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Chapter 1
Introduction

There is a growing medical interest in the prediction of flomd £orces inside cerebral
aneurysms [48, 103], with the ultimate goal of supportingdival procedures and deci-
sions by presenting viable scenarios for intervention. @livécal background of cerebral
aneurysms and possible hemorrhages is well introduceckititdrature such as [93, 101].
These days, with the development of high-precision medheagjing techniques, the geome-
try and structure of blood vessels and possible aneurysahkalre formed, can be determined
for individual patients. To date, surgeons and radiolsgdistve to make decisions about pos-
sible treatment of an aneurysm based on size, shape anbbtocateria alone. In this thesis
we focus on the role of Computational Fluid Dynamics (CFD)ifentifying and classifying
therapeutic options in the treatment of aneurysms.

CFD allows to add qualitative and quantitative charactiessof blood flow inside the
aneurysm to the complex process of medical decision malilegcontribute to this by com-
puting the precise patient-specific pulsatile flow in allt&deand temporal details, using a
so-called ‘Immersed Boundary’ (IB) method. This requiresienber of steps, from preparing
the raw medical imagery to define the complex patient-spdtifiv domain, to the execution
of high-fidelity simulations. Subsequently, detailed iptetation of the consequences of the
flow should be given jointly by medical experts and CFD spest&in terms of flow visu-
alization and quantitative measures of relevance to mefdieatice. We compute the flow
inside the aneurysm to predict high and low stress regioé;ative of possible growth of
an aneurysm. We also visualize vortical structures in the fitmlicating the quality of local
blood circulation. We show that, as the size of the aneurysmreases, qualitative changes
in the flow behavior can arise, which express themselvesgisfhequency variations in the
flow and shear stresses. These rapid variations could betasgpahntify the level of risk
associated with the growing aneurysm. Such computationaletmg may lead to a better
understanding of the progressive weakening of the vesdeanaits possible rupture.
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Before presenting the content of this thesis, we will briéfcuss the medical motivation
of the problem, the various roles CFD can play and give anvis@rof numerical methods
being used for blood flow simulations. Subsequently, the$gmints of each chapter will be
presented and finally the general outline of this thesishélbiven.

Cerebral Aneurysm. Medical motivation. The medical condition known as cerebral
aneurysm is one of the cardiovascular diseases that irvebk&sel walls of cerebral vessels.
Bulge formations might develop on the vessel walls, and twe, under permanent pulsat-
ing forces, the aneurysm may grow further and even rupture.degradation of endothelial
cells in the vessel walls is often associated with regioneetatively low shear stress [9]
while locations of relatively high shear stress could beantgnt for initial formation of a
bulge [84]. Commonly, cerebral aneurysms are located irear the Circle of Willis [101] —
the central vessel network for the supply of blood to the huilmain. The risk-areas are at
‘T" and 'Y’-shaped junctions in the vessels [34]. Treatmehterebral aneurysms often in-
volves insertion of a slender coil. This coiling procedwepresents considerable risk during a
surgical intervention, as well as uncertainty about thgmrm stability of coiled aneurysms
[86, 94]. Blood vessels and aneurysms are rather compléexdiydtructure and geometrical
shapes. The walls of blood vessels contain several layeliffefent types of biological cells,
which provide elasticity to the vessels and determine tbempliance [76]. The shape of
cerebral aneurysms developing in patients can be infelyadsimg several techniques such
as CTA (Computed Tomographic Angiography), DSA (Digitab8action Angiography) and
3DRA (Three-Dimensional Rotational Angiography) [64].these procedures a small part
of the brain is scanned, and aneurysms even of a size les8 tharcan be observed [8, 95].
These techniques allow a reconstruction of three-dimeasiarteries and aneurysms and
hence an approximate identification of the blood vesselspant$ of the soft tissue in the
scanned volume.

Computational Fluid Dynamics. The tremendous potential of CFD in supporting medi-
cal decisions and proposing therapeutic options in thenreat of cerebral aneurysms, was
already anticipated in [57]. The value of numerical simiolas for treating aneurysms will
likely increase further with better quantitative undenstiag of hemodynamics in cerebral
blood flow. A primary challenge for any CFD method, whethés & body-fitted method [35]
or an IB method [37, 62, 73], is to capture the flow near soliidfinterfaces. In this region
the highest velocity gradients may occur, leading to cpoadingly highest levels of shear
stress, but also potentially highest levels of numericedretn methods employing body-
fitted grids, the quality of predictions is directly linkeal the degree to which grid-lines can
be orthogonal to the solid-fluid interface and to each othlsp, variation in local mesh sizes
and shapes of adjacent grid cells is a factor determiningemigad error. The generation of a
suitable grid is further complicated as the raw data thahddfie actual aneurysm geometry
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often require considerable preprocessing steps beforgraahgan be obtained. These steps
include significant smoothing, segmentation and geomepézations eliminating small side
vessels that are felt not to be too important for the flow. @Qnbsitive side, the main benefit
of a body-fitted approach is that discrete variables arattlalso at the solid-fluid interface,
which makes implementation of no-slip boundary conditiguite straightforward. Hence, in
body-fitted approaches the no-slip property can be acdyrat@osed, but only on a ‘pre-
processed’ smoothed and often somewhat altered geomé&ir241. These finite element or
finite volume based approaches can be used to predict trenpiatinain flow structures of
clinical value as suggested by [14, 15, 34, 39].

Numerical method. Immersed Boundary Method.A significant amount of work has
been done on simulation of flow in the brain and in the cardioutar system [6, 14, 28,
38, 48, 71, 76]. As an alternative to the body-fitted approttod IB method was designed
primarily for capturing viscous flow in domains of realistomplexity [73]. In the IB ap-
proach which we adopt, the actual geometry of the aneurysnbeaxtracted directly from
the voxel information in the raw medical imagery, withous theed for smoothing of the ge-
ometry. Grid generation is no issue for IB methods since gmmetry of the flow domain is
directly immersed in a Cartesian grid. The location of thiedsfuid interface is known only
up to the size of a grid cell, and the shape of the interfacppsaximated using a ‘staircase’
representation, stemming from the fact that any grid cdlliled either entirely ‘solid’ or
entirely ‘fluid’. Refinements in which a fraction between Gdahnof a cell can be fluid-filled
[18] are not taken into consideration here. The medical emagrom which we start has a
spatial resolution that is not too high when small-scalaitketire concerned. This calls for
a systematic assessment of the sensitivity of predictionmtertainties in the flow domain
[61]. Using the staircase approximation, the problem oftwapg near-interface properties
can only be addressed by increasing the spatial resol(tlia.also gives an insight into the
error-reduction by systematic grid-refinement for flow imgmex geometries.

Thesis contentsIn this thesis we present a numerical model for the simulatioblood
flow inside cerebral aneurysms. We illustrate the procegsedicting flow and forces that
arise in vessels and aneurysms, starting from patientfapdata obtained using medical
imaging techniques. Once the three-dimensional geometgconstructed, we discuss fluid
properties of blood which allows to compute the flow. The fldwmincompressible Newto-
nian fluid in the human brain is simulated by using a volumeafizimg IB method, in which
the aneurysm geometries are represented by the so-calkdngdunction. We impose pul-
satile flow forcing, based on direct measurement of the meanviélocity in a vessel during
a cardiac cycle and focus on effects due to changes in thedigime. In slow or very viscous
flows the pulsatile forcing dominates the fluid dynamicapmsse, while at faster or less vis-
cous flows the incompressible flow shows a transition to cemfibw coined ‘turbulent’ by
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Ferguson [23]. The natural nonlinearity of the governinga@pns dominates the pulsatile
flow forcing at higher flow rates. We consider a full range ofgiblogically relevant condi-
tions and show high frequencies to emerge in the pulsatiiparse. The strong qualitative
transitions in flow behavior and shear stress levels insidareeurysm cavity at increased
flow rates may contribute to the long-term risk of aneurysptute.

