, hogy a kialakult aneurizma

tágulása az áramlás disztális irányába történik.

Az aneurizmák endovaszkuláris kezelésének hidrodinamikai hatásait is vizsgáltam. Ezek

a vizsgálatok foglalkoztak a coil embolizációval illetve a sűrűfonatú sztentekkel történő

szülőér rekonstrukcióval. Porózus megközeĺıtés seǵıtségével a coil embolizáció esetében

az eszközök korlátozott áramláslasśıtó képességét találtam. Laboratóriumi ḱısérletekkel

kiegésźıtett újszerű porózus modellezési eljárás került bemutatásra mellyel vizsgálhatóak

a sűrűfonatú sztentek hemodinamikai hatásai. Többek között gyorsan csökkenő aneur-

izmán belüli áramlási sebesség csökkenést találtam a módszer seǵıtségével növekvő számú

behelyezett sztent esetén.
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Chapter 1

Introduction

1.1 The cardiovascular system

The evolutional demand for increased transport of oxygen and nutrients to the building

blocks of an organism, the cells, resulted in the development of a complex distribution

system in large animals. The high metabolic rates of these species due to the many

operational functions, demanded a cardiovascular system, which is the basic and most

important part of the machine called the human body.

The blood flow, driven by the dual pump called the heart, constantly feeds the cells

in our body with nutrients. It flows into our arteries from the left ventricle of the heart

where it gets distributed through a complex branched network of arterioles and capillaries.

The deoxygenated blood is then collected and flows through a network of veins driven by

various mechanisms and returns to the right ventricle of the heart. From here the blood

flows into our lung where it is reoxygenated and returns to the left ventricle, completing

the circle along the vascular network. In an average of 75 years life span, the human heart

pumps an amount of 400 million liters of blood [1]. With every stroke, repeated 75 times

a minute in average, around 70 ml of blood is pumped into the aortic arc with a mean

pressure of 120 mmHg. The pressure waves travel along the arterial network reflecting at

each branching point of the arteries forming various pressure and flow rate waveforms at

different parts of the network depicted in Figure 1.1 [2].

The pulsation of the blood flow repeatedly deforms the distensible walls of the arterial

network. The composite structure of the vessels are built up from three layers. The

innermost layer called intima is the one in direct contact with the blood flow built up

of a single layer of endothelial cells. These cells are able to sense and react to various

conditions in the blood flow. This sheet is connected through elastic fibrils, connective

tissues and collagen bundles to the second layer called the media. Media is mostly built

from smooth muscle cells, elastin layers and fibers embedded in a collagen matrix. It

provides the most structural strength of the wall. While the elastin components provide

1
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Figure 1.1: The main arteries (red) and veins (blue) of the human circulatory system

(Source: http://www.wikipedia.org/)

the elasticity and collagen fibers give the strength of the walls, the smooth muscle cells

act as an active sheet controlled by the nervous system to accommodate the vessel tension

to temporal needs. The outermost layer of the vessels is called adventitia, which contains

mostly collagen fibers. In larger arteries it contains small supplying vessels and nerves.

This layer is mostly responsible for the connection with the surrounding tissues. The exact

composition of the vessel walls depend on their distance from the heart and their primary

function. The wall structure of a large artery is depicted in Figure 1.2.

The deformation of the walls is not only the result of a passive process driven by

the loads of the flow and the complex structure of the vessel walls, rather a result of

an interaction between the blood flow and the actively regulated vessel tension. The

regulation of the vessel walls happens on both short and long term. To respond to the
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Figure 1.2: Wall structure of a large artery (Source: http://www.wikipedia.org/)

short term demands of a specific organ or a specific state of the body, the constriction

or dilatation of the vessels can be inhibited by vasoactive chemicals. Such vasoactive

materials are prostacyclin causing dilatation and nitric oxide causing constriction of the

vessel walls. The endothelial cells are able to extract these molecules as a reaction to

various conditions in the wall shear stress (WSS) distribution [2]. The natural renewal

process of the human body makes the circulatory system and thus the vessels able to

accommodate to long term changes. The process called remodeling is the key to maintain

the function of the circulatory system by the constant renewal of the cells. Apart from the

ageing of the human body there may be degenerative processes during this remodeling,

which cause various problems in the normal functioning of the cardiovascular system.

Statistical studies show that cardiovascular diseases are the leading cause of death

before the age of 65 in Europe, causing 30% of deaths and the number is rising with age

[3]. Problems may occur at various sites of the cardiovascular system often in the arterial

network. Aneurysms are one of the many diseases. They affect the vessels in the form of

abnormal local widening of the wall.

1.2 Intracranial aneurysms

The word aneurysm originates from the ancient greek word “ὰνεύρυσµα” (aneurusma)

meaning dilatation. One of the most common places of appearance are the arteries, most

frequently on the arteries supplying the brain (intracranial aneurysm) or on the abdominal

section of the descending aorta (abdominal aortic aneurysm). The current work focuses
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on the study of intracranial aneurysms which are found in approximately 5% of the human

population [4]. The typical forms of these lesions are depicted in Figure 1.3.

Figure 1.3: Typical forms of intracranial aneurysms shown in medical images; side-wall

(left) and bifurcation (right) aneurysms

Rupture of such aneurysms is the most frequent reason of subarachnoid hemorrhage,

a special type of stroke that affects 0.1 to 0.15% of the population each year and results

in death or permanent disability in 35 to 40% of its victims [5]. These statistics imply

that not all aneurysm are dangerous for the patient, and therefore only those should be

treated whose lesion is likely to burst. Current data show that the risk of a treatment is

in the same magnitude as the risk of the burst of an undetected intracranial aneurysm.

Therefore, it would be beneficial in the clinical practice, to have a deep insight in the

processes causing aneurysm rupture and the ability to detect those. Initiated by these

problems in the past 30 years, the study of intracranial aneurysms attempted to answer

four major questions [2]:

1. What is the reason for the development of an aneurysm?

2. What influences and drives the rate of enlargement of an aneurysm?

3. What leads to the rupture of an aneurysm?

4. What is the best way to treat a given lesion?

It is generally accepted in the literature that aneurysms form and progress as the

result of a complex interaction between four factors. The biomechanics of the vessel wall;

mechano-biological processes; the peri-aneurysmal environment and hemodynamics [2].

Therefore, the research in the field involves a broad interdisciplinary knowledge from fluid
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dynamics to cell biology. The knowledge of the initiation, progression and rupture of

intracranial aneurysms is still limited, occasionally controversial and far from the goal to

provide unambiguous answers to the questions above.

Initiation Initiation is accepted to be the result of the interplay between the defective

behaviour of the biological processes in the arterial wall and certain hemodynamic con-

ditions. The behaviour of the biological processes are influenced by certain risk factors

such as genetic disorders; obesity; hypertension; diabetes; diet; lack of exercise; alcohol;

age and gender [2]. Because of the shear sensitivity of the intimal layer it is suspected

that aneurysm initiation is triggered by abnormal WSS distribution on the wall. Most

intracranial aneurysms are found in the Circle of Willis, a redundant closed loop of ar-

teries in the skull ensuring the distribution of nutrients to the various sites of the brain

in all flow conditions (Figure 1.4). This vessel formation is characteristic for its sharp

bends and frequent branching sites. These geometric formations are known to be exposed

to unsteady WSS fluctuations and high spatial gradients. Additionally, branching points

are lack of the smooth muscle cells in the media layer providing the necessary structural

strength of the vessel [2]. In animal experiments, elevated WSS was found to cause the

fragmentation of the elastic sheet in the intima. It was shown that increased flow and

systemic hypertension is required to create aneurysms [6], but the exact role of WSS in

the initiation is still unknown.

Growth There are two main contradicting theories for intracranial aneurysm growth;

high-flow and low-flow theory [6]. In the high-flow theory the increased WSS is thought to

be the driving factor of the process which causes the injury of the intima layer, inhibiting

degenerative biological processes in the wall. Abnormal nitric oxide extraction initiated

by this process may take place, acting on the smooth muscle cell tension. The continuous,

increased wall tension further increases the degenerative remodeling of the wall. This

ultimately leads to the bulging of the vessel wall as a result of the lack of equilibrium

between tensile stresses and the wall elasticity. Low-flow theories are reasoning that

the decreased flow causes stagnation zones in the flow causing abnormal intima reaction.

Additionally, the aggregation of platelets in these zones may lead to the injury of the intima

layer causing local inflammation and degenerative remodeling of the wall. The enlargement

of an aneurysm bulge is largely influenced by the environment which can vary from patient

to patient causing a large diversity in the forms of developed intracranial aneurysms.

Rupture The rupture of an aneurysm occurs when the weakened wall is no longer able

to withstand the load of the blood flow. Blood pressure plays the dominant role in this

process. The peri-aneurysmal environment was also found to play an important role in

this matter since it might provide additional support for the aneurysm bulge even if the
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Figure 1.4: The most common site of intracranial aneurysms, the Circle of Willis (Source:

http://www.wikipedia.org/)

bulged vessel wall could not withstand the loads. Additionally, stress concentrating areas

might form in certain support conditions, such as a nerve filament touching the wall. The

risk of an aneurysm rupture is mostly judged by its size, location and the medical history

of the patient. An accepted indicator of the risk of an aneurysm was found to be the aspect

ratio, which is the depth of the aneurysm sac compared to the neck diameter proposed by

Ujiie et al. [7]. Cases with an aspect ratio higher than 1.6 was found to be more likely

to burst. This agrees with the medical findings and what common sense dictates; larger

bulges are more likely to burst. Still there are numerous cases reported when a small

aneurysm ruptures or when a large one stabilises, therefore, the current knowledge is still

controversial in this matter.
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Treatment If the aneurysm is found to be dangerous by the medicians there are two

basic strategies of treatments. The surgical method, which accesses the aneurysm through

an opening of the skull and the endovascular technique approaching the lesion within the

arteries of the body [8]. In the first case the aneurysm neck is clipped. This method carries

a significant risk and can only be applied in certain cases when the lesion is accessible. In

general, the endovascular is less invasive but can not always prevent the aneurysm from

recurring later. In this case, coils or a special polymer foam is used to fill the aneurysm

sack sometimes along with a stent, a tubular device supporting the filling material and

keeping it in place. Nowadays special stents are also used without any additional filling

mostly in case of large sized aneurysms to reconstruct the original vessel geometry of the

bulged segment [9].

Fluid dynamics is found to play an important role in all the above processes and

therefore it is widely studied. The most popular tool in the research of the blood flow in

intracranial aneurysms is computational fluid dynamics (CFD) which provides a conve-

nient way to analyse the complicated flow patterns. Sometimes the numerical studies are

supported by experimental validations, or rarely experiments are used to study the flow.

1.2.1 Flow in intracranial aneurysms

There are two main approaches in the literature to study the flow in aneurysms. Creating

well controllable artificial geometries capturing the most essential geometric features and

studying the less complicated flow patterns systematically is the first. Capturing patient-

specific geometries with medical imaging techniques and analysing the complicated flow

field is the second type of approach.

The flow in an aneurysm is dominated by the geometry composed of the bent vessels

and the bulge. Several studies aim to calculate, measure or surgically reconstruct the flow

field in an artificial geometry composed of these two basic components. Liou et al. [10]

investigated the flow field using laser-optical measurements to study the WSS along the

bulge wall. Shin et al. [11] created these formations surgically in dogs similarly to Turk et

al. [12]. These surgical studies were used to investigate different endovascular treatment

methods such as coil implantation. Gonzales et al. [13] investigated some simple two-

dimensional (2D) models with curved pipe section using finite element method (FEM).

Aneis et al. [14] used three-dimensional (3D) models to investigate the effects of stent

introduction (the same was investigated by Rudin et al. experimentally [15]). These stud-

ies show that in case of a single vessel with the aneurysm sitting on it, slight geometrical

variations do not change on the main flow pattern, which consists of a dominant vortex

inside the sac driven by the pipe flow. The varying geometry only changes the flow pa-

rameters such as the WSS and pressure distribution quantitatively. The character of the

flow changes only when the size of the aneurysm sac is increased heavily, which results in
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a multi-vortice flow inside the bulge. Valencia et al. [16] studied another kind of idealised

model, in which case the aneurysm sac sits in a branching point. They found that the

flow inside such form of aneurysms is unstable in certain cases. The oscillation frequency

was higher than that of the pulsatile flow. The WSS was typically found to have a peak

on the aneurysm dome.

The benefit of these studies are very limited in the clinical practice, however, they

clearly demonstrate that even in simplified geometries a broad variety of complex flows

may occur. This is one of the most important properties of the flow fields in intracranial

aneurysms.

Simulations of patient-specific geometries have far more benefits although the process

to carry out such simulations is far from trivial. Using medical imaging techniques such

as computer tomographic angiography (CTA), digital subtraction angiography (DSA) or

magnetic resonance angiography (MRA) it is possible to create accurate 3D represen-

tations of intracranial aneurysms. These with appropriate post-processing can be used

for numerical or experimental purposes. Tateshima et al. for example used laser-optical

measurements to investigate the flow in an acrylic model of a basilar artery tip [17] and

an internal carotid artery (ICA) aneurysm [18]. Using laser Doppler anemometry (LDA)

and particle image velocimetry (PIV) they found a complex flow inside realistic aneurysm

models despite the relative simplicity of these geometries. In the in- and outflow region a

complex flow was described which develops thorough the cardiac cycle.

Most research groups follow a numerical approach. These groups reported their results

on one or on a few aneurysms on various locations of the arterial network inside the brain

(carotid-posterior communicating [19], posterior choroidal [20], vertebrobasilar [21], middle

cerebral [22], internal carotid-middle cerebral [23] among many others). These results

clearly demonstrate the large variety of flows which is strongly dependant on the specific

geometry and therefore not easily predictable based on artificial geometries. There are

some studies which tried to take more effects into consideration apart from the pulsating

flow within a vessel with rigid walls. Valencia et al. [23] investigated the effects of shear-

rate dependent non-newtonian liquid but did not find any changes of great importance

compared to newtonian liquid model. Others tried to model the wall deformability of the

vessels using fluid-structure interaction (FSI) simulations. Oshima et al. [24] presented

one case of a middle cerebral artery (MCA) aneurysm, where they found it to be important

in terms of the WSS distribution. Generally the distensible walls decreased the value of

this important hemodynamic variable.

The varying results with the different realistic aneurysm models made authors not to

study individual cases but to investigate numerous models and to statistically analyse the

results. Certain categories are built up based on different criteria and the description of

these groups are given. The typical flow or geometrical properties of these groups are

often associated to certain risk factors.
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Shojima et al. [25] created a statistical database out of 20 cases of intracranial

aneurysms. They correlated the aspect ratio to different flow characteristics and found

the WSS to decrease with the aspect ratio. Later they further developed their database

[26]. Hassan et al. [27] proposed a geometry based categorisation. These groups were Side

Wall, Side Wall with branching and End Wall. These they could associate to parameters

such as typical rupture locations, inflow zones, aspect ratios and risk factors. Cebral et al.

[28] studied 62 cases of intracranial aneurysms. Their criteria for categorising was based

on the flow pattern in the patient specific geometries. Like all previous authors they found

the great variety of the intra-aneurysmal flows. This variety of flows is the result of the

interaction of the swirling flow formed by the bent arteries and by the aneurysm sac de-

pending on its orientation, location, size and form. In many cases this interaction ends

up in a jet impinging on the aneurysm wall causing focal loads and resulting in unstable

behaviour. Depending on the parent artery angle with which it connects to the aneurysm

bulge this impingement may be less or more intense. Simple flows are composed of a single

dominant vortex inside the bulge driven by the pulsating flow in the parent vessel simi-

larly to that of in the artificial geometries. More complex flows contain multiple vortex

structures inside the bulge, which might remain stable or oscillate during a cardiac cycle

or from cycle to cycle. Cebral et al. [28] created four groups based on the complexity of

the flow and its stability: I. Unchanging direction of inflow jet with a single vortex; II.

Unchanging jet direction with multiple vortices; III. Changing inflow jet direction with

single vortex in the aneurysm; IV. Changing direction of jet during the cardiac cycle with

multiple vortices. They found that category I. is the most frequent. Among the studied

aneurysms there were 25 ruptured cases. These were found to belong mostly to groups

where the inflow jet direction was changing or where the inflow jet impacted on a small

area of the aneurysm wall. Simulating large number of patient specific aneurysms are use-

ful not only to detect the flow patterns. These studies aim to provide a database, which

can be correlated with medical history of the individual cases and provide additional in-

formations in the decision of the risk of an unruptured aneurysm. There are different

approaches to the problem mostly differing in minor details of the image processing and

major details of the boundary conditions.

1.3 Aims of the work and organisation of the thesis

The current doctoral work aimed to develop the methodology with which accurate deter-

mination of the flow in patient-specific intracranial aneurysms is possible integrating cur-

rently available tools at the three involved organisation; the Department of Hydrodynamic

Systems at the Budapest University of Technology and Economics, the National Institute

of Neurosurgery of Hungary and the Healthcare Division of General Electric Hungary.

Using the methodology provide techniques to carry out simulations that can be used to
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understand the possible underlying flow phenomena in aneurysm initiation, development

and rupture and the fluid dynamical effects of intracranial aneurysm treatment.

In this sense the thesis is divided into four main chapters after the introduction. In the

second chapter, the developed technique is described which was used to carry out patient-

specific simulations. The following chapter describes the experimental validation of the

numerical method. The fourth chapter contains the results of the studies carried out on

the boundary conditions of the simulations and the last chapter covers the applications

of the developed method. These cover main questions in the field. The thesis ends with

conclusions and poses aims for the future work.



Chapter 2

Workflow of simulations

2.1 Introduction

Medical imaging is a daily routine of modern medicine but there is a lot of potential in

the recorded images that medicians do not exploit yet. In case of intracranial aneurysms,

using these images to carry out numerical simulations to study the processes in these

lesions is a long lasting idea. With the modern image processing techniques and cheap

computational power becoming available, more and more groups were able to carry out so-

called patient-specific simulations of intracranial aneurysms. These are based on medical

images taken routinely. Such methods consist of four major steps [29], accordingly, the

method developed in the presented work consists of these steps.

1. Image capture, processing and geometry extraction;

2. Grid generation;

3. Numerical modeling;

4. Post-processing results

The methodology in the literature varies in minor details depending on the groups’

possibilities. In this section the methodology is presented adapted to the medical and

numerical environment available to the author. Results of the applied methodology are

presented in Chapter 5.

2.2 Image capture, processing and geometry extraction

The goal of the image processing is to create a geometry from the medical images, which

can be further processed in commercially available softwares. There are a number of med-

ical imaging techniques, the ones most used in aneurysm diagnostics are 3D rotational

11
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angiography (RA), 3D computer tomography angiography (CTA) and 3D magnetic reso-

nance imaging (MRI). Angiography is a technique with which the contrast of the vessels

are increased on the images. A contrast agent is introduced in the blood circulation of

the patient, where it mixes with the blood and it is carried to the area of interest. An

additional technique is used to improve image quality called digital subtraction. The

technique needs an image taken before the contrast material reaches the target area, this

image is then considered as the background of the vessels. Subtracting the background

from the contrast filled record further increases the visibility of the vessels on the images.

3D MRI does not need a contrast agent, but it may be applied to increase signal to noise

ratio of the images [30]. 3D RA with digital subtraction, often abbreviated as DSA, is

the technique with which our partners capture images. This is by far the most popular

technique used in the literature [20, 26, 29, 31]. By rotating the sensors and the x-ray

source around the patients body, this method creates many planar images from different

angles of the density distribution of the contrast agent (Figure 2.1/a).

Figure 2.1: Four images of a sequence recorded using rotational angiography (a.) and the

assembled volumetric image of the target area (b.) depicting the intensity distribution of

the contrast material

Once the images are recorded, they are processed so that they form a volumetric

density distribution of the contrast material (Figure 2.1/b). For this purpose, medical

device manufacturers such as Philips [29, 31], Siemens [26] or General Electric (GE) [20]

(like in our case) provide specialised programs. After the spatial density distribution

is generated, the raw images are cleaned (by neuroradiologists in the present case), to

contain only the area of interest (Figure 2.2/a). The remaining volumetric distribution

is exported and further processed in a program which is able to extract a 3D surface

of the aneurysm geometry with the parent vessels. Cebral et al. [29] for example used

an in-house code, but there are freely accessible codes for this purpose. In our case
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ParaView (http://www.paraview.org/), an open-source visualisation tool is used with a

custom plugin to read the proprietary GE file type exported from the medical software.

The custom plugin was developed by a PhD student working in the same project. The 3D

surface is extracted from the density distribution by segmentation (Figure 2.2/b).

Figure 2.2: Cleaned volumetric distribution containing only the aneurysm and the parent

vessel (a.), raw segmented 3D surface (b.) and smoothed surface with prepared boundary

condition areas (c.)

Segmentation in itself is a broad research area and depending on the image quality,

different approaches may be beneficial to use. In our case the surface is defined by a con-

stant intensity level of the density distribution. This is the most straightforward method,

but might provide poor reconstruction results in cases where the parent artery and the

aneurysm sac walls are close to each other. Cebral et al. [29] utilises two different custom

methods to overcome this problem. In the first step they generate a rough segmentation

similarly to our approach and in a second step they deform this surface. The deformation

of the initial segmented surface in their case is driven by internal smoothing forces and

external forces driven by the intensity gradients of the image. Such algorithms are freely

accessible as well, but this method proved to be cumbersome to utilise in our application

and demands heavy manual interaction. This method was avoided whenever the close-

ness of the sac and vessel did not make it necessary. Once the surface is generated, it is

smoothed to filter small surface errors dependant on the medical image quality. In our

case a Laplacian smoothing algorithm is used for this purpose.

The generated 3D surface needs further modifications. Entering and exiting vessels

are cut to form the latter area of the boundary conditions. With this step the segmented

surface is no longer closed, which is a necessary property for grid generation. The inlet

and outlet boundaries are closed using an other open source code, the vascular modeling

toolkit (VMTK, http://www.vmtk.org/). This generates a fully closed 3D triangular
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surface in a file format (stereo litography file, STL) which can be imported into certain

grid generation packages (Figure 2.2/c). Hassan et al. [20] and Shojima et al. [26] follows

the same strategy while Cebral et al. [29] use custom grid generation code and Valencia et

al. [31] uses additional softwares to generate an analytic surface needed by their software

of choice.

2.3 Grid generation

To mesh the arbitrary shapes of intracranial aneurysms unstructured grids are most widely

used due to their versatility. In most cases unstructured grids with tetrahedral elements

are used in the literature [20, 25, 26, 29, 31]. We use the ANSYS ICEM meshing package

which is able to create high quality unstructured grids (Figure 2.3/a). One key aspect of

these meshes is the density in the vicinity of the wall. We use five layers of prismatic cells

near the wall to gain the necessary mesh resolution in this area (Figure 2.3/b). This is a

critical point since the most studied hemodynamic variable, the WSS, is highly dependent

on the flow conditions near the wall.

Figure 2.3: Meshed 3D surface (a.) with five layers of prismatic cells on the walls, showing

here the inflow boundary (b.) and the extruded boundaries to decrease the influence of

boundary conditions on the main flow (c.)

The mesh density in our simulations varies around 600 elements/mm3, which was

found to be a reasonable compromise between speed and accuracy of the simulations.

Valencia et al. [31] used a mesh density around 560 elements/mm3 as a result of a mesh

convergence study. Near the boundaries, the mesh density is at least two times higher due

to the prismatic elements.

To decrease the influence of boundary conditions, the in- and outlet vessels are extruded

after the 3D surface is meshed. Twenty layers of prismatic cells are generated by extruding
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the surface meshes of the boundaries (Figure 2.3/c). With this method the development

length of the flow at the boundaries is assured with a low computational cost. Cebral et

al. [29] extrudes the boundaries in the 3D surface generation phase. Hassan et al. [20]

and Shojima et al. [26] does not apply this method, they cut the vessels in a fixed distance

from the aneurysm sac.

2.4 Numerical modeling

With the numerical mesh generated, the simulation parameters are set to pre-process

the calculations. For the simulations we use the ANSYS CFX environment. The liquid

is treated as Newtonian, incompressible with a density of ρ = 1050 kg
m3 and a dynamic

viscosity of µ = 0.003 kg
m·s . The flow is assumed to be laminar. These basic assumptions

are widely used in the literature [20, 25, 26]. Blood is a dispersed fluid and like such,

non-Newtonian behaviour of the liquid can play an important role where the shear rate

is low, but this effect was found to be localised and not to affect the overall flow field in

intracranial aneurysms [29, 31].

The boundary conditions are velocity inlet and pressure outlets. A parabolic spatial

distribution of the velocity is prescribed on the inlet boundary with a mean value changing

according to a synthetic cardiac cycle as depicted in Figure 2.4. Application of a unified

cardiac cycle is a known strategy in the literature [25, 29] since patient-specific cardiac

cycle is often not available.
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Figure 2.4: Synthetic cardiac cycle used as the inflow function in studies

The pressure outlet is set as a constant value, the pulsatility of the pressure inside the

aneurysm is achieved by introducing an artificial resistance in the extruded region of the

outlet vessels. The resistance is a concentrated model of the arterial tree following the

outlet vessels of the modelled geometry. A resistance is modelled using a porous approach.

The permeability of this artificial vessel segment is set so that the velocity fluctuations at

the inlet region causes the mean pressure to fluctuate between the physiologically realistic
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80 - 120 mmHg [32] inside the artery geometry. This modelling strategy limits the study

of the pressure distribution along the wall. The small spatial gradients are dominated by

the high absolute value of the pressure. Therefore, in the presented work the pressure

distribution is rarely studied, the focus is on the velocity distribution and the WSS. Apart

from a few boundary condition studies the walls of the flow domain are assumed to be

rigid in this work. In cases when a study involves compliant boundaries the property is

indicated and further details are given in the respective section.

Prescription of the accurate boundary conditions is, in the author’s opinion, one of

the most critical point to carry out patient-specific simulations of intracranial aneurysms.

Knowing the accuracy and the limits of these conditions is a key to accurately evaluate

the numerical results. Chapter 4 is dedicated to this matter, where the state of the art

is reviewed and the studies are presented based on which our boundary conditions were

selected.

The simulations, if not indicated otherwise, are run with a constant time step of ∆t

= 0.01 s for three cycles (T = 0.8 s) and the last cycle is used in the evaluation. Due to

the prescribed pressure at the outlet boundaries, the transient effects happen only in the

first few time steps of the simulations. Simulating three cycles helps avoid these transient

effects and allows the detection of occasional cycle to cycle changes of the flow. The

numerical advection correction scheme is used as the temporal discretisation where the

correction parameter of the scheme is set as close to 1 as possible to avoid oscillations.

The temporal scheme is a second order implicit Euler formulation. The applied ANSYS

CFX utilises a coupled momentum-pressure strategy to solve the discretised governing

equations [33].

2.5 Post-processing

The results of the CFD calculations are the basic fluid dynamic variables; the pressure and

the three velocity components. All additional variables are derived from these quantities.

For example, ANSYS CFX automatically derives the WSS distribution from the velocity

field. Basic post-processing of our results gives contour diagrams of the pressure and WSS

distribution on the wall. Velocity distribution is in most cases illustrated with streamlines

at a typical instant of the cardiac cycle and by showing the vector field on slicing planes

mostly located in the aneurysm bulge. Due to the unsteady results these visualisations are

usually animated. All this can be done in the ANSYS CFX software environment similarly

to the pre-processing and the calculation. Additional post-processing might be needed

depending of the nature of the study. This usually involves the exporting of the variable

of interest and processing it in the MATLAB programming environment. Throughout the

thesis all non basic post-processing is described in detail in the respective sections.
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2.6 Evaluation of the workflow

To have a reliable methodology, the critical aspects have to be tested. In this sense two

main points were selected. The accuracy of the applied numerical technique in these type

of flows was unknown, therefore, a validation was performed as presented in Chapter 3.

The boundary conditions were studied to chose those which are the most appropriate and

to test their limits. The results of these studies are presented in Chapter 4.



Chapter 3

Experimental validation of

numerical modelling

3.1 Introduction

CFD proves to be a useful tool in gaining deeper understanding of the flow phenomenon in

intracranial aneurysms. In spite of the increasing confidence put in CFD, there is always

a need to check the validity of the simulations by experimental means.

The ultimate goal would be to compare the computational results with in vivo (“within

the living”) acquired flow data. Unfortunately, currently there is no available measurement

technique providing such data with high enough resolution in time and space. The best

candidate is 3D phase contrast magnetic resonance imaging in a time-resolved manner,

often dubbed as 4D PC-MRI. Successful acquisition of all three velocity components in

vivo has been reported by Meckel et al. [34], Hope et al. [35] and Isoda et al. [36] but

only Isoda et al. provided comparison with CFD results. The authors correlated the CFD

and PC-MRI results in terms of the velocity values in the region of interest as well as

the WSS values and found correlation coefficients ranging from 0.1 to 0.9. Karmonik et

al. [37], using 2D PC-MRI, found good agreement with their CFD results with respect to

the flow directions in two measured cross-sections of an Anterior Communicating Artery

(AComA, see Figure 1.4). Until new techniques provide high enough resolution data in

vivo, indirect in vivo and in vitro (“within glass”) approaches remain for validation.

Indirect, in vivo validation attempts to reproduce the process of angiography virtu-

ally. The propagation of the contrast material, which is a result of its convection and

diffusion in the bloodstream, may be recorded during these interventions. The numerical

reconstruction of this process allows an indirect comparison of the in vivo conditions and

the numerical results. The qualitative comparisons of the medical acquisitions and the

numerical reconstruction by Cebral et al. [38] yielded an excellent agreement, especially

in the filling phase. Quantitative comparison was attempted by Ford et al. [39] between

18
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the residence times of the real and virtual dye. The differences were found to be less than

10% in 75% of the compared picture areas. In spite of the promising results, the authors of

both studies emphasise that a more direct comparison is necessary for proper validation.

To collect direct data from the flow field, usually well-controlled in vitro experiments

are carried out. Several groups have used fabricated silicon phantoms, either idealised

geometries [10, 40] or realistic, patient-specific ones [17, 18, 41, 42, 43, 44, 45] to evaluate

the flow field with various measurement techniques. Either laser-optical techniques such

as laser Doppler anemometry, particle image velocimetry or particle tracking velocimetry,

or medical imaging techniques were used in these studies. A few of these studies have

reported comparisons with numerical results [40, 41, 44].

In case of idealised intracranial aneurysm geometries, Hoi et al. [40] reports the re-

sults of a comparison made between PIV measurements and numerical results in four

representative planes in a side-wall aneurysm. The authors concluded that a reasonably

accurate representation is possible with their CFD technique. Towards the ultimate goal of

validation, patient-specific intracranial aneurysm geometries are validated with the same

methodology by Ford et al. [41]. The authors compared PIV measurements with the

numerical results obtained with their in-house CFD code. Two patient-specific geometries

were studied, a large basilar artery tip and a large internal carotid artery aneurysm. The

comparisons were carried out in 10 representative planes for each case, and demonstrated

that the calculated results are able to reproduce qualitatively the basic vortex structure.

However, significant differences were also reported and the limitation of the measurements

near the wall was highlighted due to the light scatter on the phantom boundaries. Re-

cently, calculations and LDA measurements were compared in an aortic arch aneurysm by

Magjarevic et al. [44]. The authors validated their CFD results calculated with a com-

mercial CFD code in a life-size model under steady flow condition. With these conditions,

they found “good match” in the three compared cross-sections.

The present work follows the in vitro patient-specific approach and improves the avail-

able validation results by providing higher resolution data with controlled quality mea-

surements.

3.2 Experimental system and measurement methodology

3.2.1 Goal of the measurements

The goal of the measurements was to gather proper validation data for our CFD simu-

lations on patient-specific intracranial aneurysms. The flow variable to be validated was

chosen to be the velocity since it can be measured with relatively high spatial resolution

with non-intrusive measurement techniques. To this end, a measurement rig was built

which was able to produce similar flow conditions studied in the numerical models and
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laser-optical velocity measurements were carried out on a transparent model. The geom-

etry of an aneurysm and the parent vessel was created as a flow volume in the form of a

hollow space in a silicone block. The measurements were synchronised with the unsteady

periodic flow rate generated by a gear pump with variable revolution speed. The volume

flow was measured using an ultrasonic flowmeter.

3.2.2 Flow circuit

The schematic sketch of the actual flow circuit is shown in Figure 3.1.

reservoir

settling chamber

pump

inlet pipe

phantomflowmeter

flowmeter

flowmeter
flow collector

Figure 3.1: Sketch of the flow circuit

The computer-controlled pump feeds a settling chamber from an open reservoir fol-

lowed by a valve. The settling chamber serves as an aid to remove the dissolved gas in the

liquid, therefore, it is placed approximately 45 cm above the level of the pump. From the

chamber the liquid flows into the inlet pipe through a 3/4′′ silicone tube. On this section

both a valve and one of the flowmeters are placed. Through the 1.3 m (≈ 74 DINLET )

long clear acrilic inlet pipe the liquid flows into the phantom. The flow exits in the three

open outlets of the phantom; out1, out2 and out3 as depicted in Figure 3.8. The smallest

outlet vessel, out4 was closed during all measurements due to technical difficulties in at-

taching a proper silicone tube. The second flowmeter is placed on either of the two main

outlet pipes. The flow through the three outlet pipes join in the flow collector from which

the liquid flows back to the reservoir.

The flow circuit was filled with approximately 8 l of the measurement liquid. Once

the system was filled, the settling chamber was isolated from the circuit when it was not

operating in order to keep the constant head inside the chamber.

Figure 3.2 shows the measurement assembly at the GRIPS (Groupe de Recherche

en Ingénierie des Procédés et Systèmes) laboratory of UQAC (Université du Québec à

Chicoutimi) where the measurements were carried out.
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Figure 3.2: Photo of the flow circuit

3.2.3 Details of the silicone block (phantom)

The 3D medical data of an internal carotid artery were chosen as the subject of the

validation, acquired with the same medical imaging technique as geometries used in the

simulation workflow. The original patient data were magnified by a factor of 3.57; this

resulted in an 17.5 mm inlet vessel diameter. The inlet vessel and the four outlet ves-

sels were extended with straight tubular sections to reach the boundaries of the block.

The resulting silicone block had dimensions of 172x114x103 [mm]. The phantom of the

aneurysm is depicted in Figure 3.3.

Although the phantom material allowed slight deformation, during measurements it

was assumed to behave as rigid due to the low, close to atmospheric pressure level in the

flow circuit. After the fabrication of the phantom, the final fluid volume was rescanned.

This geometry lacked the additional tubular extension on the inlet vessel, but was appro-

priate for CFD calculations and for the determination of geometrical measures of the flow

volume.

3.2.4 Measurement liquid and seeding particles

The refractive index of the silicone block and the fluid was matched using a mixture of

water and glycerol to minimise optical perturbations inside the phantom. Different mixture

ratios were created and the phantom was filled with each of these. The distortion of a

regular grid observed through the liquid-filled phantom was photographed. The resulting

images with different mixture ratios are depicted in Figure 3.4.

Based on the lowest distortion of the grid in the images the final mixture was chosen



CHAPTER 3. EXPERIMENTAL VALIDATION OF NUMERICAL MODELLING 22

Figure 3.3: Silicone block (phantom) of the aneurysm used in the measurements

to consist of 56% glycerol and 44% distilled water in order to match the refractive index.

To conserve the final mixture in the flow circuit for a longer period of time, 4 grams of

bleach, and to improve the signal of the ultrasonic flow meter, 2 grams of salt were added

to each kg of the liquid.

The refraction index matching study was carried out using chromatic light which lim-

its the accuracy of the matching when measuring on a single wavelength. The possible

inaccuracy was approximated by assuming that the silicone block has a refractive index

corresponding to the green light of the applied water-glycerol mixture. Two extremes were

checked, when the actual refractive index corresponds to the blue or the red lights. It was

found in these extreme cases that in the longest ray trace in the liquid-filled phantom the

deviation of the PIV laser sheet due to the different refractive indices can reach the 1 mm

sheet thickness only if the optical axis and the surface normal have an angle larger than

80◦ which is clearly irrealistically large.