In brief, the main topics addressed in this thesis are:

e IB Method: development, validation, application to model ggometries.A volume-
penalizing IB method for blood flow simulations inside theran brain is developed and
tested on the basis of simple model geometries. First, weéatalour method for the clas-
sical case of Poiseuille flow in a cylindrical tube. Subseqjyewe simulate the laminar
flow inside simplified model geometries, motivated by shagfesal cerebral vessels and
aneurysms. Blood is approximated as an incompressibledwéavt fluid, governed by the
Navier-Stokes equations. Numerically we solve the systgmméans of skew-symmetric
finite volume discretization, closely following [100]. Affting term is added to the Navier-
Stokes equations to represent complex geometries by inmmehe tissue-fluid interfaces
in the Cartesian grid. The key element of our IB method is tieadled ‘masking func-
tion’, which identifies fluid and solid parts of the compubatal domain. The masking
function is a binary function, taking values ‘0’ in the fluibl¢od) part and ‘1’ in solid (tis-
sue) parts of the domain. Even with the coarse staircasegeptation of the boundaries,
reliable results can be obtained at grids with about 16 gglid @cross a vessel opening.
The flow regime is characterized by the value of the Reynoldsber (Re), which for
cerebral blood flow is abotlRe= 250. We present simulations at different Reynolds num-
bers, analyzing changes in the flow behavior in curved vesseal in modeled aneurysms.
We not only consider the developing velocity and pressutédfidut also compute shear
stresses that are important in relation to the possibleldereent of aneurysms.

e Steady flow in realistic cerebral aneurysms, reconstructedrom 3DRA data. Mov-
ing on to realistic aneurysms, we illustrate the processadmstructing the 3D geometry
from medical images and assess the sensitivity of flow ptiedis to various steps of
this reconstruction. A segment of the cerebrovasculaesysif a person suffering from a
brain aneurysm was available from a recording obtained thitte-dimensional rotational
angiography (3DRA). The raw angiography data allows to @efire masking function
that represents the vessel and aneurysm shape. We applgrsagion and simplification
processes to obtain the 3D geometry, containing the maiseVasnd an aneurysm on it.
Individual voxels in the digital data form the smallest uoitlocalization of the solid-
fluid interface. A computational cell is assigned to be dadir ‘fluid’ on the basis of the
digital imagery - in this way we generate the masking functieurther, to obtain a 'sin-
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gle inflow/single outflow’ representation of the main stwret we cut away parts of the
geometry at some distance from the aneurysm bulge and cotfreeends of the vessels
with a smooth connecting tube to achieve a setting in whictodiee boundary conditions
can be imposed. We analyze the sensitivity of flow predigtimnthese cutting and con-
necting steps by computing the steady flow in the physiokdbjicelevant flow regime at
Re= 250. We analyze the sensitivity of predictions by incorpiogaseveral geometries
that differ somewhat in the precise location of the cuts bycilthe relevant vessel seg-
ment is identified, or by the smoothness of the connectingelesegment that is added,
i.e., a smoothly differentiable and a linear connectingseésDue to uncertainties in the
initial medical imagery we also assess the reliability af mumerical predictions by intro-
ducing ‘practical bounding solutions’. Next to the basiogetry, directly reconstructed
from the medical data, we consider a few slightly smaller siightly larger bounding
geometries. Numerical solutions computed in these bogngéometries appear to also
bound a number of key properties of the basic solution coatint the basic geometry
from above and from below. The bounding solution approaldwalto present not only
the basic solution but also the sensitivity range causedhtations in the quality of the
medical images.

e Pulsatile flow simulations and pathological transition.Numerical simulation of real-
istic pulsatileflow in cerebral aneurysms is the next important step towareldical ap-
plication. This step completes a first, rough computationatiel that connects medical
imagery to predictions of (some) clinical relevance. Plillsélow forcing is obtained by
incorporating direct measurements of the time-dependemnaged flow velocity over the
cross-section of a brain artery during a cardiac cycle. Seeanial Doppler (TCD) sonog-
raphy is a non-invasive technique, which can be used to medisa flow velocity near
the actual aneurysm [101]. This allows to complete a fuligretspecific model as far as
vessel geometry and cardiac signature are concerned. \Veleoa full range of physio-
logically relevant conditions and show that the flow undeya transition from an orderly
state at low Reynolds numberRé= 100 200), in which the pulsatile forcing is closely
followed in time, to a complex response with strongly insesd high-frequency compo-
nents at higher Reynolds numbeReE& 400), i.e., at higher flow rates and larger aneurysm
sizes. The results obtained for the shear stress corresporadues found in literature
[29, 70], thereby providing an additional validation of ttemputational model. The nu-
merical reliability of the predicted transition is quargdion the basis of the bounding
solutions approach. We compute the spectrum of the respdrike flow by monitoring
the solution at various locations and flow conditions. Wengif\athe significant increase
of small-scale, high-frequency structures at higher Rilgwoumbers. This observation of
complex flow transition in case aneurysms are involved wpserted in a clinical study
[23]. It may have fast and inexpensive clinical screeningliaptions in the future.
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Outline. The organization of the thesis is as follows. In Chapter 2 vesgnt the compu-
tational model, based on the Navier-Stokes equations)sisskew-symmetric finite volume
discretization and introduce the 1B method for defining cterpessel and aneurysm geome-
tries. We focus on the validation of the numerical methodlierclassical case of Poiseuille
flow in a cylindrical pipe and for model vessels and aneurysongetries. We establish first-
order convergence with grid refinement. Also, numericabststresses are computed and
the simulations are validated also in this respect, i.eth weference to the derivatives of
the velocity, next to validation in terms of the velocityels The process of reconstruction
of the geometry from medical imagery is presented in Chaht&¥e illustrate steady flow
inside a realistic aneurysm geometry and discuss the sétysdf flow predictions to the
reconstruction steps. In Chapter 4 we present the inclusigaalistic pulsatile flow in the
computational model. We consider different flow regimesiciwttorrespond to physiolog-
ically relevant situations ranging from ‘normal’ to unhtegl high Reynolds number flow
conditions. We show a strong transition from simple lamiih@aw with a small relevant fre-
guency content to complex flow with many high frequenciefaskeynolds number, i.e., the
flow velocity or aneurysm size, increase sufficiently. Cadaig remarks and an outlook for
further research are given in the last chapter.