For the laser-optical measurements, two different tracer particles were added to the

liquid: hollow glass spheres and fluorescent RhodamineB marked polymer spheres. The

glass spheres were used in the LDA measurements. The size of the spheres varied between

8−12 µm, their apparent density varied between 1050−1150 kg
m3 . The fluorescent particles

were used in the PIV measurements.

The density and the viscosity of the resulting liquid was measured. The density was

found to be 1140 kg
m3 using a reference tank of 50 ml by weight measurement. The viscosity
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Figure 3.4: Results of the refraction index matching study

was measured using a Cannon-Fenske routine viscometer. Repeated measurements showed

an average dynamic viscosity of 0.01017 Pa · s with 0.00018 Pa · s standard deviation. All

measurements were carried out at 22◦C room temperature.

The literature datum [46] for the viscosity of the applied water-glycerol mixture was

0.00835 Pa · s. The difference is 18 %. A reference mixture without tracing particles was

measured to assure that the small solid particles do not influence the viscosity measure-

ment method heavily. These measurements showed an average viscosity of 0.01008 Pa · s,
with 0.00007 Pa · s standard deviation. Therefore, the difference is not the error of the

measurement but possibly the result of the additional bleach and salt in the mixture.

Ford et al. [41] also reported significant difference in the measured and literature data in

a similar solution.

3.2.5 Volume flow measurement

For the volume flow measurements, two ultrasound flowmeter heads (ME12PXL) were

used, each connected to a processing unit (TS410) from Transonic Systems Inc. The

system had a sampling rate of 225 Hz. The signal provided by the processing unit was

digitised using a data acquisition card (Measurement Computing Corp. PMD 1208FS)

connected to a personal computer (PC).

The factory calibration data only covered slightly salted water and a specific mixture

of water and glycerol (60% and 40%, respectively, which matches the properties of blood).

To measure the flow rate of the refraction index matched liquid, the recalibration of the

sensors were necessary. This was carried out by comparing the displayed volume flow and

data gathered by volume and time measurement of the liquid at nine different flow rates.

The resulting calibration diagram of the measurements at room temperature is given in

Figure 3.5.

Equation (3.1) gives the relation between the displayed flow rate at the factory water-
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Figure 3.5: Calibration diagram of the Transonic flowmeter

glycerol mixture calibration setting and the real flow rate.

qreal [l/min] ∼= 0.96 qdisp [l/min]− 0.03 (3.1)

Only one sensor was calibrated with the presented method and the results were assumed

to be valid for the other one.

3.2.6 Unsteady volume flow generation

A gear pump manufactured by MICROPUMP (Cole Palmer: Model No. 73004-03 ) was

used to generate the unsteady flow rate. The revolution speed of the driving motor could

be changed manually using a knob. In order not to make irreversible modifications in

this configuration, a servo motor manufactured by Futaba (S3003) was used to turn the

knob by which the change of the volume flow was achieved. To prescribe the position of

the servo motor, the PC with the same data acquisition card was used as for the volume

flow acquisition. The card was connected to a micro-controller which translated analogue

voltage between 0 - 4.096 V (the latter value is due to the digital control of the card;

212 = 4096) to standard pulse width modulated signal.

This setup allowed to control the volume flow of the system using the analog output

signal generated by a PC using LabView 8.5.1 software. The artificial cardiac cycle (Figure

2.4) introduced in Chapter 2 was generated by the system. To be able to reproduce this

shape in the flow circuit, both static and dynamic calibration of the system were necessary.
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Static flow rate calibration

The static calibration of the pump was achieved by prescribing voltage levels from 0 to

4.096 V and recording the volume flow. The procedure was carried out automatically and

a calibration file, used by the control program, was generated based on the measurements

using a LabView program. The calibration showed that the knob position has a non-linear

relationship with the volume flow. A decrease in the slope was found at high and low flow

rates.

Dynamic flow rate calibration

In Appendix B the derivation of the system response as described by Halász et al. [47],

based on a simplified model of the flow circuit is presented. The modelling of the flow

circuit proves that the behaviour of the system can be well approximated by an equation

of the form:

q̈r + k1q̇r + k2qr = k3qp (3.2)

The goal is to provide the relation between qp, the prescribed flow rate, which is

prescribed in the form of the pump flow rate and qr, the resulting flow rate appearing in

the pipe of interest in order to be able to produce the desired flow rate at the entrance

of the phantom. k1, k2 and k3 cannot be easily identified in Equation (3.2) with the

coefficients derived in Appendix B since the resistance parameters are largely unknown.

The important information, however, is the form of the equation and based on that a formal

analogy can be set up with a damped excited harmonic oscillator. This analogy can be

characterised by Equation (3.3), in which the necessary parameters can be determined as

described below.

q̈r + 2Dαq̇r + α2qr = Cqp (3.3)

here D is the damping ratio, α the natural frequency of the undamped system and C is

a constant multiplier of the prescribed volume flow. These parameters can be determined

based on the response signal of the system. Although in Appendix B only the hydraulic

system was considered, the parameters of the equations are determined so that they cover

the hydraulic system extended by the digital signal processing and the mechanical control

of the pump. These are expected to cause only an additional time delay of the signal,

therefore, the governing Equation (3.3) is still valid for this extended system. A periodic

step function volume flow, prescribed for the control system and a measured response signal

are shown in Figure 3.6 by which it was possible to determine the system parameters. The

time period of the step function was identical to that of the latter pulsatile flow. This

time period was long enough for the oscillation of the response signal to damp out.
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Figure 3.6: Oscillation of flow rate in the system as a response (dotted line) to a prescribed

periodic step signal (thick line) and the measured quantities

First, to find the period time of oscillations (T ), two points in the same phase in

subsequent periods have to be selected. The easiest is to find the points, where the

constant prescribed flow rate and the oscillating resulting flow rate cross each other. This

can be used to calculate γ, the natural frequency of the damped system. The relation to

α is given in Equation (3.4).

γ = α
√

1−D2 (3.4)

D, the damping ratio can be determined from the absolute values of two subsequent

signal peaks: qr(t) and qr(t+T ), using the logarithmic decrement as expressed in Equation

(3.5).

DαT = ln
qr(t)

qr(t+ T )
(3.5)

With the help of a signal similar to the one in Figure 3.6, and using Equations (3.4)

and (3.5), all parameters except C in Equation (3.3) can be determined. The value of C

equals α2 as Equation (B.16) indicates, given the neglected term of the pressure change is

small.

The procedure resulted in the following parameter values for the current system: D =

0.33; α = 5.54 rads ; C = 30.56 1
s2

. With this, the prescribed and the resulting signals looked

as depicted in Figure 3.7.

3.2.7 Laser-optical measurements

Planar PIV measurements were carried out using a New Wave Research Solo I PIV

Nd:YAG laser source together with the appropriate optics to produce a green (532 nm)

approximately 1 mm thick laser sheet. The images were taken using a Dantec NanoSense
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Figure 3.7: Desired (thick line) and resulting (dotted line) flow rate before (left) and after

(right) dynamic calibration

Mk III camera with a resolution of 1280x1024 pixels. Since the internal boundary of the

phantom is not entirely smooth and not clear of contamination, in spite of the refractive

index matching there is light scatter on the solid-fluid interface. In order to avoid the

disturbing influence of this scattered light on the measurements, wavelength filtering was

applied. To this end, fluorescent tracer particles and an optical filter were used. The

particles were excited by the 532 nm green light and emitted ≈ 625 nm orange light. The

exciting green light including the scattered light on the boundaries were filtered out. This

resulted in a completely black background for the moving particles.

The LDA system is a part of a one component particle dynamics analysis (PDA) system

(Dantec Dynamics) therefore it is only able to detect one velocity component at a time. At

two critical locations (Figure 3.23) the dominant velocity component was measured with

this technique. The LDA head was equipped with backward scattering optics connected

to a green laser source. The front lens had 400 mm focal length; the beam spacing was

38 mm. The velocity direction detection was achieved using a 40 MHz frequency shift on

one of the laser beams using a Bragg-cell. The measurement volume had approximately a

diameter of 0.14 mm and a length of 2.86 mm.

3.2.8 Measurement synchronisation

In order to measure the periodic phenomena in the aneurysm phantom the synchronisation

of the measurement apparatus and the generated unsteady flow rate was necessary. The

synchronisation of the measurement was carried out with the same PC that was used for

the unsteady flow generation and data acquisition. A program written in LabView was

used to control all the above mentioned tasks.
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LDA synchronisation

The DANTEC BSA Flow Software controlling the LDA offers a built-in function for the

synchronisation of measurements. This method only needs a standard transistor-transistor

logic (TTL) signal at the beginning of every cycle of the periodic flow. This signal was

generated on one of the digital outlet ports of the data acquisition card, which was then

introduced in the PDA processor. Enabling the Cyclic Phenomena add-on in the software

and setting the proper input port as the source of the synchronisation signal, the unsteady

LDA measurements could be carried out. The system uses the sync-signal to stamp every

recognised Doppler burst with the time difference to a sync-signal. With this information

the bursts could be averaged within prescribed narrow time windows and smooth time

signals could be acquired.

PIV synchronisation

The PIV control software does not offer the same option as the LDA software. In this

case the external triggering function of the software was used. This enables the system to

recognise standard TTL signals and record an image-pair right after the detection of the

signal. At every cycle a constant number of image pair acquisitions were initiated with

equidistant time delay.

3.2.9 Positioning of the laser-optical measurement devices

The placement and positioning of the measurements were based on the reference coordinate

system which was set according to the silicone block as shown in Figure 3.8.

The alignment of the PIV laser sheet and the LDA laser beams with the coordinate

directions was assured with the help of the reflected light from the back face of the silicone

block. Knowing that the phantom has perpendicular and parallel bounding walls, by

aligning the incident and reflected laser light the alignment of the measuring light sources

was possible. In order to measure all three velocity components, two different orientations

of the PIV setup were necessary. First, the laser sheet was oriented perpendicularly to

the Y direction providing the U and W velocity components. The second orientation of

the laser sheet was perpendicular to the X coordinate yielding the V and W components;

thus all components were available. The two different orientations of the PIV setup are

depicted in Figure 3.9.

The camera and the laser source were mounted on a common traverse. This system

was then moved normal to the laser sheet. The position of the laser sheet was determined

by reference scales on the edges of the phantom.

The LDA system was used to measure a few mono-component velocity profiles to check

the quality of the PIV results. For this purpose, only one orientation was used which is

shown in Figure 3.10.
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Figure 3.8: Reference coordinate system of the measurements and naming convention of

the aneurysm model

The available traversing mechanism was only planar; thus the movement was restricted

to the X-Y plane. Since the measured cross sections were at varying Z coordinates the

height of the probe needed to be adjusted. This was achieved by changing the level of the

table on which the traverse was fixed.

The determination of the probe volume position consisted of two steps. After adjusting

the height of the table the alignment of the X and Y coordinate directions were checked

by observing the refraction of the laser beams on the phantom walls. The position of the

traverse was determined by moving the measurement volume to reference positions. The

position of these were the Xmin and Ymax faces of the silicone block. These were registered

based on a scale on the traverse. The measurement volume was then moved to the desired

position and the registration of the position was based on the scale on the traverse. With

this method two velocity components, U and W could be measured.

3.2.10 Measurement procedure

We focus on the unsteady measurements, the steady measurements had rather introduc-

tory character.

Similarity considerations

The size of the geometry and the properties of the liquid were different in the experimental

setup than the physiologically realistic parameters. In order to validate simulations based
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on the physiologically realistic values, the similarity of the flows need to be kept. Non-

dimensional parameters which are important in the present case are Reynolds (Re) and

Womersley (Wo) (or Strouhal (St)) numbers as it was shown in other measurement works

on the flow in intracranial aneurysms [10, 17, 18]. Since gravity plays a negligible role

in the processes similar Re numbers assure that the non-dimensional partial differential

equation systems are the same in the case of the measurement and the simulations. Iden-

tical Wo numbers and the similar geometries provide the same non-dimensional boundary

conditions. These two conditions are sufficient to assure the similarity of the two flows

[48]. Although the exact similarities could not be kept, the change in the non-dimensional

flow parameters was kept at a level which did not cause qualitative changes in the flow

fields. The properties of the desired pulse wave are shown in Figure 2.4.

• vmin = 0.37 m
s

• vmax = 1 m
s

• T = 0.8 s

These are the minimum and peak velocities in the inlet pipe and the time period of a

pulse. The liquid properties here are as given for the blood in Chapter 2. The minimum

and maximum of the Re numbers at the entrance of the inlet vessel of the aneurysm

geometry introduced in Section 3.2.3, knowing that here the diameter is dINLET = 4.9

mm, are 652 and 1715, respectively with the given velocity and liquid parameter values.

Unfortunately, with the experimental setup these Re numbers could not be kept, the

pump was unable to produce high enough flow rates. The strategy was to set the highest
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Re numbers at the systolic peak possible while keeping the proportions of the cardiac cycle

shape relatively to this peak. With the parameters of the liquid and the geometry in the

experiments the maximum of the flow rate difference between the highest and lowest value

within the cycle with the experimental setup was found to be 2 l/min. This with the

above parameters corresponds to ∆Re = 272 in-cycle difference in the Reynolds number.

The maximum feasible Reynolds number at the systolic peak was then calculated using

Equation (3.6).

∆Re =
1

vmax
(vmaxRemaxfeas − vminRemaxfeas) (3.6)

with this, the minimum and maximum feasible Reynolds numbers in the measurement

setup are 160 and 432, respectively.

The feasible Reynolds numbers are 25% of the real life ones. It can be expected

that the qualitative behaviour of the flow will be the same as both flows are well within

the laminar regime. This expectation was confirmed by CFD tests performed with both

Reynolds numbers. Figure 3.11 depicts the resulting streamlines at 100% and 25% of the

desired Reynolds number in the systolic instant. These demonstrate that the flow patterns

remain qualitatively the same in the two cases.

The physiological Womersley number of the simulation is calculated as shown in Equa-

tion (4.1).

Wo =
√

2π Re St = d

√
ωρ

µ
= 8.12 (3.7)

A slightly lower number was used in the measurements, here the Womersley number

was Wo = 6.73. The difference is due to difference between the literature and the measured
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Figure 3.11: Comparison of the flow patterns at the systolic instant with the desired flow

rate (left) and the possible flow rate (right)

viscosity value. Based on the values presented above, the flow parameters of the unsteady

measurements were:

• qmin = 1.17 l
min

• qmax = 3.14 l
min

• f = 0.21 Hz

Preparatory measurements

Some steady measurements were carried out at the following settings (for naming conven-

tions, see Figure 3.8):

• qINLET = 3.49 l
min

• qOUT1 = 2.15 l
min

• qOUT2 = 1.23 l
min

The first LDA measurements were carried out in the straight section of the inlet vessel

to check the entering flow profile and confirm the laminar behaviour of the flow.

Additionally, PIV measurements were carried out to check the feasibility of the mea-

surement of all three velocity components in the whole fluid volume using planar PIV

measurements in two different orientations of the setup. First, scaling images were taken

fixed to the phantom wall closest to the camera. The measurement assembly was posi-

tioned to the wall with the help of the laser sheet and the camera was focused to the

scaling image. This is necessary since the apparent geometrical sizes change at different
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depths of the phantom. The images were later used in the evaluation of the measurement

data. After this, the laser sheet was positioned to the final measurement planes.

The PIV measurement volume was limited to the aneurysm sac and the preceding

curvature on the inlet vessel. The planes in which the images were taken were 1 mm

from each other. 68 planes in the X and 67 planes in the Y direction were included in

the study. In each plane, 20 image pairs were taken. The average-correlation of these

images provided a sufficiently smooth velocity distribution in the plane. The steady PIV

measurements were carried out without the filtering of the laser’s wavelength. The two

images of the images pairs were taken with a time difference of 956 µs.

The interrogation areas were 32x32 pixels with 50% overlap in each case. The highest

velocity is 0.8ms , that leads to a maximum displacement of 0.765 mm. The pixel size

of the images varies between 0.048 - 0.053 mm depending on the location of the image.

Therefore, the maximum displacement of the particles is less than 16 pixels. This shows

that the time difference provides high enough displacements of the particles and even at

the highest velocity regions the particles travel less than the measure of an interrogation

area of the cross-correlation algorithm of the PIV system.

Measurements with periodic flow

Reference LDA measurements were made at two locations. The W velocity component

was measured along a line parallel with the Y coordinate in the sac and the U component

was measured along a similar line at the aneurysm entrance (Figure 3.23). 8 points were

measured with an 1.4 mm (≈ 0.08 DINLET ) equidistant step and a cycle was divided

into 20 temporal bins. The data acquisition at a location was not stopped until at least

20 Doppler bursts arrived in most temporal bins. This resulted in a quite high (50 -

70%) velocity deviation inside a bin but this was the compromise to be made to achieve

a reasonable measurement duration.

The PIV measurements were carried out at the parameters mentioned in Section 3.2.10.

Prior to the measurements the scaling images were captured similarly to the steady mea-

surements. In this case both parallel walls of the phantom were calibrated with the method

in both measurement arrangements. The resulting calibration image pair is depicted in

Figure 3.12. It was found that different focus settings were needed at the two planes to

shift the focus point of the optics; therefore, in the intermediate planes, the lens setting

was adjusted gradually between these two extremes.

In this case the fluorescent particles were used and the filtering of the laser wavelength

was applied. 40 uniformly distributed trigger signals were generated during a cycle by

the control PC resulting in 40 image pairs at known phases in each cycle. The camera

enables 406 image pairs to be stored at a time, accordingly 10 cycles were triggered at a

time before the images were downloaded to the hard drive of the PC. This process was
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Figure 3.12: Example pair of calibration images used in the PIV data processing

repeated 5 times at each location. The resulting time-signal was therefore reconstructed

by 2000 image pairs using 50 image pairs for each timestep. The time difference between

the two images of an image pair was 956 µs similarly to steady flow measurements. The

measured fluid volume was similar to the one in the steady flow case. 52 planes in the X

and 62 planes in the Y directions were used with 1 mm steps. The inlet and two dominant

outlet volume flow signals were checked on each measurement day and the differences were

found within the measurement error.

PIV data processing

To process the images taken during the measurements and calculate the vector field Dan-

tec’s Flow Manager PIV software was used. To calculate the vector field the averaging

cross-correlation algorithm was used in the software for both steady and unsteady flows.

In case of the steady measurements 20 image pairs were used to calculate the vector plot

in a plane, this could be done relatively quickly manually.

With unsteady flow rate in every cycle, 40 phase resolved image pairs were taken

through 50 cycles. As an input of the average cross-correlation function the 50 images at

the same phase needed to be selected. Flow Manager ’s built-in functions do not provide a

tool to automate the selection of the images with constant offset. To overcome this problem

a general purpose Windows automation environment called AutoHotkey was used. This

made possible to process the acquired images automatically without user interaction. The

calculated vector fields were then exported from Flow Manager in the form of raw text

files. The result of the calculations were the displacements in the horizontal and vertical

direction given in pixels. These values are proportional with the velocities, but additional

scaling was needed to have the velocity distribution in a dimensional form. For this, the

scaling images taken at both the front and back phantom faces were used to calculate the

scaling factors at the phantom boundaries. It is clear from elementary geometrical optical

considerations that the scaling factor of a plane lying between these two extremes can be
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treated with a linear interpolation between them. The effect is demonstrated in Figure

3.13.

air silicone

Θ1

Θ2

Figure 3.13: Linear nature of the shrinkage effect of the field of view in the PIV measure-

ments

Using the scaling factors, not just the exact magnitudes of the velocity components

but also the geometry and position of the measured fluid volumes were determined. Af-

ter applying this calibration to the results from both measurement arrangements shown

in Figure 3.9, the results were interpolated to a common measurement volume using the

MATLAB environment where all three velocity components were available. The W com-

ponent which was measured twice was averaged after interpolating to the same location

in the common volume. This resulted in a dataset of all three velocity components with a

spatial resolution of 1 mm (≈ 0.06 DINLET ) which corresponds to the original measure-

ment resolution. The two separate and the common measurement volumes are shown in

Figure 3.14.

The alignment of the two separate measurement volumes and the repeatability of the

measurements are demonstrated by the comparison of the W velocity components at a

cross-section of the aneurysm sac and at the entrance area of bulge (locations are shown

in Figure 3.23). These are located at the most important flow zones in the vicinity of the

sac. Figure 3.15 presents the velocity distributions at these locations at the systolic peak

as resulting from the unsteady measurements in the two different PIV arrangements.

The profiles demonstrate a sufficiently accurate matching of the measured data ob-

tained from the two measurement directions in spite of slight mismatches. The measure-

ment data are, therefore, appropriate for the reconstruction of all three velocity compo-

nents inside the aneurysm sac and the parent vessel. The mismatch of the profiles mostly

originates from the positioning error of the measurements. The higher differences in case

of the aneurysm entrance are the result of the slight inaccuracy in the refractive index
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Figure 3.14: The X perpendicular (top red area) and the Y perpendicular (top yellow

area) measurement volumes and the common volume (bottom) of the PIV measurements

(the grids show the actual measurement resolution)

matching which is most sensitive to faces with a normal close to perpendicular to the

optical axis which is the case in this region of the geometry.

3.3 Simulation details

The simulation with which the measurement results were compared was based on the

geometrical data of the phantom scaled to the size of the original vessel size. The geometry

was given in the form of an STL surface file. This surface lacked the inlet vessel, which was

added before meshing based on measurements of the length and diameter of the section

in the phantom. The geometry was then meshed using ANSYS ICEM CFD 11.0. The

resulting computational grid consisted of ≈ 811 000 elements. The size of the elements

was in most of the volume ≈ 0.06 DINLET but near the boundaries where five layers of

prismatic cells were used better resolution was achieved resulting in a similar mesh as in

Figure 2.3/a. The settings of the numerical model were derived from the ones described

in Chapter 2 except the measured in- and outflow boundary conditions and some other



CHAPTER 3. EXPERIMENTAL VALIDATION OF NUMERICAL MODELLING 37

-0,6!

-0,4!

-0,2!

0!

0,2!

0,4!

0,06! 0,065! 0,07! 0,075! 0,08! 0,085!

W
 [m

/s
]!

Y coordinate [m]!

X perpendicular!
Y perpendicular!

-0,2!
-0,1!

0!
0,1!
0,2!
0,3!
0,4!
0,5!

0,07! 0,075! 0,08! 0,085! 0,09! 0,095!

W
 [m

/s
]!

Y coordinate [m]!

X perpendicular!
Y perpendicular!

Figure 3.15: The W velocity components in the two measurement volumes resulting from

the two different PIV measurement orientations inside the sac (top) and at the entrance

of it (bottom) at the systolic instant of the unsteady measurements

minor details as given next. The boundary conditions were set according to the flow rate

measurements at the inlet- and at the two dominant outlet vessels. The actual values in

the real-sized geometry were calculated using the dimensionless parameters: Reynolds and

Womersley numbers. The measured unsteady signals are depicted in Figure 3.16.

At the inlet, the spatial distribution of the velocity was set to parabolic. The mean

velocity of the profile was pulsating according to the measured flow rate. The outlet

conditions were set as massflow in case of out1 and out2. At out3 a constant 0 Pa static

pressure level was prescribed. out4 was set to be a part of the wall of the geometry to close

the outlet similarly to the measurement condition. The time step was set to 0.014625 s

resulting 80 time steps in every T = 1.17 s long cycle. Three cycles were simulated with

second order schemes in both time and space. For comparison, the results of the third

cycle were used.
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Figure 3.16: Unsteady flow rates as measured during PIV measurements, used to calculate

the applied boundary conditions of the CFD model

3.4 Measurement results

3.4.1 Steady flow LDA measurement results

In Figure 3.17, measured velocity profiles are shown in the straight section of the inlet

vessel at three different steady flow rates as results of the measurements. The volume flow

calculated by integrating these profiles showed agreement with the ultrasonic volume flow

measurements (less than 3% difference). The profiles also confirmed the laminar behaviour

of the flow.
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Figure 3.17: LDA measurement results at three different steady flow rates in the inlet

vessel and the parabolic functions fitted on the measured points demonstrating the laminar

velocity profiles

The results of the unsteady LDA measurements are given in Figures 3.24, 3.25, 3.26,
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and 3.27 along a comparison with the PIV and CFD results.

3.4.2 Comparison of unsteady measurement and simulation results

A comparison was made among the final processed data of the two measurement methods

and the results of numerical simulations after calculating the dimensionless quantities.

Qualitative comparisons

The CFD results were exported to ParaView where the comparisons with the PIV results

were carried out. To give an overview of the flow field in the vicinity of the aneurysm, a

comparison of the streamlines is given at the instant of the systolic peak in Figure 3.18.

The figure displays one of the two typical flow patterns arising in intracranial aneurysms:

the vortex flow (the other pattern is the jetlike flow). In this case there is one dominant

vortex whose axis roughly coincides with the geometrical axis of the sac.

Figure 3.18: Comparison of the CFD and PIV flow field using streamlines at the systolic

peak

Quantitative comparison

The CFD and the PIV results are compared and presented in three planes depicted in

Figure 3.19. In each plane the velocity distribution is visualised with the help of velocity

vectors.

In Plane 1 (Figure 3.20) the typical vortical flow inside the sac is demonstrated at

the systolic peak. Comparing two instants revealed the movement of the vortex core;

increasing velocity leads to the upward movement of the core. Comparison of the numerical

and experimental data shows excellent agreement.
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Figure 3.19: Location of three planes in which the CFD and PIV data are compared

Visualising and comparing results in Plane 2 confirm the overall agreement of the

numerical and experimental results. Observing Figure 3.21 reveals the complex vortical

pattern inside the relatively simple geometry.

The results on Plane 3 (Figure 3.22) show slight differences in the numerical and

experimental results which are high likely due to the alignment inaccuracies of the CFD

and PIV data. The overall agreement is still excellent and the velocity vectors in this

section confirm previous findings.

Unsteady LDA measurements were performed along two lines where both the PIV

and CFD results were exported using ParaView. The comparison of the velocity profiles

is presented next. The error of the PIV measurements is assumed to be dominated by

the error of positioning, therefore, only this source is considered. In case of the LDA

measurements, the confidence interval with 95% probability was calculated to estimate

the error. One line was located inside a characteristic location of the aneurysm, the other

one was placed just before the entrance of the bulge (Figure 3.23).

The comparisons are presented in both diastolic and systolic instants in Figure 3.24

inside the sac.

These distributions also demonstrate the vortical flow pattern inside the bulge as seen

earlier in Figure 3.18. The movement of the vortex core was found as well, demonstrated

by the changing 0-intersection point of the profile. The LDA measurement results confirm

the sufficient accuracy of the PIV measurements. The overall qualitative agreement of

the measured and calculated profiles is excellent. Quantitatively, in 70% and 90% of the

evaluated profiles, less than 30% differences were found at the minimum and maximum

flow rates, respectively. The temporal distribution is also compared at Y/DINLET = 4.5

in Figure 3.25.

The presented temporal distribution demonstrates excellent agreement between nu-
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Figure 3.20: Comparisons on Plane 1 at the systolic peak

Figure 3.21: Comparisons on Plane 2 at the systolic peak
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Figure 3.22: Comparisons on Plane 3 at the systolic peak

Figure 3.23: Location of the two measured velocity profiles, one in the aneurysm (dashed)

and one at the entrance of the bulge (solid)

merical and measurement data both qualitatively and quantitatively (less than 10% error

in 90% of the time). The agreement of the results obtained by the two measurement

methods is also excellent.

Similarly, the results at the bulge entrance at the diastolic and systolic instances are

presented in Figure 3.26, whereas temporal history at the location Y/DINLET = 5 is

presented in Figure 3.27.

The spatial distribution demonstrates the narrow inflow zone (negative values) and a

broad outflow region typical of these types of aneurysms. The numerical results are in

good agreement with those of the measurements especially with the LDA results at high

flow rates. The quantitative differences show less than 30% error in 70% of the profiles at

different flow rates. The less impressive agreement of the PIV results are probably due to

the poor optical accessibility of this region.

In Figure 3.27 the temporal distribution of the CFD results were found to have less
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Figure 3.24: Comparison of the results in the aneurysm at the minimum (top) and maxi-

mum (bottom) flow rate instants
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Figure 3.25: Comparison of the results in the aneurysm at Y/DINLET = 4.5



CHAPTER 3. EXPERIMENTAL VALIDATION OF NUMERICAL MODELLING 44

-300!

-200!

-100!

0!

100!

200!

300!

4,1! 4,3! 4,5! 4,7! 4,9! 5,1!

R
e U

!

Y/DINLET!

LDA! PIV! CFD!

-800!
-600!
-400!
-200!

0!
200!
400!
600!
800!

4,1! 4,3! 4,5! 4,7! 4,9! 5,1!R
e U

!

Y/DINLET!

LDA! PIV! CFD!

Figure 3.26: Comparison of the results at the bulge entrance at the minimum (top) and

maximum (bottom) flow rate instants
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Figure 3.27: Comparison of the results at the bulge entrance at Y/DINLET = 5
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than 15% difference in 95% of the time compared to the measurement results.

The last diagrams demonstrate that beside the excellent qualitative agreement, the

results of the numerical and measurement studies are in good quantitative agreement too.

The occasionally large apparent deviation can be to a large extent attributed to the shift

between measured and calculated signals which in turn is due to inevitable positioning

and phase synchronising errors.

3.5 Conclusions

High-precision unsteady PIV and LDA measurements were performed on a patient-specific

transparent intracranial aneurysm model (phantom) to validate the numerical simulation

technique presented in Chapter 2. The unsteady flow in the model circuit was generated by

a novel method, allowing to produce an arbitrarily prescribed flow rate history. Compar-

isons of the measurement results with those of the simulations yielded a level of agreement

which has been hitherto unattained in the literature. This provides a firm confidence basis

for the simulations of patient-specific intracranial aneurysms.



Chapter 4

A critical evaluation of the

boundary conditions

4.1 Introduction

Assuming the flow to be laminar and blood to be an incompressible, newtonian liquid,

advanced numerical solvers are able to calculate the flow accurately as demonstrated in

Chapter 3. The uncertainties of the results therefore mostly originate from the geometry,

meshing and boundary conditions.

Once a patient-specific image is acquired, the effect of slight geometrical uncertainties

arising from reconstruction are found to be less dominant. Cebral et al. [29] found the

calculated flow to be insensitive to these slight geometrical variations. They compared

results based on models derived from the same medical images by different persons. With

the exception of one case, they found small differences. In the exceptional case the parent

artery and the sac touched each other. The small geometrical uncertainties are the results

of the image segmentation as it is based on the medical imaging technique. This in itself

holds numerous uncertainties [49, 50] which are beyond the scope of the present work.

Meshing is also a less critical factor. Advanced mesh generation codes that are part of

numerical simulation packages are able to generate high quality meshes. These include the

appropriate resolution near the vessel wall which can be efficiently assured with prismatic

elements. The effect of these grids on numerical accuracy can be well monitored and

minimised with the help of mesh dependency studies (see for example Valencia et al.

[16, 31]).

The control of uncertainties introduced by boundary conditions is a key to accurate

numerical results. Numerical models of the cerebral circulation, which is an internal flow,

have three types of boundary conditions on which this Chapter will focus:

1. Inlet boundary condition;

46
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2. Outlet boundary condition;

3. Wall

At the inlet boundary a measured history of the mean velocity in the cardiac cycle is

usually prescribed [25, 51]. Ideally, these measured signals are available in each patient-

specific case. If this is not the case, either a previously measured signal or an artificial

approximation is used. Some proposed a multi-scale approach to address the problem of

boundary condition definition. Formaggia et al. [52] coupled a one-dimensional (1D) pipe

network model to the 3D computational domain to obtain boundary conditions. Spatially,

the flow profile is assumed to be the Poiseuille solution or the analytic solution for periodic

pulsatile flow, the Womersley profile [29].

At the outlet boundary, measured or artificial pressure histories are often prescribed.

The easiest method is the prescription of a constant pressure but this obviously introduces

significant error. Additionally, there are the so-called vascular bed approaches [53], which

are based on the fact that, on the level of capillaries, an almost constant pressure is present

[54]. Therefore, after modelling the intermediate vascular tree, prescribing the proper

pressure values on the boundary is relatively easy. The vascular bed may be modelled

with series of parallel resistors, as a fractal tree, or with a porous medium [55] as in the

present case. There are additional approaches like modelling the vascular tree with 0D

(lumped) or 1D methods and coupling it to the 3D simulations. Grinberg and Karniadakis

[56] summarise the various approaches in detail.

Because of computational limits, the distensibility of the vessel walls is in most cases

ignored, treating those as rigid. As shown by Torii et al. [57], this assumption has a sig-

nificant effect on the WSS distribution on the vessel. The WSS is generally overestimated

in simulations with rigid walls.

The sensitivity of the flow in intracranial aneurysms on the boundary conditions was

investigated by Cebral et al. [29], Castro et al. [51] and Venugopal et al. [58] among

others. These studies concluded that the flow is most sensitive to the temporal history

of the flow rate. Others found the influence of the upstream parent artery geometry

important [59]. In this sense the main aims were to study the effect of varying cardiac

cycle properties and to give recommendations regarding the parent artery effect on the

inlet condition. This Chapter describes the studies on the assumptions of the boundary

conditions in details in terms of flow and geometry. The inlet conditions are investigated

by studying the upstream conditions of the aneurysm sac. Some findings of the outlet

boundary with the applied methodology are discussed. The effects of compliant walls are

also studied and the results are presented in this Chapter.
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4.2 Methods

4.2.1 Computational models

The baseline regarding the physical models and numerical methods of the studies presented

in this Chapter is given in Chapter 2. The geometries used in the studies are summarised

in Figure 4.1, indicating which geometry is incorporated to the analysis of which boundary.

inlet outlet wall

I

II

III

V

IV

a.) b.)

a.) b.)

Figure 4.1: Geometries incorporated in studying either the inlet, outlet or wall boundaries

or groups of these

A straight tube was considered as the flow domain to study velocity profile development

(Figure 4.1/I). Its diameter was d = 3 mm and its length was 60d. The mesh had a

fine resolution near the wall to calculate high velocity gradients accurately. The block-

structured hexahedral O-grid mesh of the geometry was made of approximately 800 000

elements, which enabled accurate capture of the velocity profile development along the

longitudinal axis. An idealised side-wall aneurysm in a bend and a bifurcation aneurysm
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(Figure 4.1/II a. and b.) were used in the studies on entrance and exit length as well as in

wall compliance studies. The geometrical properties are given in Figure 4.2. These were

chosen so that the resulting geometries capture the essential properties of the two basic

intracranial aneurysm types.
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Figure 4.2: Definition of idealised geometries of a side-wall aneurysm in a bend a.) and a

bifurcation aneurysm b.)

The geometries were meshed with tetrahedral elements and prism elements near the

boundaries. The core geometries, as shown in Figure 4.2 a.) and b.), consisted of ap-

proximately 120 000 and 220 000 elements, respectively. The actual mesh size varied from

case to case due to the different entrance and exit lengths attached to the core meshes. In

the compliant cases, the vessel wall was defined with a uniform thickness of s = 0.4 mm,

four-node tetrahedral finite elements were used to mesh this geometry, which consisted of

30 000 nodes in both cases. Two patient-specific aneurysm models were also used to study

compliant boundaries; a side-wall and a bifurcation aneurysm (Figure 4.1/IV a. and b.),

the meshes of which consisted of 530 000 and 390 000 elements, respectively. The walls

in these cases were meshed with four-node shell elements, created on the surface of the

geometries containing 17 000 (side-wall) and 13 000 (bifurcation) nodes.

The complete vessel geometry obtained from rotational angiography has to be cut

to a finite length for the purposes of the simulations. Therefore, it has to be decided

how much of the parent vessel can be removed without jeopardising the accuracy of the

results in the aneurysm sac. To study the effects of the neglected inlet- and outlet vessel

sections, curved pipes were generated (Figure 4.1/III). The diameter of these sections was a

constant d = 3 mm and the length varied between 100 - 150d. The meshes were extruded

hexagonal O-grid meshes. As a result of a mesh dependency study, the computational

volume consisted of 420 000 elements in all cases; one cross-section consisted of 420 surface
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elements. Additionally, a third patient-specific aneurysm geometry was prepared to verify

findings in the generated curved pipes. The specific geometry was chosen so that it has a

sufficiently long inlet vessel section (Figure 4.1/V). The mesh of the core geometry lacking

the inlet vessel, consisted of 630 000 elements, this was complemented with varying number

of bends of the original inlet vessel (Figure 4.1/V coloured sections).