Chapter 2

Immersed boundary method for the computation of
flow in vessels and cerebral aneurysms

Abstract

A volume-penalizing immersed boundary method is presefdethe simulation of lam-
inar incompressible flow inside geometrically complex lhoa@ssels in the human brain.
We concentrate on cerebral aneurysms and compute flow iredurain vessels with and
without spherical aneurysm cavities attached. We appratdrblood as an incompressible
Newtonian fluid and simulate the flow with the use of a skew-s\atric finite-volume dis-
cretization and explicit time-stepping. A key element of tmmersed boundary method is
the so-called masking function. This is a binary functiothwihich we identify at any loca-
tion in the domain whether it is ‘solid’ or ‘fluid’, allowingotrepresent objects immersed in
a Cartesian grid. We compare three definitions of the madkingtion for geometries that
are non-aligned with the grid. In each case a ‘staircaseesgmtation is used in which a grid
cell is either ‘solid’ or ‘fluid’. Reliable findings are obtad with our immersed boundary
method, even at fairly coarse meshes with about 16 grid aelisss a velocity profile. The
validation of the immersed boundary method is provided enbtésis of classical Poiseuille
flow in a cylindrical pipe. We obtain first order convergenoe the velocity and the shear
stress, reflecting the fact that in our approach the solid-fhierface is localized with an ac-
curacy on the order of a grid cell. Simulations for curvedsedsand aneurysms are done for
different Reynolds numbeR@. The validation is performed for laminar flow BRe= 250,
while the flow in more complex geometries is studieBat= 100 andRe= 250, as suggested
by physiological conditions pertaining to flow of blood iretircle of Willis.

2.1 Introduction

Healthy blood circulation depends on many factors amonghwvare the properties of blood
itself, the size of the vessels through which blood flows &edeneral flow speed. The walls
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of the blood vessels may become hard or weak over time, ihjarénfected and this can
lead to different diseases such as atherosclerosis, theafam of aneurysms, thrombosis,
stroke and others. Forces on vessel walls play a role in ihgress of the disease, especially
in the injured vessels [13]. The prediction of the flow anésses in the course of a gradually
developing disease constitutes a challenging multiscale@m. This ranges from an analysis
of short-time pulsatile flow to long-term medical prognosie are interested particularly
in flow inside small cerebral vessels and aneurysms which gnagiually develop due to
weakening of the vessel walls. In this chapter we show theofisan immersed boundary
method to simulate incompressible Newtonian flow in compkssels and aneurysm models.
We identify resolution requirements such that numeriaaliable results can be obtained for
a range of physiologically relevant conditions.

Understanding flow patterns inside an aneurysm may helpdorithe long-term effects
such as the likelihood of the growth [9] or even rupture [8#fh& aneurysm, or the acceler-
ated deterioration of the vessel wall due to low shear sfd§sSuch capability would allow
a more complete planning of surgery and predict the effeaBgs of certain procedures,
and compare different options. Treatment of cerebral ays@os often involves insertion of a
slender coil. This procedure represents considerablarnidkuncertainty about the long-term
stability of coiled aneurysms [86, 94]. Numerical simudaticould support decisions regard-
ing, whether, which and how much coil to insert. It could aigtp in a follow-up monitoring
of a patient.

A significant amount of work has been done on Computationatifdbynamics (CFD) of
flow in the human brain and in the cardiovascular system [6284 38, 48, 71, 76]. As a
numerical approach, the finite element method is most corymmed to represent geome-
tries of blood vessels. Often, the data are obtained froheratoarse biomedical imagery.
The highly complex geometry is defined with some uncertaytyhis imagery, and some
smoothing and interface approximation need to be includedléw simulation with a body-
fitted approach [6, 15, 24]. As an alternative approach thmeeénsed boundary (IB) method
was designed primarily for capturing viscous flow in domaheealistic complexity [73]. In
particular, we consider a volume penalization method. imriethod, fluid is penalized from
entering a solid part of a domain of interest by adding a bigt#orcing term to the equa-
tions governing the fluid flow [42]. This method is also knovatféctitious domain’ method
[1] and physically resembles the Darcy penalty method [73he Navier-Stokes/Brinkman
equations for flow in porous domains [97]. Here, we considgrarticular the limit in which
the porous domain becomes impenetrable and flow in complekdamains can be repre-
sented. This method is discussed as one of the ‘immerseddbogimethods in the recent
review paper by [62], and in the sequel will be referred tovaéime penalization immersed
boundary method’, a label that was also adopted in [41].

Originally, the main motivation and application for IB metls was in simulation of the
human heart by Peskin (a complete review is in [73]). FurtterIB method was widely ap-
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plied in the bio-medical area. Among such applicationslaeenodeling of biofilm processes
[20], arteriolar flow [2], swimming organisms [19] and cetbgvth [51]. Another main sector

of application of the IB method is in engineering, where sieal problems are flow around
a cylinder and around a road vehicle, flow in a wavy channehside a stirred tank [37],

aerodynamics and parachute simulation by [43], acoustesg/by [81], and many others.

We present the development and application of an IB methozbimputing flow and shear
stresses in cerebral aneurysms. As a numerical method vileaseite-volume discretization
with a skew-symmetric treatment of the nonlinear convecfiuxes. Flow is simulated at
various flow conditions in several vessel geometries withwithout aneurysm attached and
shown to yield reliable results already at modest resalutible concentrate on a generic
model aneurysm with which the flow and forces are studied ange of physiologically
relevant Reynolds numbers.

The shape of cerebral aneurysms developing in patients eanférred by using three-
dimensional rotational angiography [64]. In this procedarsmall volume of brain tissue
can be scanned, and aneurysms even of a size less thann be depicted [95]. This
technique allows a reconstruction of three-dimensiorteti&s and aneurysms and hence an
approximate identification of the fluid and the solid partshie scanned volume. A volume-
penalization IB method is applied to represent the aneugessmetry. In the 1B approach the
domain is characterized by a so-called masking functioigivakes the value ‘0’ in the fluid
part and ‘1’ in solid parts of the domain. The raw angiogragata allows for a simple ‘stair-
case approximation’ of the solid-fluid interface that defitiee vessel and aneurysm shape.
Individual voxels in the digital data form the smallest unfittocalization of the solid-fluid
interface. This raw information specifies the masking fiorcin the sense that a computa-
tional cell is assigned to be ‘solid’ or ‘fluid’ on the basistbé digital imagery. We will adopt
the ‘staircase’ geometry representation in this chaptdrdannot incorporate any additional
smoothing of the geometry or sophisticated reconstructiethods.

For a more complete modeling of the dynamics in the vesséésyslow-structure in-
teraction often plays a role [76]. In that case also pararseted models that characterize,
e.g., mechanical properties of arterial tissue, influeridain tissue and the influence of the
cerebrospinal fluid are required. The amplitude of the waltiom in intracranial aneurysms
was found to be less than 10% of an artery diameter. Desgteather modest motion of the
vessel, effects may accumulate over long time. Even modesément can affect the vessel
walls, which might play a role in possible aneurysm ruptwaas hypothesized in [68]. For
realistic pulsatile flows some movement of the aneurysmswedis observed during a cardiac
cycle [69]. In this chapter we take a first step and restrictedweeloping the IB approach for
rigid geometries. This allows to obtain the main flow chagdstics inside relatively large
cerebral aneurysms for which the relative wall movementamneglected [48].