Unsteady simulations were carried out with a time step t = 0.01 s, except the two

patient-specific aneurysms used in compliancy studies in which case t = 0.02 s was applied.

These values were found to be a reasonable compromise between accuracy and computation

time. The simulation duration varied between 2 - 4 cardiac cycles depending on the

sensitivity of the problem.

4.2.2 Inlet conditions

The main idea of the inlet studies was to discover the error sources of the boundary

condition prescriptions and to determine whether these errors reach the location of interest

or not. To this end, velocity profiles were studied first in the case of straight blood vessels,

then the development of profiles were investigated with changing inlet length of the tubes.

Adaptation of the Womersley formula

The Womersley formula [60] gives an analytical solution of the temporal and spatial veloc-

ity distribution of a laminar flow in a cylindrical pipe with rigid walls driven by periodically

pulsating pressure gradient. Based on the solution, the relation between the periodic flow

rate and the velocity distribution can be given in the form of a Fourier series (Equation

(4.1) and (4.2) [29]).

u(r, t) =
2q0
πR2

[
1−

( r
R

)2
]

+
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2R

√
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here, u is the axial velocity, r is the radial distance from the centre of the pipe, t

is the time, q is the flow rate and R is the radius. J0 and J1 are the zeroth and first

order Bessel functions of the first kind. ν is the kinematic viscosity, ω is the angular

frequency, α is the traditional Womersley number definition and i is the imaginary unit.

The subscript of q, n, denotes the number of the harmonic component of the Fourier

decomposed cardiac cycle. The reconstruction of velocity profiles based on Equation (4.1)

was implemented in the MATLAB environment. The cardiac cycle depicted in Figure 2.4

was parametrised using a series of third order polynoms. The parametrised curve was able
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to capture the basic properties of a real cardiac cycle such as frequency and mean value.

The location of characteristic points like the systolic maximum or diastolic minimum flow

rate were also parametrised. The generated cardiac cycle based on given parameters could

be then expanded into Fourier series using the fast Fourier transform (FFT) routine in

MATLAB, thereby calculating the qn-s in Equation (4.1). The Womersley profile was then

approximately generated using the first 10 Fourier components in Equation (4.1) which

was found to accurately reconstruct the original cycle. These Womersley profiles were

compared with the Poiseuille solution at an arbitrary instant in the cardiac cycle.

Studying the velocity profile development

The development of the velocity profiles was studied using the straight pipe model and

the two different artificial aneurysm models. The developed profile in the straight tube

was compared with the results of the analytic formulae (Poiseuille and Womersley profiles)

and the development lengths were registered. Varying inlet lengths were applied to the

idealised aneurysms, to check the effects of the non-developed velocity profiles on the flow

in the aneurysm sac.

In the case of bent blood vessels, analytical approximation for the velocity distribution

is limited to simplified cases [61]. These flows are classified on the basis of the Dean

number (Equation (4.3) [62]).

De =
ud

ν

√
d

2C
(4.3)

here d is the diameter of the pipe and C is the curvature of the pipe section centerline.

Since intracranial arteries are curved in a quasi-random way, the following methodology

was used. Randomly curved pipe sections were generated so that the Dean numbers of

the resulting sections were in the same regime than those of the analysed real-life vessel

segments (100 - 200). Examples for the resulting curved sections are shown in Figure 4.3,

along with a reference angiographic image of the intracranial arteries.

The generated curved vessels were dissected into two parts of equal lengths. In all cases

the three geometries (complete, upstream section and downstream section) were equipped

with the same boundary conditions and simulated. By comparing the results from the

complete and the downstream section geometry, it was possible to study the effect of the

bends on the inlet profile development. This was done by comparing velocity profiles in

identical planes in the downstream and complete geometries. For this purpose, a series of

planes were generated, perpendicular to the vessel axis, with a distance of 5d from each

other. The spatial average of the relative velocity difference was calculated in all these

cross-sections.

The development of the flow in the third patient-specific geometry (Figure 4.1/V)

with different inlet lengths was studied to check if the findings in the artificial curved
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Figure 4.3: Two examples of generated curved vessel sections (top and centre) displayed

with two views and a reference picture of the arteries in the brain (bottom, Source:

http://wikipedia.org/)

vessel sections are valid also in realistic geometries. The mesh of the real geometry was

supplemented in order to suit the boundary conditions applied in the case of artificial

geometries. Five configurations of different inlet vessel lengths were prepared to study the

flow development in a real aneurysm geometry. The first geometry is the base geometry

created by removing most of the inlet vessel section. Only an approximately 2d long inlet

section remained in this configuration. Additionally, geometries with the inlet section

represented by one, one and a half or two bends. Finally, the reference geometry consisting

of 7 bent sections on a vessel length of approximately 25d. The resulting flows were

compared in terms of velocity and WSS distribution in the base geometry.

4.2.3 Outlet conditions

A vascular bed approach was followed at the outlet boundary, using porous media. The

details are given next.

Porous medium modelling of the outlet boundary condition

In all cases, a 10d long porous pipe section was attached to the outlet region. The porous

medium was modelled after Darcy (Equation (4.4)).

−∂p
∂x

=
µ

K
u+Bρ|u|u (4.4)
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here p is the pressure, µ is the dynamic viscosity, K is the so-called permeability, u is

the axial velocity, B is an empirically determinable constant, ρ is the density and x is the

coordinate in the flow direction. The second term on the right hand side was neglected

due to the assumption of laminar flow. The permeability of the porous domain and the

outlet pressure were set so that the mean pressure inside the flow domain remained within

the range of the realistic 80 - 120 mmHg [32] induced by the prescribed pulsation of the

flow (see Figure 2.4).

The effects of the exiting pipe length

To study the effects of various exiting lengths, the two idealised aneurysm models and the

randomly curved pipes were used. The complete and the upstream section of the curved

pipes were compared. The differences in the flow with varying exit conditions could thus

be observed.

4.2.4 Compliant wall studies

To model the compliance of the wall, a fully coupled fluid-structure interaction approach

was applied. The resulting velocity, WSS and pressure distributions in the compliant

simulations were studied and compared with corresponding rigid-walled results.

The vessel wall material was assumed to be linearly elastic with an elasticity modulus

of E = 1 MPa and a Poisson ratio of ν = 0.35 on the basis of laboratory measurements

[63]. The linearly elastic approach is a reasonable assumption in case of the arteries of the

brain where the stiffening effect of the wall material is not apparent in the usual load range

because of the small deformation rate [57]. As far as fluid mechanics is concerned, the

boundary conditions were similar to those of the rigid-walled models. For the solid body

model, the constraints applied to the inner surface of the wall were the flow-induced loads,

while an elastic support was assigned to the outside. The elastic support is needed to

avoid unrealistic expansion of the geometry, which may lead to negative element volumes

in the CFD mesh, rendering it impossible to obtain results. This support is suitable for

modelling the resistance of the tissues surrounding the vessels against movement. The

modulus for the elastic support was set to zero in the case of the artificial geometries and

to 96 000 Pa
mm in the case of the two patient-specific aneurysm models (Figure 4.1/IV).

Finally, the ends of the original vessel were fixed.
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4.3 Results

4.3.1 Inlet boundary condition

Analytical studies

With the reconstruction of the Womersley profile, the effects of various properties of the

cardiac cycle were studied. These included the temporal mean of the volume flow, the

frequency of the beats and the positions of three characteristic points in the cycle (systolic

peak, minimum following the systolic peak, diastolic peak). The Poiseuille solution, cal-

culated from the actual flow rate value, and the exact Womersley solution were compared.

The relative error between the two profiles of both the WSS and the spatial peak veloc-

ity were examined. For comparing the sensitivity to different parameters the maximum

relative errors during a cardiac cycle were selected.

The mean value of the flow rate is apparent in the Womersley formula as the weight

factor of its zeroth term (see Equation (4.1)), which is the parabolic part of the profile.

Thus, it is expected that the higher the mean value of the flow rate is, the more the

Womersley profile will resemble the steady parabolic solution. By decreasing or increasing

the mean value of the flow rate from the reference (see Figure 2.4) by 20%, the WSS

maximum error changed from 49% to 72% and 39%, respectively. The maximum peak

velocity error changed from 15% to 19% by decreasing and to 13% by increasing the mean

flow rate.

By increasing the frequency of the cycles, the parabolic approximation of the velocity

profile becomes less suitable since the unsteady behaviour of the flow begins to dominate

the solution. A 12% change in the beat frequency causes approximately the same change

in the maximum WSS error and 2% change in the maximum error of the spatial velocity

peak.

The effect of the magnitude of the characteristic points of a cardiac cycle on the velocity

profile was also investigated. Out of the two peak flow rates in a typical beat, changing

the larger one (systolic peak) has a significantly larger effect. A 20% change of the peak

volume flow resulted in 20% increase or decrease of the relative WSS error. Changes of

the errors were not higher than 1% when changing the second peak. The velocity profile

was found to be sensitive to the magnitude of the minimum flow rate after the systolic

peak. A 20% change caused approximately 17% change in the WSS error and 3% in the

spatial peak velocity error.

The maximum WSS error during the cycle mostly occurred at the minimum value after

the systolic peak. When the systolic peak had a significantly higher slope than that in

Figure 2.4 this maximum error was shifted before the systolic peak.

The phase shift between the WSS and the velocity cycle was detected, which is char-

acteristic of the Womersley solution. The Poiseuille solution stayed in phase as expected.
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Consequently, the maximum WSS value occurs 0.054 T earlier than the maximum velocity

in case of the reference beat. The shifted phases of the WSS histories of the Womersley

and the Poiseuille solutions are depicted in Figure 4.4.
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Figure 4.4: WSS histories of the Womersley and the Poiseuille solutions, the latter corre-

sponds to the Womersley velocity history

Phase shifting being a temporal phenomenon, it is not sensitive to the changing values

of the mean flow rate or to the flow rate magnitude of the characteristic points. The

frequency of the beats, however, has an influence on the phase shift. A 25% increase or

decrease in the period time of the beat results in 0.049 T and 0.063 T phase shift between

the WSS and the velocity (and therefore the Poiseuille WSS) maximum value, respectively.

The changing shape of the systolic peak also has a significant effect on the phase shift.

The tendency is that the higher the slope of the systolic peak, the smaller the phase shift

becomes relatively to the time period of the cycle. This also gives an explanation for the

varying phase of the of the maximum WSS errors.

Inlet profile development

In case of the straight tube it was found that depending on the beat shape, approximately

20 - 30d is the necessary length for a parabolic profile to develop into a perfect Womersley

profile (the relative error being within 1%). The development length increases to 50d

if the initial profile is a flat profile. Idealised aneurysm geometries showed that if the

inlet length is 0d, there are significant errors (10%) at the location of interest in the flow

compared to a 20d long inlet, even if the inlet profile is parabolic. The error in case of

10d long inlet is below 3% in case of the side-wall aneurysm (Figure 4.1/II a.). Even

shorter pipe sections were sufficient to capture the velocity distributions accurately in the

bifurcation aneurysm (Figure 4.1/II b.) model. Following this finding, all studies were

carried out using a 10d long pipe section attached to the inlet boundary and applying a

parabolic velocity distribution at the inlet boundary, whose maximum velocity changes in

time according to Figure 2.4.
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The results of simulations realised in curved vessel geometries (Figure 4.3) were pro-

cessed as described in Section 4.2.2. A typical plot of the results is shown in Figure

4.5.

Figure 4.5: Typical plot of the average errors of the velocity in the whole geometry of a

curved vessel and its upstream section (L/d <75) or its downstream section (L/d >75) at

two instants of the cardiac cycle, two locations are indicated with arrows

In Figure 4.5, the comparison between the original curved vessel and both the upstream

(L/d <75) and downstream (L/d >75) sections is presented. The highest peak (L/d =

75) appears directly before the transition between the upstream and downstream parts.

This high error is a result of the geometric differences between the original and separated

curved sections due to the boundary conditions.

Regarding the inlet section, it can be observed in the right part of Figure 4.5 that at

the systolic peak flow rate, following a 20% error at the first matching plane, (L/d = 80)

it takes 20d the error to decrease below 5%. This occurs even sooner in the case of the

diastolic peak flow rate (5d). It was found in all studied cases that the errors in the inlet

section of the downstream part decrease below 5% after the first bend (corresponds to L/d

= 100 in Figure 4.5). The compared velocity magnitude distributions in a plane directly

after the first bend is depicted in Figure 4.6.

It was also found that although in the intensive flow region the agreement is not perfect

at certain areas in the early sections of the truncated curved pipe section, the flow near

the wall has a good agreement with the reference simulation in these early parts. This

suggests that the WSS errors decrease more rapidly than the velocity errors of the cross

sections. An additional effect is demonstrated in Figure 4.5. After a varying length of

bent section, the error increases slightly (L/d = 120) then decreases again, which was

found tendentiously in other cases as well. Due to the highly 3D nature of the flow, the

orientation of the stream is suspected to change differently in the truncated section than

in the whole geometry. This suggests that the effect of a removed bend in a vessel can
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Figure 4.6: Compared contour plots of the velocity profile at L/d = 100 obtained from

simulations of the whole bent vessel geometry (filled contour) and the downstream section

only (contour lines)

propagate far, but this appears to be a negligible source of error after the first bend.

In the patient-specific aneurysm geometry, a similar behaviour of the flow was found.

The velocity distributions in the five geometries were compared in a cross-section of the

inlet vessel, just before entering the aneurysm. The average of the relative difference of

velocity to the reference geometry was found to be 22%, 9%, 6% and 8% in cases of the

base geometry, one, one and a half and two bends, respectively. This agrees well with the

findings in the artificial geometries. The resulting WSS distribution in case of one and a

half bend and the reference simulation is compared in Figure 4.7.

The compared WSS distributions show good agreement. The peak values are all located

at the same places and the values are almost identical.

4.3.2 Outlet boundary condition

Studying the sufficient exiting pipe length before the porous region, no difference could

be found in the velocity distributions with increasing length. In terms of pressure, only

a slight increase in the absolute values was found due to the increased friction loss in the

longer outlet section. The highest pressure increase occurred in the case of the bifurcation

aneurysm model but was still lower than 2%. The same results were obtained for the

curved vessels. No significant difference was found between the upstream section and the

complete model in case of the velocity distribution before L/d = 75 (see Figure 4.5).
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Figure 4.7: WSS distribution with different curved inlet vessel lengths (simulation in the

reference geometry on the left and one and a half bend on the right side) in a patient-

specific aneurysm geometry at the systolic peak instant

4.3.3 Wall compliance

Studying the idealised aneurysm geometries with compliant walls revealed that all the

basic, hemodynamically relevant flow variables (velocity, pressure, WSS) are influenced

by the compliant boundaries. Studying the deformation of the geometries, it was found

that with our assumption of fixed ends, the main direction of the geometry movement is

the axis of the aneurysm sac (see Figure 4.2). The original and deformed contours of the

models are depicted in Figure 4.8.

Additionally to this movement, an expansion of the geometries was found. The highest

deformation is located in the vicinity of the aneurysm sac. In the case of the side-wall

aneurysm, the upward motion of the aneurysm sac prevents the intensive direct flow onto

the downstream neck section. Since this is where the highest WSS values are usually lo-

cated, the wall compliance decreases the maximum WSS. The difference between the peak

values in rigid and compliant geometries may reach 52%. The decrease is also apparent in

the spatial mean value of WSS, with an average value of 16%. For the two geometries, the

average velocity magnitude in the flow domain was found to decrease by 12% in average,

due to the wall compliance. This qualitative appearance of the flow was not affected. In

the bifurcation aneurysm, the deformation resulted in small flow separation zones without

changing the overall quality of the flow. The expanding geometry reduced the pressure in

the volume while the decreased average velocity caused a pressure rise. As a result, a 2 -

5% pressure decrease was found changing during the cardiac cycle.
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Figure 4.8: Deformed (black) and original (grey) contours in the symmetry plane of the

two idealised aneurysm geometries; side-wall aneurysm in a bend (a.) and bifurcation

aneurysm (b.)

Studying the patient-specific models (Figure 4.1/IV) revealed similar findings. Here,

the applied elastic support enabled only small deformations. The side-wall aneurysm

geometry exhibited a more complex movement; slight twisting of the aneurysm sac around

its axis. No notable change in the average velocity or pressure was found. The average

WSS values decreased by less than 10% and 5% in the cases of the compliant geometries

of the side-wall and bifurcation aneurysms, respectively. The decrease of the WSS peak

also remained within 10% in both cases.

4.4 Discussion

In this Chapter a study on the boundary conditions of intracranial aneurysm simulations

was presented. These results may be applicable in the research of other parts of the

circulatory system as well. In all hemodynamic simulations, the region of interest has to

be “cut out” from the circulatory system and the flow conditions have to be representative

to the original flow in the complete system. The boundary conditions given for an isolated

system have a decisive influence on the accuracy of results. Therefore, they have to be

chosen with particular care. Since the flows in arteries are internal flows, the boundary

conditions studied in this Chapter were the one applied to the inlet, the outlet and the

bounding walls.

In the literature, the temporal history of the flow rate was identified as a critical factor

in forming the intra-aneurysmal flow. At the inlet, the effects of the pulse shape of the

cardiac cycle on the velocity profile were studied. It was found that by increasing the

mean volume flow, the velocity profile tends to the steady parabolic profile. Increasing

frequency acts inversely and magnifies the unsteady part of the solution of the velocity
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profile. By changing the magnitude of the characteristic points of the beat, it was found

that the systolic peak is the characteristic point which has the most important influence

on the flow. The minimum value after the systolic peak has the second most important

influence. The diastolic peak was found to be unimportant compared to the former ones.

The phase shift between the velocity and the WSS cycle, which appears as the consequence

of the correct reconstruction of the Womersley profile, is dependent on the frequency and

on the shape of the pulse. This phase shift is typically 5 - 7% of the period time and as

a consequence, the maximum WSS values occur at an earlier instant than the maximum

velocity.

Although some quantitative differences were found in the case of varying beat char-

acteristics, an artificial cardiac cycle may be used if no patient-specific data is available.

The cycle has to be adjusted according to the magnitude and location of the systolic peak

and the minimum flow rate following it. Cebral et al. [29] found the flow to be insensitive

to the varying mean flow rate, apart from some small quantitative changes. The results

imply that the differences between the Poiseuille and the Womersley solution become more

important in large arteries closer to the heart. Here the pulsation amplitude of the volume

flow inside a cycle is more significant, making the Womersley solution dominant. Farther

from the heart on the arterial network, such as intracranial arteries, the flow has a sig-

nificant steady part due to the windkessel mechanism [32]. The presented results imply

that in these regions, the assumption of the parabolic velocity distribution is a permissible

approximation. Additionally, profile development studies showed that a 10d long straight

pipe is sufficient for the development of the Womersley solution if the prescribed velocity

profile was parabolic, with the maximum velocity varying according to the cardiac cycle.

This allows the phase shifting phenomenon of the Womersley solution to be taken into ac-

count in the simulations. Redaelli et al. [64] found that a flat profile develops on shorter

distance into the Womersley solution than the parabolic distribution. This contradicts

the findings presented here, but also contradicts the intuition as well, that similar velocity

profiles develop easier into each other.

The curved pipe studies imply that after the first bend the effects of most previous

bends on the flow is negligible because the flow is dominated by the new geometrical

conditions. Oshima et al. [65] demonstrated the sensitivity of the flow inside the aneurysm

sac to secondary flow at the inlet boundary. Castro et al. [59] found that neglecting the

parent artery leads to significant differences in the intra-aneurysmal flow. They concluded

that individual sensitivity analyses are necessary for all typical aneurysm locations to

determine the necessary inlet length. The presented results agree with these findings and

provide the first estimate of a universal criterion for accurate results. The study featuring

a patient-specific aneurysm geometry confirms the findings in artificial geometries.

Investigations of the outlet length showed that in simple cases, the outlet condition

has only a localised effect on the flow pattern.
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The study on compliant boundaries showed that all main hemodynamic variables might

be influenced when the movement of the bounding walls is taken into account. In the

basic flow pattern no strong qualitative changes occurred, although in case of the idealised

bifurcation aneurysm model small separation zones appeared. The pressure decreased

slightly in the studied flows (less than 5%). The highest differences were found for the WSS.

These findings indicate that strictly speaking, compliant boundaries are needed for the

correct estimation of the WSS magnitudes. This is in accordance with Torii et al. [57] and

Dempere-Marco et al. [66] who found that simulations with rigid walls tend to overestimate

the WSS compared to distensible boundaries. Nevertheless, the effort to perform compliant

simulations exceeds significantly those for rigid-walled simulations. To model the wall

movement accurately, several physical parameters are needed in connection with the wall

and its environment. In the absence of these, the presented results suggest that simulations

with rigid walls are still able to deliver qualitatively correct results. Specifically, when large

number of simulations are needed for parametric studies, the rigid-walled simulations yield

acceptable results and thus their usage is justified.



Chapter 5

Applications of the numerical

workflow to clinical studies

5.1 Cerebral aneurysm initiation, progression and rupture

5.1.1 Introduction

As mentioned in Chapter 1, hemodynamics plays an important role in the natural history

of an intracranial aneurysm. Specifically, animal studies combined with CFD simulations

and cell biology studies identified WSS and the spatial wall shear stress gradient (SWSSG)

as critical factors in the early life of an aneurysm [67]. Based on patient-specific CFD

simulations of intracranial aneurysms, additional indicators of the initiation were proposed.

Mantha et al. [68] introduced the AFI index, which correspond to stagnation zones of the

flow with low and rotating WSS values, which they found to pinpoint the location of the

aneurysm on a virtually reconstructed vessel. Shimogonya et al. [69], after the failed

attempt to use AFI or SWSSG as an accurate indicator in their case, introduced the

gradient oscillatory number (GON) expressing the magnitude of the temporal fluctuations

of the SWSSG during a cardiac cycle. These studies were based on side-wall aneurysms

and the pre aneurysmal state was artificially reconstructed on the CFD models. With this,

the potential remodeling of the parent artery during the growth phase of the aneurysm

was neglected.

In collaboration with the neurosurgeons of the National Institute of Neurosurgery of

Hungary, the study on the natural history of intracranial aneurysm formation from its

pre-aneurysmal state was carried out. The hemodynamic microenvironment related to

aneurysm initiation at certain arterial segments, later developing an aneurysm could be

studied with the workflow introduced in Chapter 2. Additionally, the process of aneurysm

growth was studied by comparing the results before and after the aneurysm appearance.

The available 3D DSA images, representing the true situation before and after aneurysm

62



CHAPTER 5. APPLICATIONS OF THE NUMERICAL WORKFLOW 63

initiation in both side-wall and bifurcation aneurysm configurations were studied and are

presented in this section.

5.1.2 Method of the study

The study includes three patients who were scanned using 3D DSA in the last 10 years

at the National Institute of Neurosurgery. The medical policy of the institute in case

of intracranial aneurysms include regular follow-up scanning. According to the scans,

aneurysms were found in two cases where previously no or in one case only an initial

state of an aneurysm was detected. The medical images of these patients were analysed in

terms of fluid dynamics accordingly to the details given in Chapter 2. Medical history, risk

factors and the time between the initial angiogram and the follow-up studies showing a

developed aneurysm were recorded for all patients. The detailed description of the patient

histories are given next and the post-processing methodology is introduced afterwards.

Patient 1 A 52 years old female patient with a history of severe obesity and hypertension

was diagnosed with a ruptured 6 mm basilar tip aneurysm (see Figure 1.4). During the

hospital stay, the aneurysm endogenously thrombosed. Healing and complete remodeling

of the basilar bifurcation was found on the 3 months follow-up images (Figure 5.1/a.).

On the 20 months follow-up MRI and MRA, a 3 mm regrown aneurysm was observed at

the level of the former aneurysm neck, which remained unchanged during the following 5

years (Fig 5.1/b.).

b.)a.)

Figure 5.1: Angiographic reconstruction before (a.) and MR image after (b.) aneurysm

development of Patient 1, arrows indicate the site of the developed aneurysm

Patient 2 A 44 years old female patient, with a history of smoking, was treated due to a

ruptured AComA aneurysm and an unruptured basilar bifurcation aneurysm. 25 months
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later, she developed an 8 mm aneurysm at the upper wall of the so called petrous segment

of the right ICA, the second bend of the artery after it deviates from the common carotid

artery (see Figure 1.1). The 3D DSA later used for CFD simulations was obtained at

the time of the AComA aneurysm rupture, when no aneurysm was present at the petrous

segment (Figure 5.2/a.). In the case of this patient a 25 months follow-up 3D DSA was

available with the developed aneurysm (Fig 5.2/b.).

b.)a.)

Figure 5.2: Angiographic reconstruction before (a.) and after (b.) aneurysm development

of Patient 2, arrows indicate the site of the developed aneurysm

Patient 3 A 58 years old female patient was first treated for an incidentally discovered

aneurysm. At the time of the treatment, a tiny aneurysm-like dilation was observed at the

origin of the right Posterior Communicating Artery (PComA, see Figure 1.4) as depicted

in Figure 5.3/a. 23 months later the patient had a subarachnoid hemorrhage from the

PComA aneurysm, which by then had grown to an approximately 8 mm size (Figure

5.3/b.).

To study what fluid dynamic factors might be involved in the initiation and (re)growth

of the aneurysm the presented workflow was utilised. In all three cases the 3D DSA images

recorded before the aneurysm appearance were used as the medical input of the workflow.

In the case of Patient 2 and 3 the CFD analysis of the developed aneurysm was also

carried out. Patient 1 refused the follow-up 3D DSA test, only MR images were available

which has an insufficient resolution for the analysis. The flow field of the affected artery

segments were analysed in depth with the help of the CFD results. The velocity field, the

surface pressure distribution and WSS distribution was extracted from the results using

the CFX software environment. The sites of interest were localised by comparing the

medical images acquired before and after the growth of the aneurysm. With this, virtual

lines were drawn in alignment with the flow at the localised sites along which SWSSG was

calculated using MATLAB.
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a.) b.)

Figure 5.3: Angiographic reconstruction before (a.) and after (b.) aneurysm development

of Patient 3, arrows indicate the site of the developed aneurysm

5.1.3 Hemodynamic results

Patient 1 The WSS in this case shows a highly altering spatial distribution as depicted

in Figure 5.4 left-hand side. The temporal average of the WSS in the parent vessel was

found to be 7 Pa. At the basilar tip, the surface pressure was found to be higher than

that of the neighbouring areas (Figure 5.4 right-hand side).

Figure 5.4: WSS (left) and pressure distribution (right) of Patient 1 in the systolic instant

before developing the aneurysm, arrows show the site of the future aneurysm

The results along the selected virtual line show that at the systolic peak the WSS

reaches almost of an order higher values than the average value, around 40 Pa (Figure

5.5). The WSS at its peak was preceded by a short, approximately 1 mm long area,

where the SWSSG showed a positive peak, exceeding 40 Pa
mm . The proximal edge of the

later-forming aneurysm neck matched this area.
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Figure 5.5: WSS and SWSSG distribution of Patient 1 along the line displayed

Patient 2 The WSS showed altering distribution in this case higher peaks in the area

of interest (Figure 5.6 left-hand side). The surface pressure at the area of interest was

increased in comparison with the neighbouring area (Figure 5.6 right-hand side). The

temporal average of the WSS on the parent vessel in this case was 9.5 Pa.

Figure 5.6: WSS (left) and pressure distribution (right) of Patient 2 in the systolic instant

before developing the aneurysm, arrows show the site of the future aneurysm

The WSS measured along the predefined line showed an oscillating pattern, with a

peak of >60 Pa at the 5 mm monitoring point (Figure 5.7). This location corresponded to

the proximal edge of the future aneurysm neck along the line. The WSS peak was preceded

by an increased positive SWSSG at 3 mm, reaching nearly 40 Pa
mm . A second significant

peak of the SWSSG was also detected near the 7 mm location, reaching >60 Pa
mm , it was

accompanied by an increased, but smaller, WSS peak compared to the previous one. The

location of these peaks corresponded to the neck area of the latter aneurysm.

The fluid dynamic analysis of the images with the developed aneurysm showed a close

to uniform surface pressure distribution on the aneurysm wall, which was lower com-
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Figure 5.7: WSS and SWSSG distribution of Patient 2 along the line displayed

pared with the proximal parent artery (Figure 5.8/a.). Elevated WSS was detected at the

aneurysm edges (Figure 5.8/b.), this WSS distribution remained stable during the cardiac

cycle. The velocity distribution was dominated by the typical stable vortex inside the

aneurysm sac (Figure 5.8/c.).

Figure 5.8: Pressure (a.) and WSS distribution (b.) in the developed aneurysm of Patient

2 at the systolic peak along with the velocity distribution in the sac on the displayed plane

(c.)

Patient 3 WSS distribution in the area of interest in this case was found to be low

on the latter site of the aneurysm and demonstrated high values on the perimeter of the
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aneurysm beginning (Figure 5.9 left-hand side). The temporal average WSS of the parent

vessel was found to be 14 Pa. The surface pressure distribution was increased in the

area of the small initial aneurysm and rather, evenly distributed on the upper wall of the

bifurcation (Figure 5.9 right-hand side).

Figure 5.9: WSS (left) and pressure distribution (right) of Patient 3 in the systolic instant

before developing the aneurysm, arrows show the site of the future aneurysm

Two significant peaks were detected along the virtual line drawn: a smaller one at 3.5

mm a 50 Pa and a bigger one at 7 mm, reaching >80 Pa. The higher WSS values were

preceded by high SWSSG values reaching 90 Pa
mm (Figure 5.10). The point where both

measures were high was 7 mm, which corresponded to the anatomically distal but the

flow-wise proximal aneurysm neck (the flow was divided at this point for the distal carotid

artery and the PComA).

Studying the CFD results in the developed aneurysm revealed an evenly distributed

pressure distribution on the aneurysm sac, where the pressure values were found to be

higher than that of the bifurcating vessels (Figure 5.11/a.). The WSS distribution on the

aneurysm sac demonstrated focal increase accompanied by high unsteadiness thorough the

cardiac cycle (Figure 5.11/b.). This behaviour was reflected by the velocity distribution in

the sac, where an impinging jet-like flow was found with changing impact region thorough

the cycle (Figure 5.11/c.).

5.1.4 Discussion

In close collaboration with our medical partners the study of initiation and growth pro-

cess of intracranial aneurysms became possible by analysing medical images of patients

who has developed aneurysm at the site where earlier images indicated a healthy artery.

With the technique presented in the thesis the study of the images of both side-wall and

bifurcation aneurysms was possible. With this, potential hemodynamic factors involved

in the initiation and growth process or leading to the rupture could be detected.
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Figure 5.10: WSS and SWSSG distribution of Patient 3 along the line displayed

In the literature of intracranial aneurysm studies focus widely on the intra-aneurysmal

flow with which the growth and rupture phase of them can be studied [6, 25, 27, 28, 70].

Hemodynamic studies are, on the other hand, limited focusing on the pre-aneurysmal

state to detect possible reasons for the initiation of an aneurysm [67, 68, 69, 71]. These

introduce certain measures to identify elevated risk of aneurysm initiation at a certain

site along the parent artery. Numbers like the Oscillating Shear Index which express the

unsteady behaviour of the WSS expressing its change of direction or the Gradient Oscil-

latory Number which expresses the unsteadiness of the SWSSG are studied. Wang et al

[67] associated the combination of increased WSS and high positive SWSSG with specific

molecular alterations in the vessel wall, which were formerly implicated in aneurysm for-

mation. These forces are speculated based on animal experiments to cause the stretching

of the endothelial layer of the vessel wall leading to the brake-up of the structural integrity,

ultimately causing degenerative remodeling processes.

We found increased surface pressure compared to neighbouring areas at the affected

segments, focally increased WSS accompanied with high SWSSG values at the sites of the

aneurysm formation. In Patient 2 and 3 in whom originally no aneurysm was present,

the high peak in WSS and the SWSSG peak presented at the site of the proximal edge

of the neck of the aneurysm that developed later. The WSS values at these points were

at least five times higher than the temporal average values of the parent vessel. With

this we came to the conclusion that the initial destructive changes in the vessel wall, like

rupture of the internal elastic lamina and weakening of the muscular layer, take place at

the site of the highest hemodynamic stresses. However, the combination and the relative
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Figure 5.11: Pressure (a.) and WSS distribution (b.) in the developed aneurysm of Patient

3 at the systolic peak along with the velocity distribution in the sac on the displayed plane

(c.) at two instants of the cardiac cycle

magnitudes of WSS and SWSSG at similar vascular segments of healthy individuals not

developing an aneurysm need to be investigated. In Patient 1, the aneurysm developed at

the site of the bifurcation where both of these parameters were increased, whereas on the

other side of the bifurcation, both parameters were closer to normal wich may also reflect

the importance of individual vascular anatomy.

Regarding the growth mechanism, we speculate that once an aneurysm beginning is

formed, as in Patient 3, the hemodynamic microenvironment changes. The major stresses

will be shifted to attack a broader area of the aneurysm neck, as shown by the simulation

on the models with developed aneurysms. These forces, together with low WSS on the

aneurysm wall, may lead to the growth of the aneurysm sac and neck [72]. The two

studied developed aneurysm results agree well with the study of Cebral et al. [28]. They

associated higher risk of rupture to aneurysms with impinging unsteady jets inside the sac,

which we found in Patient 3 whose aneurysm ruptured. Patient 2 had a stable dominant

vortex inside the sac, which was associated previously with low chances of a future event

of rupture.

5.1.5 Conclusions

Although limited by the fact of the small control group, but together with our medical

partners we draw the conclusion that increased WSS accompanied with high SWSSG

values have an important role in the initiation of both side-wall and bifurcation aneurysms.

After the aneurysm is initiated the sac is exposed to a larger area of attack and speculated

to grow in the distal region of the aneurysm.
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5.2 Study on the endovascular treatment methods of in-

tracranial aneurysms

5.2.1 Introduction

The idea behind all endovascular techniques is to reduce the blood exchange between the

parent artery and the sac. This leads to the deceleration of the flow inside the aneurysm

sac, decreasing and/or evenly distributing the loads on the aneurysm wall and aiding the

clotting processes inside the bulge.

Various endovascular treatment techniques are used. The most frequently applied

technique today is filling the aneurysm sac with an embolic material. This may be done

by packing the sac with metallic coils as densely as possible [73]. The sac may also be

filled with a liquid polymer that solidifies within the aneurysm cavity [74]. In cases when

the orifice of the aneurysm is large, these techniques are assisted with a stent to keep the

filling material inside the bulge. Recently a growing interest is appearing on redirecting

the flow from the aneurysm by placing high density tubular meshes within the parent

artery across the aneurym orifice. These stent like devices are known as flow diverters [9].

The goal of this section is to introduce the modeling concepts developed, with which

the fluid dynamical effects of endovascular treatment techniques can be studied. These

concepts were implemented into the developed workflow and the results of the simulations

are described details in this section. The modelling approaches of the different treatments

are described in detail in the following section.

5.2.2 Methods

Treatment modelling

The effects of filling an aneurysm sac with liquid polymer were studied using pairs of 3D

DSA images of the aneurysm before and after the treatment. In these cases the geometries

of the vessel segments are prepared so that the pairs have the highest geometrical similarity

possible, by matching the boundary vessels and their orientation.

As metallic implants cause significant imaging artefacts, the hemodynamic effects can

not be properly studied on post-treatment angiographic models. The effect of these modal-

ities was simulated by substituting the implants with porous material. For coil packing,

the mass of coils was considered as a volume of porous material as described by Kakalis

et al. [75].

Stents placed within the parent artery across the entrance of the aneurysm were simu-

lated as a thin layer of porous material. We developed this technique, because woven wire

stents have a complicated thin structure that makes their geometrically accurate mod-

elling extremely cumbersome probably without a significant benefit. In our work, these
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stents are substituted by an s = 200 µm thick porous layer. This layer is inserted using a

method similar to that in the work of Appanaboyina et al. [76].