The type of blood flow and the resulting forces on vessel ved[zend largely on the shape
of the vessel and on the viscosity of blood. These elememysfr@n one person to another,
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which makes the precise blood flow per heart beat a patiertifsp characteristic that is
hard to obtain. Rather, the patient’s main flow structuras ¢haracterize the general type of
blood motion and associated forces appear accessible lbjasiom and modeling. These are
computational predictions, leading to patient-specifsubes of clinical value as suggested by
[14, 15, 34, 39]. The distribution of shear stresses at teselevall and the flow patterninside
the aneurysm are considered to be relevant to characgtimrgeneral quality of circulation.
Regions of high and low shear stress are often visualized@&niial markers for aneurysm
growth. High shear stress levels were reported near thé&"mé@ saccular aneurysm, and
may be relevant during the initiating phase [84]. Low wakahstress has been reported to
have a negative effect on endothelial cells and may be irapbto local remodeling of an
arterial wall and to aneurysm growth and rupture [9]. A lowlghear stress may facilitate
the growing phase and may trigger the rupture of a cerebealrgsm by causing degenerative
changes in the aneurysm wall. The situation is, howevereroomplex, as illustrated by the
phenomenon of spontaneous stabilization of aneurysnrsafiaitial phase of growth [44]. It

is still very much an open issue what the precise correlasdretween shear stress patterns
and general circulation on the one hand, and developingagakdsks such as aneurysm
rupture, on the other hand. In this complex problem, hemathia stimuli are but one of
many factors.

Cerebral aneurysms are most often located in the Circle difswWi the central vessel
network for the supply of blood to the human brain. Commok-aeeas are at ‘T" and 'Y’-
shaped junctions in the vessels [34]. This motivates toyaeahe flow in basic vessels and
aneurysms by modeling them as curved cylindrical tubes ticlwépherical cavities are at-
tached. This choice is not restrictive for the developmdrthe computational approach;
rather it constitutes a stepping stone problem toward sitir of actual patient-based ge-
ometries. The computational model for the simulation oblllfiow through the larger vessels
in the human brain is based on the incompressible NavieStequations. In this chapter
we illustrate the IB approach by predicting flow in basic @d\wylindrical and spherical
geometries.

A primary challenge for any CFD method, whether it is a bodgdi method [35] or an IB
method [37, 62, 73], is to capture the flow near solid-flui@ifdces. In this region the high-
est velocity gradients may occur, leading to correspordihmghest levels of shear stress,
but also potentially highest levels of numerical error. ur 88 approach, the actual geome-
try of the aneurysm can be extracted directly from the voxtrimation in the raw medical
imagery, without the need for smoothing of the geometry.l®hation of the solid-fluid inter-
face is known only up to the size of a grid cell, and the shapgbkeinterface is approximated
using a ‘staircase’ representation, stemming from thetfeattany grid cell is labeled either
entirely ‘solid’ or entirely ‘fluid’. The problem of captung near-interface properties can only
be addressed by increasing the spatial resolution. In lapter we study for curved vessels
and model aneurysms the error-reduction upon increasenggétial resolution. We establish
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first order convergence of both the velocity field and itsispderivatives for Poiseuille flow.
Convergence is also assessed more qualitatively by systegral-refinement for flow in
complex geometries.

Numerical accuracy was investigated extensively for a sg¢arder IB method in [32,
50]. Simulation results for sufficiently smooth solutionsre& analyzed and actual second
order convergence for the velocity and pressure fields wesrgbd. No results were included
for convergence of the gradient of the velocity. For a volymeaalizing IB method applied
to Stokes flow, i.e., very viscous, smooth flow, it was shovgomusly in [65] that first-
order convergence of the velocity field can be expected,wvias actually achieved in test
simulations. In case the solid-fluid interface is allowed®smoothed, or if it is already
sufficiently smooth by itself, a so-called ghost-cell IB im@d can be shown to yield first
order [7] or in selected situations second order [25] cagivey velocity fields for flow over
an undulating channel [89]. In this reference, a direct carnspn between a body-fitted and
an IB method was also made for the shear stress at a seleateddialition - the results
were found to be nearly identical. A comparable result majobed in [40] where a study
is made of the accuracy with which turbulent wall pressurettiations can be predicted for
sufficiently smooth surfaces. In this chapter we extend tmyergence study and show first-
order convergence of velocity and shear stress in complmaits also in combination with
the staircase approximation of the interfaces.

The quality of predictions depends strongly on the spagisblution that can be adopted.
From a study of Poiseuille flow we will show that about 16 gradits across a velocity profile
suffice to obtain reliable flow predictions, e.qg., yieldingla-norm of the error with respect
to the exact solution less than 10%. For general geometrasare not aligned with the
underlying Cartesian grid, first order convergence upot-ggfinement is established. Using
an energy-conserving skew-symmetric discretization i0]the IB approach was found to
provide the main flow structure and associated stress lelvkles emerging from a steady
pressure drop was investigated and the laminar velocitgt feld shear stress distribution
were computed. Flow in curved vessels and model aneurysocasssdered aRe= 100 and
Re= 250 to comply with clinical data in [39, 76]. At the higher Rejds number the flow
displays some unsteadiness, consistent with findings ¢f §24ociated with the nonlinearity
in the Navier-Stokes equations, even at constant flow rate.

The organization of this chapter is as follows. In Sectidhve present the computational
model, based on the IB method and we discuss the strategjeaswate the masking function.
We validate the IB method for Poiseuille flow in Section 2.8 @iscuss the convergence of
numerical predictions. An analysis of shear stress levetnadel vessels and aneurysms is
given in Section 2.4. Concluding remarks are in Section 2.5.
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2.2 Computational model for flow inside cerebral aneurysms

In this section we first present the incompressible Naviek&s equations as the mathemat-
ical model describing the flow of blood inside the human b(&ubsection 2.2.1). Then we
describe the numerical method to perform simulations oflthve (Subsection 2.2.2). A key
element of the adopted IB method is the ‘masking functioriic identifies for each point
in space whether it is ‘solid material’ or ‘fluid domain’. IruBsection 2.2.3 we look into how
masking functions are generated and introduce the modelgeies.

2.2.1 Incompressible flow in complex domains

There are various approaches to model flow of blood in the mUmnain. A comprehensive
overview is given by [76]. In one approach, the blood is agpnated as a Newtonian fluid
[14]. More refined models, e.g., the Carreau-Yasuda maugde the shear-thinning behav-
ior of blood and allow to capture non-Newtonian rheologyd8, 38]. Under physiological
flow conditions in sufficiently large arteries the non-Nemito corrections were found to be
quite small [15, 28, 38, 71]. The main flow characteristicoegyed to be the same as for a
Newtonian fluid at somewhat different stress and velocitgle In this chapter we concen-
trate on arteries of the Circle of Willis. Typical fine-scaleuctures in the blood are on the
order of 10°% m. A length-scale that characterizes the cross sectionygfiea cerebral ves-
sel inside the Circle of Willis is on the order of 1®m [39]. This difference in length-scale of
three orders of magnitude motivates to approximate bloahaacompressible Newtonian
fluid [76].

A common location of cerebral aneurysms within the CircleWdilis is on the in-
ternal carotid artery (ICA), where a typical volumetric floate is reported to b&; =
245+ 65ml/min [34], while the diameter of the ICA is approximatdly = 0.424+0.09cm
[39], leading to a reference velocity* = 0.2947m/sand a corresponding Reynolds number
estimated aRe= 177 computed bjrRe= U;*L! /v;* in which we used as reference length the
radius of the artery; = R* = D*/2 and a kinematic viscosity? = 3.5- 106 n?/s[76]. The
Reynolds numbeReis the only parameter which is required to specify the flowditons.