The three modelling approaches are fit into the numerical workflow described in detail

in Chapter 2.

Determination of porous properties

The approach in this work assumes the porous material to behave according to Darcy’s

model as introduced in Equation (4.4). We assume the flow to be laminar so that the

pressure loss is mostly directly proportional to the flow velocity, therefore the second term

on the right-hand side of Equation (4.4) may be neglected when there is no information on

the quadratic term. The constants in the terms can be measured directly or approximated

by theoretical considerations. The former approach is followed in case of the stents, as

described in Section 5.2.2, and the latter approach is followed in case of the coils as

described next.

Permeability of the porous volume modelling of coiling To determine the per-

meability of a porous volume theoretically, several assumptions are needed. The first

assumption is neglecting the quadratic term in Equation (4.4). The permeability of a

porous volume is the function of the porosity and the specific surface area [77]. The

porosity φ gives the ratio of the empty volume to the whole volume. The specific surface

is the ratio of the total surface area in the porous volume to the whole volume. In other

words this expresses the relative scale of the structures within the porous volume. The

finer the structures, the larger the specific surface. In our case the thinner the wire for the

same porosity, the larger the specific surface. The actual function between these variables

and the permeability is then derived from an ideal flow situation or based on measure-

ments. In case of the coil modeling a rod bundle is assumed with the fluid flowing in axial

direction. Such a relationship is given by Equation (5.1) [78].

K =
φ3

c(1− φ)
D2 (5.1)

In Equation (5.1) the specific surface is calculated knowing the rod diameter D which

is assumed to be constant. The constant c was given to be 144 by Kuwahara et al. [78].

The porosity can be approximated with given medical data. The wire diameter is known

(300 µm), therefore a permeability value can be calculated.

Measurement of stent resistance Measuring the pressure loss at various flow rates

the coefficients in Equation (4.4) can be calculated. The experimental setup used for this

purpose is depicted in Figure 5.12.
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Figure 5.12: Experimental setup to determine the stent resistance

The flow is fed from a water tank into a small tube through a throttle valve to set

the flow rate. The tube is prepared with an opening through which the fluid can exit the

tube and in which the stent is inserted. The tube is immersed in a second water tank to

avoid errors due to surface tension on the surface of the stents. By measuring the excess

pressure above atmospheric pressure (∆p) before the opening, the resistance of the stent

can be determined as a function of flow rate. A symmetric configuration was used by

letting water through from both sides of the tube section and by using two pressure taps

on both sides of the hole. The reason for this was to avoid errors arising from a significant

parallel velocity component. The flow rate was measured by levelling the overflow of the

tank in which the water flows through the tube.

Three configurations were measured. To take the resistance of the apparatus into

account, some measurements without stents were carried out. Two other combinations

were measured with either one or two stents inserted coaxially within the tube. All

measurements were carried out at least twice. Measurements with two stents were repeated

five times. Each time the stents were removed from the tube and reinserted separately,

thereby randomly creating five different relative positions of the two stents.

A mean flow velocity was calculated from the volume flow by dividing it with the

cylindrical area of the stent exposed to the exiting flow. The measurements were carried

out with water, therefore, to be able to calculate the pressure loss in the simulated blood

all results needed to be dimensionless. The pressure loss was replaced by the loss coefficient

defined by dividing it with the dynamic pressure. The volume flow was replaced by the

Reynolds number defined with the mean wire diameter of the stents.

Based on the foregoing, the stent resistance could be determined with various layer
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thicknesses. The results of the measurements are discussed in detail in Section 5.2.3. The

resulting resistance was used in the simulations of the stent study.

Modelling of the stent by a porous layer

The goal of the presented technique is to be able to model high mesh density woven wire

stents (Figure 5.13). To this end, the stent is substituted by a porous layer.

Figure 5.13: Photo of the modelled stent with catheter

The method needs the so-called vessel centerlines to be calculated first. This is done

using the open-source algorithm in the VMTK package. All further steps are carried out

in the MATLAB software environment. The calculated centerline often deviates from the

intuitive line of the parent vessel in the vicinity of the aneurysm sac due to its large size.

To correct this, a point before and after the sac is selected and a third order, curved line

is fit onto these points. The locations and the tangent directions between the centerline

and the generated curve are matched. This results in a curved section in the bulge region,

which is appropriate for later use (Figure 5.14/a dashed line). An initial stent-mesh is

constructed with a given length and diameter based on the corrected centerline at the

aneurysm neck. The stent length is chosen so that it is somewhat larger than the mouth

of the aneurysm sac. It is defined by its start and end location on the centerline. The

diameter is chosen to be smaller than that of the parent vessel. The start and end points

of this initial mesh are snapped and fixed to the vessel wall (Figure 5.14/b.).

This initial stent geometry is then expanded by applying an imaginary pressure on

the internal surface of the mesh. The forces expanding the mesh are balanced by a force

representing the elastic behaviour of the real stent. This helps conserving the original

smoothness of the stent geometry. The forces are applied until the desired expansion is

reached. That is when in the parent artery the stent surface touches the artery wall but

the artery section neighbouring the aneurysm sac keeps its original tube-like shape (Figure

5.14/c.).

With the desired stent geometry generated, the following modifications are applied.

The parts laying on the surface of the parent artery are removed from the expanded surface.

It was found by Appanaboyina et al. [76] that these parts have little or no importance in
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Figure 5.14: Four steps of the virtual stenting process; a.) calculation of vessel centerlines;

b.) insertion of stent and snapping edges; c.) inflation of stent; d.) removing unnecessary

parts of stent and thickening it

forming the flow inside the aneurysm sac. The remaining surface completely covers the

section of the parent vessel where the aneurysm is connected. This remaining surface is

extruded towards the vessel centerline by the porous thickness of 200 µm (Figure 5.14/d.).

The volume between the original and the extruded surfaces forms the porous layer. The

thickness of the layer is chosen so that it can be meshed with moderate number of cells

but not large enough to cause a disturbance in the original flow.

In the geometrical modelling the layer thickness is kept constant but the thickness of the

real stent layer varies from case to case due to the application of varying number of stents

at a time (one layer is about 32 µm). The varying layer width of the real configurations

is therefore not considered geometrically but indirectly through the resistance and loss

coefficient of the layer. Knowing the resistance of the real configuration, the same pressure

loss can be achieved through this thicker layer using Equation (4.4).

The resistance of the stent parallel to the flow direction is neglected. This is assumed

considering that due to the thinness of the real stent it has negligible effect in the direction

parallel with the stent surface compared to the perpendicular one.

5.2.3 Simulation and measurement results

Effects of treatment using liquid polymer embolisation

The effects of filling the sac with liquid polymer foam on the flow are analysed using

medical images taken before (“pre”) and after (“post”) the intervention. In the “post”

case the aneurysm sac is not visible because no or little contrast material enters it during

the angiography. A total of five cases were studied. Two representative samples are shown
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here.

The first sample is a side-wall aneurysm located on the ICA. Comparing the resulting

pressure fields it was found that the pressure loss through the parent vessel is higher in the

case of the “pre” results. This is the result of the typical swirling flow inside the aneurysm

(Figure 5.15).

Figure 5.15: Swirling flow inside the internal carotid artery aneurysm in the “pre” state,

the plane on which the flow is visualised is shown on top left side

The local maximum of pressure appears on the aneurysm sac in case of the “pre”

result while in the “post” result this is lower, and located on the new surface created after

the treatment in place of the aneurysm. Higher levels of pressure appear at the outmost

location of the curved vessels in both cases and at the bifurcation points of the small vessels

(not shown here). A high WSS gradient is apparent in the “pre” state, which disappears

after the treatment (Figure 5.16, right arrows). Additionally, the WSS was found to have

high pulsation amplitude in the “pre” case upstream of the aneurysm, in the “post” case

this was reduced by 35% but a high WSS gradient appeared on the first bend after the

bulge location (Figure 5.16, left arrows).

The reason for these changes can be found by studying the velocity distribution. These

are the unsteady swirling flow before and the intensified flow inside the parent vessel after

the treatment.

The second sample is a bifurcation aneurysm sac located on the basilar tip (see Figure

1.4 for reference). The level of pressure up- and downstream of the sac is similar in the

“pre” and “post” operative states. Elevated values are apparent in the post state (20%

increase) on the new surface compared to the mean pressure on the sac surface (Figure

5.17).

High frequency oscillations of the WSS are apparent in both states. The oscillation

frequency is slightly higher in the post case following the systolic peak velocity. The
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Figure 5.16: WSS distribution of internal carotid artery aneurysm (left) and after the

intervention (right), arrows indicate WSS zones highly influenced by the intervention

oscillation is the result of the jet-like inflow from the basilar artery. In the “pre” case the

oscillation is damped by the complex vortex structure inside the aneurysm bulge (Figure

5.18).

Results of coil modelling

In the clinical practice the aneurysm size and the volume of the inserted coil length is mea-

sured and the packing density is determined by dividing the volume of the packing material

by the volume of the entire aneurysm [79]. This is translated to porosity determined by

dividing the remaining empty aneurysm volume by the whole volume. According to the

provided clinical data it was found that the value of the porosity stayed between φ = 0.77

and φ = 0.87. To study the behaviour of the flow under different porous properties we

decreased the permeability of the volume gradually in one patient-specific geometry. The

permeability was varied between K = 10−8 m2 and infinity, which enabled us to study

the effect of changing porosity between φ = 0.8 and φ = 1. This was determined using

Equation (5.1) knowing that the typical wire diameter used in these interventions was

300 µm. The magnitude of the average velocity inside the bulge was then calculated at

both the diastolic minimum and the systolic maximum flow rates (Figure 5.19).

The trend of the velocity decrease is close to exponential which is demonstrated by the

solid line in the studied range and the dashed section as the exponential extrapolation of

the former in Figure 5.19. The tendency is expected to remain the same if the constant in

Equation (5.1) is changed. The changes in the velocity distribution are given by streamlines

in Figure 5.20 at porosities 0.97; 0.92 and 0.8.

The expulsion of the flow from the sac is clearly visible in these results that correlates

with the medical findings after the interventions. Repeated angiographic images show that
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Figure 5.17: Pressure distribution of an aneurysm on the basilar tip before (left) and after

(right) treatment, arrow indicates the location of the pressure peak

little or no contrast material enters the filled sac (Figure 5.21).

The displaced flow results in the decrease of the pressure on the aneurysm sac. Apart

from the decrease of the pressure, the load distributing effect of the coiling can be observed

in Figure 5.22, where with lower porosity the pressure distribution becomes more even.

All this does not affect the pressure distribution on the parent artery significantly.

The available clinical data showed that the porosity of the filled aneurysm bulge varied

between 0.77 - 0.87. In the studied case the realised porosity was φ = 0.77 (marked with

an open circle in Figure 5.19). This porosity value clearly correlates with the images in

Figure 5.20/c and Figure 5.22/c.

Results of the stent resistance measurement

The data in Figure 5.23 was obtained after subtraction of the resistance of the apparatus.

In Figure 5.23 apart from the measured points the fitted second order curves are given

with dark grey dashed lines. In case of measurements with two stents a second order

curve was fitted onto each of the five individual measurements, which are indicated with

thin green dotted lines. These clearly indicate the second order relationship between the

volume flow and pressure loss in flows through stents. The thin green dashed lines also

indicate that the stent resistance depends on the actual assembly of the two stents. The

position of the stent wires relative to each other randomly influences the flow over the

layer. The individual stent, on the other hand, has always the same pressure drop as

indicated by the red dots in Figure 5.23. It was found that the mean of the five curves

fitted on the individual two-stent measurements gives twice the pressure loss of the one

fitted on the single layer measurements, which was used to calculate the resistance of the
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Figure 5.18: Jet like flow structure and vortices inside the basilar tip aneurysm before

(left) and in the remaining parent artery segment after (right) treatment

layers. The standard deviation of the pressure loss in case of the two layer measurements

was found to be 20% on average.

Since the measurements were carried out using water the results were recalculated to

the liquid properties of blood used in the simulations. The parameter values in Equation

4.4 calculated from the measurements and the corrected values based on the simulated

layer thickness are given in Table 5.1.

thickness K [µm2] µ
K [ kg

mm2s2
] B [ 1

µm ]

real (31.75 µm) 179.48 16.715 1.6267

simulated (200 µm) 1130.58 2.6535 0.2582

Table 5.1: Calculated permeability, linear and quadratic loss coefficient values of one stent

layer

These latter pair of K and B values were used in the simulations. In the cases where

two layers were simulated the values in the second row of Table 5.1 were doubled. The

results of the numerical simulations utilising the measured stent resistance are discussed

next.

Results of stent simulations

Two side-wall aneuryms were simulated with various stent configurations. The two aneurysms

were selected so that they have high (1.8) or low aspect ratio (1.3). Both cases were sim-

ulated with one and two stents. The effect of the inserted stent on the flow field can be

best demonstrated by visualising the streamlines. These are given in the high aspect ratio
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Figure 5.19: The change of average velocity inside the studied aneurysm sac as a function

of the porosity inside the bulge

case before and after inserting the porous layer, modelling one stent layer (Figure 5.24).

Similar effects can be seen as in the case of coiling; before inserting the stent an

intensive inflow into the sac is apparent inducing a vortical pattern inside, whereas after

introducing the stent most of the flow is prevented from entering the sac. This indicates

that the application of the stent is able to reconstruct a healthy flow pattern. In the

low aspect ratio case the effect was less characteristic but still, the vortical pattern had

been slowed down in the sac. The images of the visualised flow field demonstrate that

the technique is able to reproduce the medical findings similarly to Figure 5.21 on the

angiographic images, see for example Szikora et al. [9]. On the aneurysm sac wall there

was in general a decreased WSS and pressure load found. In the systolic peak the average

WSS on the sac decreased by 45% and 40% with a single stent in case of the high aspect

ratio and the low aspect ratio aneurysm, respectively. The pressure only decreased slightly,

by less than 2% in both cases.

By subtracting the WSS and pressure distributions on the vessel wall before the treat-

ment from those after the treatment the effects of stent introduction on the vessel wall

loads could be studied. Similarly to the results of Appanaboyina et al. [76] it was found

that the parent artery downstream of and across the neck of the aneurysm is exposed to

higher WSS after treatment. This is the result of the accelerated flow inside the vessel.

Figure 5.25 shows the relative change of WSS after inserting a stent into the parent artery

of the high and low aspect ratio aneurysm at the systolic instant.

It can be observed, that although the average WSS decreases on the aneurysm sac,

elevated regions of WSS may appear on the bulge after stent implantation. This effect
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Figure 5.20: Changing velocity distribution demonstrated by the streamlines in the systolic

instant with decreasing porosity; a.) 0.97; b.) 0.92; c.) 0.8

Figure 5.21: Angiographic images of the studied case before (left) and after (right) the

coiling procedure

appears in both cases but more significantly in our low aspect ratio case.

The same studies were carried out in both cases with two stent layers modelled.

Thereby, the effect of increasing number of stents on the flow was studied. As an in-

dicator of the effectiveness of the intervention the reduction of the average flow velocity

in the bulge was computed (Figure 5.26).

The results show that the first inserted stent makes the intra-aneurysmal flow signif-

icantly slower but an increasing number of stents induces only a fraction of the change

caused by the first stent. It was also found that in the high aspect ratio aneurysm the

relative effect of the stent implantation is more significant than in the low aspect ratio

case.



CHAPTER 5. APPLICATIONS OF THE NUMERICAL WORKFLOW 82

Figure 5.22: Decreasing pressure load as a result of decreasing coiling porosity; a.) 0.97;

b.) 0.92; c.) 0.8

5.2.4 Discussion

In the literature several hemodynamic parameters are discussed as key factors in initiation,

development or rupture of intracranial aneurysms. The two most studied parameters are

the pressure and WSS. The high or low magnitude, unsteadiness and/or inhomogeneous

distribution of these flow variables are considered as negative conditions in one or more

stages of aneurysm development [6].

Three types of endovascular treatment techniques are studied in this work. Filling

of the aneurysm sac with liquid polymer is studied indirectly by comparing pre- and

post-treatment flow patterns within and around the aneurysm. In case of the side-wall

aneurysms that are typically arranged perpendicularly to the main axis of the parent artery

reduction of the pressure level and of the WSS unsteadiness was found at the entrance

of the aneurysm. This was associated with a local WSS increase within the parent vessel

upstream of the aneurysm. In case of bifurcation aneurysms that are typically arranged

parallel to the main axis of the parent artery significant local increase of pressure was

found after the treatment at the entrance of the previous aneurysm. This demonstrates

that while the treatment may be able to block intra-aneurismal flow, it does not change

the unfavourable flow condition within the parent artery. This may lead to reopening of

the aneurysm either by compaction of the packing material or by further growth of the

aneurysm sac that has a non-elastic wall. In these cases the load distributing role of the

packing material may still have a protective effect against rupture.

We used a porous approach similarly to Kakalis et al. [75] to reproduce the effects of

filling the aneurysm sac using coiling. The resulting flow fields agree with the angiographic

images taken after treatment whereas the contrast material could not or could only slightly

fill the sac (Figure 5.21). By gradually changing the permeability of the porous volume

inside the aneurysm sac the following trend was found. An exponential dependence of the
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Figure 5.23: Pressure drop of stent layers as a function of flow rate in water

average intra-aneurismal flow velocity on the porosity of the filling material was shown in

Figure 5.19. Although this trend is shown in one case, it is most likely to be true in other

similar geometries. Therefore, it can be stated that decreasing the porosity below φ = 0.8

or in medical terms increasing the packing density higher than 0.2 has only a very small

effect on the inta-aneurysmal flow compared to the rapid increase above this porosity or

below this packing density value. By correlating the intensity of the intra-aneurismal flow

with the clogging processes this information may provide useful data in medical practice.

The presented technique to simulate densely woven stents used for parent artery re-

construction proved to be successful. Simulations of stents with a porous substitution of

the stent layer complemented with accurate laboratory measurements produce flow condi-

tions similar to those reported on angiographic studies [9]. The results found are also very

similar to those obtained with more time consuming simulation techniques [76, 80, 81].

The presented novel technique to measure stent resistance yields two parameters deter-

mining a quadratic curve as function of the flow rate crossing the origin. These parameters

could be used as a general characterisation of the stents and may help compare existing

models, as well as serve as aids in the development phase of new stents. Using two stents

involves a random factor, namely the relative position of the two stents. Having performed

the same measurement several times we found that the mean resistance curve of two stents

is twice of that of one stent. The measurements show that there is a significant deviation

of the pressure loss through the two layers arising from the random relative position of

the layers. This have to be taken into account both during the intervention and during

the evaluation of the results based on the porous modeling.

Clinical studies demonstrate that significant reduction of intra-aneurysmal flow may be
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Figure 5.24: Representative flow field shown with streamlines before (left) and after (right)

inserting the porous stent layer in the case of a high aspect ratio aneurysm

followed by complete and longstanding aneurysm thrombosis, something that is difficult

to achieve in large and giant aneurysms by packing of the sac. Our porous layer stent sim-

ulation study demonstrate that by using flow diverter stents, significant intra-aneurysmal

flow reduction can be achieved in high aspect ratio aneurysms. In aneurysms with lower

aspect ratio the flow velocity reduction is less profound, however, an overall reduction of

WSS was observed on the aneurysm wall in both low and high aspect ratio cases. The

significance of scattered spots of elevated pressure on the aneurysm wall is unclear. The

magnitude of elevation is low, making it less likely to cause aneurysm rupture. Isolated

areas of elevated WSS may induce further wall degeneration, if the aneurysm does not

thrombose completely and shortly.

Our medical partners found in their recent study that among 27 cases the residence

time of the contrast material increased by 58% on average after inserting a layer of the

presented stent. The second layer caused an additional 25% increase of residence time

as an average in 12 cases. Using the presented porous technique the effect of varying

number of inserted stents was studied by analysing the average velocity which is (apart

from special cases) related to the residence time of blood inside the sac. It was found

that depending on the aspect ratio of the aneurysm the insertion of the first stent causes

50 - 62% velocity reduction and an additional layer causes a 6 - 13% additional velocity

reduction. These findings ensure that our methodology is able to faithfully reproduce the

conditions after a clinical intervention using densely woven stents.
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Figure 5.25: Relative WSS change at the systolic peak flow rate in case of high (left) and

low (right) aspect ratio aneurysm as a result of deploying a stent in the parent artery

Figure 5.26: Average velocity in the systolic peak inside the bulges with an increasing

number of stents inserted

5.2.5 Conclusion

Aneurysm filling and stenting as endovascular techniques can be simulated using CFD

with porous approach. The results of these simulations are able to qualitatively and

quantitatively reproduce clinical findings.

A novel technique to measure the flow stent resistance of flow diverting stents was

presented. By incorporating the measured resistance values into the simulation we found
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a nonlinear relationship between the number of applied stent layers and the flow reduction

achieved.

Our results indicate that the reduction of flow velocity within the aneurysm sac is as-

sociated with decrease of WSS and pressure. However, focal increase of WSS and pressure

over the aneurysm wall after treatment requires further research on the history of specific

aneurysms.



Chapter 6

Summary and outlook

6.1 Summary of the presented work

In the last three decades a growing interest appeared in the field of intracranial aneurysms.

Studies demonstrated that hemodynamics play an important role in the initiation, develop-

ment and rupture of these lesions. Early fluid mechanical measurement and computational

studies demonstrated that even in simplified models of aneurysms complex flow patterns

are formed, which are sensitive to the parameters of the geometries. In the last decade

modern medical imaging techniques made it possible to acquire the accurate geometry of

a patient’s intracranial aneurysm. Combining this with the numerical techniques avail-

able in computer aided engineering, became a widespread research strategy in the field of

intracranial aneurysms.

With the present work the main goal was to create a workflow, which is able to con-

nect the medical equipment and software environment of the National Institute of Neuro-

sciences in Hungary with commercial engineering software packages to carry out patient-

specific computational fluid dynamics simulations. The developed methodology presented

in Chapter 2 is able to provide deep insight into the fluid dynamical processes inside the

developed aneurysms an their parent arteries of selected patients based on their medical

images.

It was demonstrated by measurements as described in details in Chapter 3 that the

numerical solver, implemented in the workflow, is able to reconstruct the flow field ac-

curately. The numerical results were validated with two laser-optical methods. With a

novel unsteady flow rate generation the idealised cardiac cycle has been reconstructed in a

magnified model of a patient-specific aneurysm and the velocity distribution was mapped

using particle image velocimetry and laser Doppler anemometry. The simulation results

showed a level of agreement with the temporally resolved, measured velocity distributions

which was not demonstrated before in the literature of intracranial aneurysms.

In case of patient-specific simulations the geometry of the studied artery segment has

87
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to be “cut out” from the medical images. The flow conditions at the separation surfaces

in the simulations need to represent the real conditions in order to reconstruct the original

flow field inside the vessel section. Since the exact conditions cannot be determined, in

Chapter 4, the effect of simplifying assumptions were studied. The sensitivity of the flow

on the shape of the cardiac cycle was studied and found that the peak- and minimum flow

rate are the most critical features of a cycle. As a result of the studies on the inlet flow

conditions, recommendation for the location of the cut surfaces was given and an effective

inlet boundary condition prescription was proposed.

The validated workflow was applied to study different stages in the natural history

of intracranial aneurysms. The initiation and growth was studied by analysing medical

images before and after the aneurysm appearance. With neurosurgeons we came to the

conclusion that high wall shear stress together with high spatial wall shear stress gradi-

ents might have an important role in the initiation of intracranial aneurysms which was

suspected before on the basis of animal experiments. The initiated aneurysm was found

to be expanding in the distal direction of the flow.

The hydrodynamic effects of endovascular aneurysm treatment were studied, to give

a deeper insight to the effects of standard treatment methods on the hemodynamic envi-

ronment of the aneurysms. It was shown with the implemented coiling simulations that

the flow decelerating effect of these devices are limited. Decreasing the porosity inside the

aneurysm sac below 80% with the help of coils causes no significant additional decrease in

the average velocity magnitude. A novel measurement technique was developed to deter-

mine the hydraulic resistance of densely woven stents, which can provide useful data for

the development of these devices and give a measure to compare the efficiency of different

stent models. The measured hydraulic resistance of the stents was applied to numerical

simulations where the fine stent structure was substituted with a porous material layer.

This method is able to reproduce the overall effects observed earlier by detailed numeri-

cal studies in the literature. The presented method needs little additional computational

cost to standard patient-specific simulations contrary to the detailed modelling approach.

Among other results, rapidly decreasing intra-aneurysmal flow reduction with increasing

number of inserted stents was found with the developed method.

6.2 Outlook of the work

The workflow in its present case needs manual labour at many steps. During the develop-

ment, the possibilities of automatising certain steps have been considered and the steps

were built up in this view. Therefore, to improve reproducibility and increase the effi-

ciency of the patient-specific simulations, the automatisation of the steps of segmentation,

surface and mesh generation, pre- and standard post-processing can be beneficial in the

future. Additionally, in the future it is necessary to expand the methodology to take the
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distensible boundaries of the flow into account.

The experimental work was limited by the properties of the pump. Although, it was

demonstrated that the lower flow rates do not influence the overall flow patterns, to gain

higher confidence in the numerical methodology, repeated validation at higher Reynolds

numbers is advised. Measurements with distensible boundaries could also provide useful

input to further develop the overall methodology of the studies.

Boundary condition studies were executed on small number of cases, the validation of

the findings on a larger geometry database can provide higher confidence in the findings.

The studies on initiation, growth and rupture are all limited by the fact of the low

number of samples, the continuous increase of the number of cases is necessary. The

treatment simulation techniques can be improved by the development of the way the porous

geometries are generated and the way they are meshed. The accuracy of the hydraulic

resistance measurement of the stents might be improved with updated instrumentation

and the measurement of the resistance of coils could improve the accuracy of the respective

results.
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6.3 New scientific results

Thesis 1 I developed a numerical workflow to study the blood flow in intracranial

aneurysms based on medical images using commercial computational fluid dynamics soft-

ware and complemented the workflow with recommendations in the usual Reynolds (100

- 1000) and Womersley number (2 - 9) range of intracranial artery flows for the inlet

boundary conditions that the literature lacks. [T1, T2, T3].

a) By reconstructing the velocity profiles of pulsating laminar pipe flows, the Wom-

ersley profiles, and comparing them to a time series of parabolic solutions, I found that

the difference between them is most sensitive, among the parameters defining a typical

cardiac cycle, to the systolic peak flow rate and the minimum flow rate following the peak.

Therefore, the accurate prescription of these in the simulations is of primary importance

[T4, T5, T6].

b) Using numerical simulations I found that a ten diameter long straight pipe section

is sufficient for a parabolic velocity distribution to develop into the pulsating Womersley

flow profile to reconstruct the flow field in the downstream section [T4, T5, T6].

c) I developed a method to study the effects on the velocity field of a pulsating pipe

flow, of omitting varying lengths of bent sections from the inflow side of the geometry. In

the usual Dean number range (100 - 200) of intracranial arteries, I found that compared

to the effect of the last upstream bend, the effect of preceding bends can be neglected at

any given location along the pipe [T4, T5, T6].

Thesis 2 I developed a method to experimentally reproduce artificial cardiac cycles in

a closed flow loop containing a variable speed pump, a reservoir, a calming chamber,

distensible plastic tubes and a transparent measurement section. This enabled the recon-

struction of an arbitrarily shaped cardiac cycle without unwanted additional oscillations

during the cycle found in the literature of intracranial aneurysms.

With this method using two different laser-optical velocity measurement techniques

(particle image velocimetry and laser Doppler anemometry), I demonstrated that the

applied numerical method has, to my knowledge, the best agreement with a measured

velocity distribution of available patient-specific intracranial aneurysm numerical model

validations [41] in the literature [T7].

Thesis 3 I demonstrated in two cases with the help of numerical simulations, in the

absence of aneurysms that in human arteries, at the site of a future intracranial aneurysm,

high wall shear stress combined with high spatial wall shear stress gradient is present [T8].

This load combination was also associated earlier with cell degeneration of the artery wall

in animal experiments [67].
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Thesis 4 I studied the flow modification effect of endovascular coil treatment, the most

frequently used endovascular treatment of intracranial aneurysms [73], with porous mate-

rial substitution. I found a rapid decrease of the average velocity magnitude (90%) inside

an aneurysm sac in the porosity region of 1 to 0.8. Decreasing the porosity further has

little effect on the overall flow field [T9].

Thesis 5 I proposed a new concept to characterise the hydraulic resistance properties

of densely woven stents and developed a measurement method to quantify the resistance.

I found that the hydraulic resistance of densely woven stents is in a quadratic relation-

ship with the flow rate. Furthermore, a second stent layer introduces a random factor in

the flow rate resistance relationship due to the random relative position of the two layers,

but the mean hydraulic resistance of two stent layers taken from many measurements is

twice as much as the resistance of one layer. In case of two layers, the standard deviation

from the mean resistance is about 20% [T10].

Thesis 6 I developed a method to simulate the fluid mechanical effects of treatment with

densely woven stents by porous substitution with experimentally determined hydraulic

properties. With the modeling I reproduced findings of methods having a fifty times higher

computational cost [82], whereby an overall decrease of wall shear stress and pressure on

the aneurysm surface and increased values on the downstream section of the parent artery

were found.

This modeling enabled the study of two densely woven stents inserted coaxially. I

found a rapidly decreasing influence on the average flow velocity magnitude inside the

aneurysm sac of the second densely woven stent layers compared to a single layer [T10].
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vizsgálata koponyaűri aneurizmák számı́tógépes szimulációi esetén. In XVIII. Magyar

Neuroradiológiai Kongresszus, 2009.
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[P2] Nasztanovics Ferenc, Ugron Ádám, Paál György, and Bojtár Imre. Emberi
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Appendix A

Nomenclature

Latin

A surface area [m2]

B quadratic loss coefficient [ 1
m ]

C curvature radius [m]

d pipe diameter [m]

E elasticity modulus [MPa]

f frequency [1s ]

g gravitational acceleration [m
s2

]

i complex unit [−]

k general loss coefficient [−]

ks axial pressure gradient [Pam ]

K permeability [ kg
m2s2

]

L pipe length [m]

p pressure [Pa]

q flow rate [m
3

s ]

r radial coordinate [m]

R pipe radius [m]

s thickness [µm]

t time [s]

T time period [s]

u axial velocity [ms ]

v velocity [ms ]

z height coordinate [m]



Greek

α Womersley number [−]

µ dynamic viscosity [ kgm·s ]

ν kinematic viscosity [m
2

s2
]

ρ density [ kg
m3 ]

ω angular frequency [ rads ]

Acronyms and Abbreviations

1D one-dimensional

2D two-dimensional

3D three-dimensional

AComA anterior communicating artery

CFD computational fluid dynamics

CTA computer tomography angiography

De Dean number

DSA digital subtraction angiography

FEM finite element modeling

FFT fast Fourier transform

FSI fluid-structure interaction

GE General Electric

GON gradient oscillatory number

ICA internal carotid artery

LDA laser doppler anemometry

MRA magnetic resonance angiography

MRI magnetic resonance imaging

PC-MRI phase contrast magnetic resonance imaging

PComA posterior communicating artery

PIV particle image velocimetry

PDA particle dynamics analysis

RA rotational angiography

Re Reynolds number

St Strouhal number

STL stereo lithography

SWSSG spatial wall shear stress gradient
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TTL transistor-transistor logic

VMTK vascular modeling toolkit

WSS wall shear stress



Appendix B

Derivation of system response

For the modelling needed for the dynamic calibration of the flow circuit of the validation

measurements, a simplified circuit of the flow circuit was used which is depicted in Figure

B.1.

qp

q r
z2

z1

hr

hs

3z

4z

rA

sp sV sA

L
k
pA

Figure B.1: Simplified model of the flow circuit used for dynamic calibration of the pump

The pump in this model is fed by a reservoir with a liquid surface of Ar and liquid

level of hr. The pump provides a flow rate qp which enters a settling chamber with a liquid

free surface of As and liquid height of hs. The pressure and the volume of the gas inside

the settling chamber are ps and Vs, respectively. qr flow rate flows into a pipe with length

L, cross-section Ap and resistance k. From here the liquid flows back to the reservoir.

The heights of the suction and pressure side of the pump, and those of the in- and outlet

of the pipe, are z1, z2, z3 and z4, respectively.

The goal is to provide the relation between qp, which is prescribed in the form of the

pump flow rate and qr, the resulting flow rate appearing in the pipe of interest in order to

be able to produce the desired flow rate at the entrance of the phantom.
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The mathematical model of the settling chamber assumes ideal gas inside the chamber

with no temperature change (Equation (B.1)).

ps(t)Vs(t) = p0V0 = constant (B.1)

The temporal derivative of Equation (B.1) is given in Equation (B.2).

Vs
dps
dt

+ ps
dVs
dt

= 0 (B.2)

Considering that the change of the gas volume inside the settling chamber at an instant

is the result of the difference between qr and qp, Equation (B.3) can be written.

dVs
dt

= qr − qp (B.3)

With Equations (B.1),(B.2) and (B.3) the change of the pressure inside the chamber

can be written as follows.

dps
dt

+
p2
s

p0V0
(qr − qp) = 0 (B.4)

The change of the liquid volume inside the reservoir is the result of the flow rate

difference (Equation (B.5)), similarly to the gas volume change.

dhr
dt

=
qr − qp
Ar

(B.5)

Bernoulli ’s equation can be written between points 3 and 4, building an equation for

the pipe (Equation (B.6)).

p3 +
ρ

2
v2
r + ρgz3 = p4 +

ρ

2
v2
r + ρgz4 + ρL

dvr
dt

+ kρvr (B.6)

In Equation (B.6) only laminar losses are considered on the right-hand side due to low

flow rates. The losses are proportional with k, g is the gravitational acceleration in the

equation.

After simplification and substitution of the flow rate for the velocity in Equation (B.6),

Equation (B.7) yields.

p4 − p3 + ρ
L

Ap

dqr
dt

+ ρ
k

Ap
qr + ρg(z4 − z3) = 0 (B.7)

By differentiating Equation (B.7).

dp4

dt
− dp3

dt
+ ρ

L

Ap

d2qr
dt2

+ ρ
k

Ap

dqr
dt

= 0 (B.8)

Equation (B.9) and (B.10) are based on the considerations of the pressure levels at

the circuit node points 3 and 4, respectively. In these equations the pressure losses are

neglected due to the low flow rates.
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p3 = ps + ρg(hs − z3) (B.9)

p4 = ρg(hr − z4) (B.10)

After temporal differentiation of Equations (B.9) and (B.10) we obtain Equations

(B.11) and (B.12), respectively:

dp3

dt
=
dps
dt

+ ρg
dhs
dt

(B.11)

dp4

dt
= ρg

dhr
dt

(B.12)

In Equation (B.11) the height change of the liquid inside the settling chamber (hs) is

proportional with the volume change of the gas as seen in Equation (B.3). By considering

that the higher the liquid level goes in the chamber, the less volume the gas has, and using

Equation (B.3) we obtain Equation (B.13).

dhs
dt

= − 1
As

dVs
dt

= − 1
As

(qr − qp) (B.13)

By substituting Equation (B.13) into Equation (B.11) we get Equation (B.14).

dp3

dt
=
dps
dt
− ρg

As
(qr − qp) (B.14)

By substituting Equation (B.5) into Equation (B.12) we get Equation (B.15).

dp4

dt
=
ρg

Ar
(qr − qp) (B.15)

Substituting both Equation (B.14) and (B.15) into Equation (B.8) we obtain Equation

(B.16).

ρ
L

Ap

d2qr
dt2

+ ρ
k

Ap

dqr
dt

+ ρgqr(
1
Ar

+
1
As

) − dps
dt

= ρgqp(
1
Ar

+
1
As

) (B.16)

Equation (B.16) and (B.4) form a closed differential equation system which gives the

relation between the desired two variables; qp and qr.

The measurement experiences showed that the change of the liquid height is marginal.

Knowing this, the temporal change of the settling chamber pressure (ps) is neglected. This

simplification leads to Equation (B.17) which gives the relation between qp, which is the

prescribed pump flow rate and qr, the desired resulting flow rate to appear in the pipe of

interest.

q̈r + k1q̇r + k2qr = k3qp (B.17)