It quantifies the ratio between the magnitude of the (del&aly) convective transport and
the (stabilizing) viscous processes. It is well known tloatrélatively low Reynolds numbers
flow is laminar and steady [106] under steady boundary camdif which implies a smooth
velocity and pressure field. With increasing Reynolds nuntbe flow can develop more
detailed vortical structures, e.g., associated with sgpdrflow near abrupt changes in the
shape of a vessel. A further increaseReusually implies that the flow becomes unsteady
even under steady boundary conditions and the range oteeriecomes much wider [106].
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The range of Reynolds numbers arising in the flow in the CotMWillis, as estimated above,
corresponds to laminar, possibly unsteady flow.

The Navier-Stokes equations provide a full representatfdwewtonian fluid mechanics,
expressing conservation of mass and momentum. The totalgatylomainQ, consists of a
fluid part Qs and a solid parf2s. The interface between the two will be identified®Q at
which no-slip conditions apply. The governing equatioresgiven in dimensional form by:

ou* * Hpk * P R 2 f*
5 U O%u* = -0 (p*)+v 0" “u +p* (2.1)

0% -u* =0 (2.2)

Hereu* is the velocity of the fluidp* is the mass densit?* is the pressure arfd is a forcing
term that will play a central role in this chapter as it is usetepresent the impenetrability of
complex shaped solid vessel walls, i.e., the no-slip caodiBy choosing reference velocity
U;" and reference length we can express in a standard way reference tinmigad_; /U;".

Throughout this thesis we work with a computational domaidceved with periodic
boundary conditions for the velocity components. The pnesss not periodic as we allow
for a mean pressure gradient to drive the flow according tav@osed flow rate. For that
purpose, we decompose pressBrten a strictly periodic componerg® and a linear spatial
dependence with amplitu@é a function of time. This approach was pioneered, e.g., ih [63
When imposing a pressure difference, e.g., inhdirection, this decomposition implies
P* = p* +a"(t*)x". The amplitude of the mean pressure grad&t*) is adapted continu-
ously to maintain the prescribed flow rate. The gradient efgfessure i&*P* = 0" p* 4 a*.
Using reference density; = p* we find as reference scale for the presspire= (U;*)?p;"
and for the mean pressure gradieht= (U;")%p;/L;.

For the forcing term we select a direct volume penalizatiowhich

; = —E—l*H u* (2.3)

wheree* is a forcing time scale anHl is the masking functionH (x) = 1 if x € Qs and
H(x) = 0 if x € Q. Based on the reference velocity and length we set the referercing
time scale ag;” = L;/U;" =t}, which suggests that by settigg« 1 the dimensional control
parametee” = g'¢ < & =t/ i.e., much smaller than the reference time scale.

After choosing all reference parameters we obtain the norelsional form of the Navier-
Stokes equations:

du

1 1
Ou=—-0P+—[%u—=H 2.4
0t+u u +Re u : u (2.4)

O-u=0 (2.5)

In this chapter we will consider only stationary, i.e., noovimg walls. By adding the forcing
to the incompressible momentum equations we formally amivthe Brinkman equation for
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flow in a porous medium with permeability related to the pagtare [52]. Note that, with
the inclusion off as in (2.3) we arrive at a one-velocity field model for the flovihe entire
domainQ.

The basis of the volume penalization method is the maskingtfon which distinguishes
fluid parts from solid parts of the domain. In regions whidre- 0 the Navier-Stokes system
is solved. In the solid regiond = 1 and the forcing is dominant if the non-dimensional
parameter is very small. As a result, the governing equation reduceguox —u/¢ if
|u| > € in the solid domain. Hence, any nonzercs exponentially sent back @on a time-
scalee. If |u| < € the forcing is not dominant in the solid, but control ovef is already
obtained, i.e.|u| takes on negligible values in the solid. We take- 1010 relative to the
dimensionless time-scalg /U; in the sequel. Such low values of the control parameter
imply that the forcing term effectively yields a Brinkmanugion in which ‘porous’ regions
are virtually impenetrable, i.e., solid material. The dethspecification and the ways of
generating the masking function are presented later inetios 2.2.3.

2.2.2 Numerical method for simulating incompressible flowtlwvan
immersed boundary approach

In this subsection we sketch the numerical method used éosithulation of flow through
complex shaped domains. First, we describe the direct ricateimulation approach and
specify the volume penalization IB method afterwards.

We employ a staggered allocation of the flow varialilesp) = (u,v,w, p) as basis for
our flow solver [27]. In two dimensions this is sketched inldfig 2.1, where a primary grid
cell with the pressure defined in the center and the Cartesiacity components at the cell
surfaces is presented. The locations at which the velscitiel the pressure are stored are
referred to as the velocity- and the pressure-points, odispéy. In addition, we introduce
the corner-points of the primary grid cells as relevant fioee for the definition of the 1B
method later on.

The principles of conservation of mass and momentum as ss@dein (2.4) and (2.5),
form the basis for the discrete computational model thaseduor the actual simulations.
In the Navier-Stokes equations (2.4) the rate of change ahemtum is obtained from the
nonlinear convective flux, the linear viscous flux, the geatliof the pressure and the con-
tribution from the forcing term. These contributions to tb&al flux each have a particular
physical character that needs to be represented propettheidiscrete formulation. In par-
ticular, the convective flux is skew-symmetric, implyingttthis flux only contributes to the
transport of kinetic energy of the solution in physical sgat does not generate nor dis-
sipate this energy. This property of the convective flux wees fioint of departure in [99]
in which (then called) ‘anti-symmetric’ convective distzation was developed and applied
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Yj |

Fig. 2.1 Sketch of a primary grid cell in 2D with staggered allocatafrthe variables. The pressupeis in
the middle of the grid cell, while the velocities &ndv) are defined at the centers of the faces.

to perform direct numerical simulation of turbulent flow aduced computational effort.
An important, and probably independent, contribution toogel-order skew-symmetric dis-
cretization of the convective terms in the Navier-Stokasatigns is in the work of [66]. Here
we follow the formulation chosen in [100]. These discrdima methods are examples of a
more general philosophy of developing discretization sad&which ‘respect’ basic proper-
ties of the underlying system of equations, known as minditicretization [83]. Likewise,
the viscous flux contributes only to dissipation of enerdyich has to be strictly maintained
in a numerical method. We motivate this in some more detai.ne
Starting from the original momentum equation without thechiog term

ou _
ot

we are interested in the kinetic energy, given by

1
—(u-D)u—DP+R—eD-Du (2.6)
1 , 1 1
E_E,/deu' _z/Qqu-u_z(u,u) (2.7)

whereu-u is the vector inner product arfd, u) is the corresponding ‘function inner product’
in terms of the velocity fieldi. Note, that in (2.7) we effectively integrate only o\@§ as
u = 0in Qs. The evolution of the kinetic energy follows from

dE Ju
a:/ngu-ﬁ 2.8)
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In order to obtain the integrand in (2.8) we multiply the NavBtokes equation (2.6) hy
Integrating by parts we can derive the contribution of eddhe fluxes in (2.6). In fact, the
convective and pressure terms do not contribute to the #oolaf energy, and we find

dE 1

— = : < .

= Re/g dV(Du : Ou) < 0 (2.9)
wherelu : Ou = diujdiuj in which we sum over repeated indices. This suggests that the
energy of any solution decreases in time because of visaoxesfonly.

A more elaborate derivation can be found in [100], which depfaom the expressions

dE 1d

1
E=_-(uu) and i Ea(u,u)

5 (2.10)

where energy is written in terms of the function inner praducu) as defined in (2.7). This
yields the symmetric expression

O (@ D)+ . D) - S (P + (u.0P))
+ e (0000 + (u,0-0u)) (2.11)

Since(0OP,u) = —(P,0-u) and the skew-symmetrffu - O)v,w) = — (v, (u- O)w) holds we
obtain again (2.9), i.e., no contribution from pressurethedconvective flux. This is the basis
for the discretization.

In a discrete setting the Navier-Stokes equations in magotor notation are written as

dUh

Aa

= —Cup—Dup,+MTP, (2.12)
Mup =0 (2.13)

whereuy, is the vector containing the discrete velocity solutiuH"%, Py, is the discrete pres-
sure,A is a matrix with the volumes of the grid cells on its diagoi@gandD are the coef-
ficient matrices corresponding to the discretization ofdbevective (u - O)u) and diffusive
(—Au/Re operators, respectively. The discretization of the presgradient is given by
—MT, while the coefficient matridM itself represents the discretization of the divergence
operator, integrated over the control volumes [100].

The discrete approximation for the kinetic energy can bemyivsing the midpoint rule, as

En=uf Aup, (2.14)

Similar to the continuous case (2.11) we compute the ewniwf the energy in the discrete
model as

(L—ih = —Up(C+CT)un —up (D+D")un-+uf (MTPr) + (M"Pn) "t (2.15)
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For a discrete solution we also require the convective aoatien of energy, which implies
skew-symmetry of the matri® of the convective operato€+CT = 0. The two terms related
to the numerical pressure gradient can be rewritten as

ul (MTPR) +(MTPy) Tup = (Mup)"Pr+PaMup =0 (2.16)

where the numerical divergence operatbrsatisfies equation (2.13). Thus, pressure terms
also cancel and do not influence the stability of the spai&drdtization. By comparison
with the expression for the energy evolution (2.9), the sdderm in the right-hand side of
(2.15) should provide a strict decrease of the energy:

dd—Eth =-uf(D+D"Nup <0 (2.17)
This implies that the coefficient matr of the diffusion operator is a positive-definite ma-
trix. Thus, discretely we obtain the same properties foetiergy decay as in the continuous
case.

In this chapter we closely follow the symmetry preservingdirvolume discretization as
put forward by [100]. We use central differencing of secordko accuracy, which maintains
explicitly the skew-symmetry in the discrete equationscBithe energy is preserved under
the convective operator the skew symmetric discretizadifmws to obtain a stable solution
on any grid. For proper capturing of the solenoidal propé2t$) of the velocity field we
approximate the gradient operator by the transpose of tineerioal divergence operator.
The contributions of the convective, viscous and presguaéient fluxes are integrated in
time using a generalization of the explicit second ordeueste Adams-Bashforth method.
Care is taken of accurately representing the skew-symnraktoyin the time-integration. Full
incorporation would require an implicit time-stepping, ialin however, is computationally
too demanding. Instead, time-integration starts from aifioadion of the leapfrog method
with linear inter/extrapolations of the required ‘off-gteelocities and an implicit treatment
of the incompressibility constraint. Optimization fordast stability region of the resulting
scheme yields a particular so-called ‘one-leg’ time-ind¢ign method, with a mathematical
structure that is akin to the well-known Adams-Bashforthesoe. More details can be found
in [100].

A special role is played by the forcing term in the Navieri&® equations (2.4), which
represents the volume penalization accounting for soljdaib inside and at the boundaries
of the flow domain. The role of the forcing term is to yield am@@te approximation of the
no-slip condition at solid boundaries. In conventional pomational fluid dynamics such a
forcing term is not needed since the flow domain is endoweld avitody-fitted grid on which
the equations are discretized. The grid-lines in such caseslefined such that they either
closely follow the contours of the solid boundaries, or they (preferably) at right angles
with them. In such a discrete formulation the no-slip bougdandition can be imposed eas-
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ily. The body-fitted grid is efficient if the fluid domaif; is not too complex and does not
contain too many separate objects around which the fluidigHlow [46]. For considerably
more complex flow domains or in case the location of the siblidtinterface is not perfectly
known, as in case of medical imagery, the body-fitted gridraggh is limited by the gen-
eration of suitable meshes. These should not only align thighsolid boundaries, but also
be sufficiently smooth near these boundaries to allow anrategolution in the boundary
layers [53]. In our discrete model the forcing term conttéaustrongly to the stiffness of the
equations. When an explicit time-stepping method woulddmpged for the forcing term, as
is done for the other dynamic contributions, this would teisuextremely small time-steps
in view of numerical stability. Therefore, the linear fargiterm is integrated in time using
the implicit Euler scheme [54].

2.2.3 Masking function strategy

In this subsection, we first consider three options for angett general masking function and
illustrate these for a circle on a 2D Cartesian grid. We alesent the procedure with which
the specification of the masking function of any curved ajical 3D-tube was taken up.
The validation and comparison of the masking strategidswipresented in Section 2.3.

7
D07
%%

_
%

7.

D%\ (b)

@)

Fig. 2.2 Sketch of complex flow domain (a) (grey area). On a Cartesighthe definition of the masking
function can be based, e.g., on the ‘material’ (‘solid’ oui@’) found at the cell center (b).

The masking function technique is a simple and fast way tacatd the location of an
object. Illustration of the masking function for a flow domés given in Figure 2.2. A simple
approach to distinguish which grid cells are inside thedsdtimain and which are outside is
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the following: if the center of the grid cell is of type ‘solidr ‘fluid’, then that entire grid cell
is taken to be of that type. Figure 2.2(b) illustrates howdubon this rule, some cells become
internal (hatched) and others are outside the fluid partetidmain.

+

®
\ @) \ (b)

\ ©

Fig. 2.3 Strategies to define a masking function for a grid cell on até3&@n grid. For convenience we
illustrate here 2D grid cells. We propose three ways to définé cells (hatched) and thus the fluid domain.
The ‘basic’ strategy (a) is the one where the property at émter of the cell defines that of the whole cell.
The two other strategies differ in the number of corner oihat are inside the fluid domain. Thus we obtain
the so-called ‘inner’ strategy (b) when the cell is denotedbe ‘fluid’ if all its corners are inside the fluid
domain and the ‘outer’ strategy (c) when we call the cell dluf at least one of its corners belongs to the
fluid domain.

In three-dimensional domains we formulate the problem ieaangular block of size
Lx x Ly x L that is large enough to contain the flow domain of interestnfiarm Cartesian
grid with mesh-spacingByy, = Lxy,z/Nxy,. for the three coordinate directions is defined,
usingNyy, grid cells in each direction. In our basic method, if the eemtf a cell is solid
(fluid) then we take the whole cell to be solid (fluid) add= 1 (H = 0) (Figure 2.3(a)). Next
to this basic method we can introduce two closely relatedhoust based on the corner-nodes
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of a grid cell. We consider 3D cells and first determine thédsot fluid property for every
corner point of the cell. Then, in one strategy we denote @ agil as fluid if all eight of its
nodes are fluid. This is illustrated for 2D cells in Figure(®)3fluid cell is hatched). Another
strategy assigns for the whole cell the value ‘fluid’ if atdeane of its corners is in the
fluid part of the domain (Figure 2.3(c)). In the sequel, wd wler to these three strategies as
‘basic’, ‘inner’ and ‘outer’ respectively. The ‘inner’ stregy has the tendency to produce flow
domains that are slightly smaller than the ‘basic’ approalstie the ‘outer’ strategy is likely
to yield slightly larger flow domains. In the next section widl walidate these three masking
function strategies for Poiseuille flow in a straight cyliicél pipe, showing the sensitivity
of predictions to details of the geometry definition. Thegible application of the ‘inner’
and ‘outer’ masking strategies was presented in [61], wharer’ and ‘outer’ solutions
were considered as numerically bounding the ‘basic’ sotuéind some of its important flow
characteristics.

The masking strategies define the masking function in thellaidf the grid cell, i.e., in
Hp, points of a staggered grid. Givétp, we can extraadtl,, Hy andH,, for the staggered grid.
We assign the value of the masking function at a cell face esnigiximum of theH, values
of the neighboring grid cells. In Figure 2.4 we illustrate &b grid cells the mechanism of
extracting staggered masking values at the grid faces., His j) = max(Hp(i, j), Hp(i +
1,j)) andHy(i, j — 1) = max(Hp(i, j),Hp(i, j — 1)).

To obtain a masking function according to one of the abovatesgies for a smoothly
curved cylindrical tube we use the smallest distance agpro@specify for every point in
the computational domain its ‘type’, i.e., solid or fluid. fact, we determine the minimum
distance to the centerline of the curved vessel and thenkdheccondition whether this
distance is smaller or greater than the radius of the desikadrical tube. We apply the
smallest distance approach to the centers of the cells itb#sic’ strategy and to all eight
nodes of the 3D cell in the ‘inner’ and ‘outer’ strategies.

We consider the centerline of the tube in parametric formxés, y(s), z(s)) where 0<
s<1.ForeverypointX,Y,Z) in the computational domain we may determine whether or not
the minimal distance to the centerline is smaller than thauisaof the desired cylindrical tube.
If so, then the point is in the fluid domain, otherwise it is lire tsolid domain. Specifically,
we consider the distance vector

d= (x —X(9),Y —Y(8),Z — z(s)) (2.18)
and obtain the square of the Euclidean distance as the inoéut
D=d-d=|d|? (2.19)

For every(X,Y,Z), D is a function of the parametsionly. We require the global minimum
of the functionD, which implies at least the first order condition



2.2 Computational model for flow inside cerebral aneurysms 21

I
Yj A - A - "
Hpi,j) Hpl+1,) |
[1 [ J [ | [ ] I.T.I
Hu(|,J) I
Yj A - A= —|-=
HV(ilj'1)
| | |
& . & o b
I HpG,j-n | I
| | |
yj'Z_I_ T T = N
Xi-1 X Xi+1

Fig. 2.4 The process of defining masking function in the staggeredtioes (squares, triangles), based on
the values in the middle of the cell (circles). We choose thgimum value of twdH, values of neighboring
cells sharing a common face and assign this value to theestagygnasking functiokl, or H,. This reflects
the choice that if a solid and a fluid cell come together in & f&ien the face is solid as well.

D'=2d-d =0 (2.20)

where the prime indicates differentiation with resped this optimality condition specifies
that in the optima the distance vectbiis perpendicular to the tangential vectirat the
centerline, which has an obvious geometric interpretafitve equation for an extremum is

(x - x(s))x’(s) + (Y —y(s))y(s) + (z - z(s))z(s) =0 (2.21)

which can be solved numerically to obtain local (and gloleatyema for 0< s < 1. In the
sequel we consider planar curves as centerline. In thatytasé andx(s) = Lys so that

“L2s+ (z - z(s)) Z(s) = —XLy (2.22)
As a particular case we talgs) = L, /2 and choose the centerline to be sinusoidal
z(s) =L;/2+Csin(2m(s—1/4)) (2.23)

whereC is called the ‘curve-parameter’, for simplicity.



22 2 Immersed boundary method for the computation of flow ss&ks and cerebral aneurysms

In order to specify the ‘type’, i.e., solid or fluid, of a giveoint (X,Y,Z) we need first to
determine the parameter-valsat which the global minimum of (2.21) is attained. Numer-
ically, this can be implemented in two stages: first, we calgrsample the square distance
function (2.19) in # steps to obtain a ‘candidate’ interval and second, we refiisarterval
to obtain the global minimum using simple bisection. Aftemg experimentation we found
that coarse sampling &t= 6 is suitable for mildly curved vessels. Once the optisiails
determined for a give(X,Y,Z), we can compute the smallest distadc s*. If this smallest
distanced < Rthen(X,Y,Z) is of type ‘fluid’, and it is of type ‘solid’ otherwise.

In this chapter we consider two basic geometries motivayadddical application: curved
vessels and model aneurysms. Three dimensional shapdiisiated in Figure 2.5. The
curved vessel is a cylindrical tube, with a sinusoidal ceime (Figure 2.5(a)) with curve-
parametelC = 2 in (2.23). The model aneurysm (Figure 2.5(b)) is the ‘egi@m of this
curved vessel by merging it with a sphere, with radghere= 3Rvessel(Figure 2.5(b)).

(@ (b)

Fig. 2.5 Basic geometries in 3D. The curved vessel (a) is a cylinbiudze with a sinusoidal centerline, while
the model aneurysm is composed of a curved vessel and a sterked to it (b).

2.3 Validation of the IB method

In this section we analyze the capabilities of the IB methodapturing steady flow in non-
aligned geometries and show the results of computationa farmber of basic geometrical
shapes such as a straight cylindrical vessel and smootihedcylindrical vessels. In the
first subsection we focus on Poiseuille flow in a straight essd provide an assessment of
the accuracy of the IB method. In this illustration and inaHer flows the initial condition
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is taken agu,v,w) = (1,0,0), presenting a strict test for the IB method as the velocithe
solid has to adapt fully to the no-slip condition. The tolrhethod is shown to have first
order convergence. Subsequently, we propose a qualitagve of the flow inside curved
vessels, showing the flexibility of the IB approach in préidig flow in more complex flow
domains, and quantify the level of convergence by monitpthre pressure drop over the
vessel at a range of resolutions.

2.3.1 Flow in straight vessels

A fully developed, incompressible, laminar flow through i@aigtht circular tube of constant
cross section is known as Poiseuille flow [4]. The exact ditallysolution for this type of
flow can be written agu, v,w) = (u,0,0), whereu(r) = 1—r2in terms of the radial coordinate
r. This corresponds to a volumetric flow rade= /2.

The IB method is validated by comparing the numerical reswith the analytical solution
for cylindrical pipe flow. We consider flow &e= 250 and assume that tkedlomain is from
—L/2 to L/2 with center of the tube at¢= 0, and likewise for theg andz-domain ranging
from —3R/2 to 3R/2 with center ay = 0 andz = 0. Since we adopt a non-dimensional for-
mulation, the validation of the numerical method with refeze to laminar Poiseuille flow
can be executed at any valueRéas long as the parabolic velocity profile is stable. Idehtica
results can be obtained when validation is done at lower ®dgmumbers. To test the ap-
plication of the method at physiologically relevant coradis, we seRe= 250; at this flow
condition a longer simulation time is required comparecketg,,Re= 1, to reach the final
steady state that we want to test against the analyticaligolurhis provides as additional
result a test of the time-stepping method under realistiditmns.

Numerically, we define the flow to have reached the steadg state the pressure drop
over the computational domain needed to maintain the defives rate has converged to
within 101! at Re= 1 and within 10° atRe= 250. This steady state was reached already
att ~ 2.5 for the lower Reynolds number while Be= 250 the indicated steady state is
obtained only aftet ~ 5. During the simulations we verified that the flow is indepamtcbf
the axial coordinate, as required by the analytical sofutio

We investigate numerical velocity profiles for a number oidgresolutions. We use
4 x N x N grid cells in thex, y andz directions respectively, whefd = 8,16, ...,256. As
was already mentioned in Subsection 2.2.3 we may createingafsinctions in three differ-
ent ways. In order to investigate the accuracy and robustofiethe IB method we validate
each of these masking strategies. Figure 2.6 illustratlexitg profiles for all three mask-
ing strategies. The solid line denotes the analytical gmiygll dashed lines are approaching
this solution from above or below, depending on whether theerical representation of
the circular cross section is slightly smaller or slighttyder than the actual cross-section,
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respectively. Combination of the ‘inner’ and ‘outer’ masgistrategies provides a practical
manner to arrive at lower and upper bounding solutions betwehich the analytical solu-
tion is contained. This was exploited and presented in [Bg visual convergence check
will next be quantified and the order of accuracy of the IB rodtinferred.

14

(b)

Fig. 2.6 Velocity profiles for three different masking function s&gies (‘basic’ (a), ‘inner’ (b) and ‘outer’
(c)). The total flow domain ranges from3/2 <y < 3/2, —3/2 < z< 3/2, of which the profile az =0
and|y| < 1 is shown. Profiles are obtained at grid resolutionsM x N in (x,y,z) with N = 8,16, ..., 256.
Solutions at increasing resolutions are identified by tlygieece of dashed lines which converge to the solid
line representing the analytical solution for Poiseuiltevl

There are several ways to define the difference betweentar@lgnd numerical solu-
tions. For estimating the convergence of the velocitieseemare numerical results with the
analytical solution directly in the grid points and compiite discrete ,-norm along a line at
z=0andx=0, i.e., along a vertical line in the middle of the domain. Tifeerence between
the analytical and a numerical solution appears as
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1
o= \/Wy Z(UNX/Z,j,NZ/Z —Uexj)?, (2.24)
]

whereuy, 2 j n,/2 = U(Nx/2, J,Nz/2) andUexj = (1—yj)? for grid points|yj| < 1. We also
analyze the convergence of the pressure differences awveotihputational domain, by com-
puting the absolute value of the difference between the nigal@nd the analytical pressure
differences. The reduction of the error for velocity andsgree difference is presented in Fig-
ure 2.7 for all the masking strategies. Solid lines showesdagt—1 and—2 as reference. The
marked lines are for the three masking strategies. As we laaree, for all masking strate-
gies the numerical method converges to first order. Thichlgireflects the non-alignment
of the cylinder wall with the Cartesian grid, leading to inaracies in the solid-fluid interface
definition. It appears in this case that the ‘inner’ maskitrgtegy is most accurately repre-
senting Poiseuille flow closely followed by the ‘basic’ $égy. For further computations we
will use the ‘basic’ masking function based on the presqoiets (Figure 2.3(a)), as this is
most straightforward.

10" 10 10" 10°

N (@) N (b)

Fig. 2.7 Convergence of the numerical solution for streamwise Vglde) and pressure difference (b) for
Poiseuille flow. The difference for the velocities is measlin terms of the discrete,-norm 4, while for
the pressure difference we consider the absolute differbetiveen analytical and numerical solutions. Solid
lines without markers denote sloped and—2 respectively. The line marked with circleg gorresponds to
the ‘inner’ strategy, the line with stars)(is for the ‘basic’ strategy, the line with squarés)(s for the ‘outer’
strategy for generating the masking function.
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Fig. 2.9 Profiles of the streamwise velocity componerst Re= 1. Parameters as in Figure 2.8.

2.3.2 Flow in curved vessels

In the previous subsection we assessed the numerical mithadbasic case of flow in a
straight cylindrical tube. The validation shows first ordenvergence for laminar Poiseuille
flow. In this subsection we show the flexibility of the 1B methtw capture flow in curved

vessels even at fairly modest resolutions. The steady iglfield that develops aRe= 1
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is shown in Figure 2.8 for curved vessels with curve-parens€t =1,C=2,C =5 and
C =10 in (2.23). Simulations show that the laminar flow closelildws the shape of the
vessel. Near the vessel wall we recognize the coarsenebg d&fthircase’ representation.
This effect is seen to be only very local and can be reduceddrgasing the resolution.

The velocity profiles along the curved tubes depend on theahshape of the vessel.
The profiles follow the contours of the vessel and at certagations along the centerline
the local profiles differ considerably from the simple Paile profile that was considered
earlier. This is shown in Figure 2.9. Already at relativebacse grids the numerical solution
appears to capture the flow quite reliably.

The convergence of the IB method for curved vessels and naodeirysms can be further
qguantified. We consider the pressure difference over thedtmwain in thex-direction that is
required to maintain the imposed volumetric flow rate. InuFegg2.10 we display the devel-
opment of this pressure difference for two flows, i.eRat= 1 (Figure 2.10(a)) ane= 100
(Figure 2.10(b)) for a curved vessel at curve-param@ter2. We observe a clear conver-
gence in the pressure evolution by comparing results oddaiipon doubling the resolution
several times. ARe= 1 andRe= 100 we quite closely recover first order convergence. In
fact, we consider the convergence rajie- ((Ap)an — (Ap)n)/((Ap)an — (Ap)an) for the
three finest grids with number of grid points 2N and N. At Re= 1 we find att = 0.1;
g= 2.2 and atRe= 100 and = 5; g = 1.8. Both are quite close to the value of 2 that would
imply first order convergence. The flow at both Reynolds nuisibpproaches a steady state.

001 002 003 004 005 006 007 008 009 01 0.5 1 15 2 25 3 35 4 45 5

@ ! (b)

Fig. 2.10 Convergence of the IB method for flow inside a curved cylicalrvessel, at curve-parame@e= 2

in terms of the evolution of the pressure difference overstheamwise extent as a function of time. Simula-
tions are done a@e=1 (a),Re= 100 (b) at several grid resolutions: 38 x 16 (dash), 64 16 x 32 (dot),
128 x 32 x 64 (dash-dot) and 256 64 x 128 (solid). With increasing resolution the numericallytasbed
solution is seen to converge to a grid independent result.
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2.3.3 Flow in a model aneurysm

In this subsection we present the velocity vector field aresgure differences for the flow
inside the model aneurysm. The simulations are perform@&ewholds numberRe= 100
andRe= 250. The velocity field distributions inside the model arysan are presented in
Figure 2.11. Previously, we showed the flow in a curved vesgsth is laminar and steady
at both Reynolds numbers. The addition of an aneurysm cagitgers the flow slightly
unsteady for an extended periodReg= 100. Some vortical flow structures are seen inside
the aneurysm. We observe quite similar flow patterns albigfit more pronounced vortices
inside the flow field aRe= 250.

12 T T T T T 12

Fig. 2.11 Snapshot of the developing flow inside a model aneurysiReat 100 (a) andRe= 250 (b).
The flow is visualized in a cross section through the geombgryplotting the in-plane velocity vectors at a
characteristic time. Results are shown for grid resoluén 32 x 64.

In Figure 2.12 we consider the pressure drop required totaiaithe flows aRe= 100
(Figure 2.12(a)) anBe= 250 (Figure 2.12(b)) through the model aneurysmiRat 250 the
result appears to indicate first signs of sustained unsteasliwhile the solutions Re= 100
becomes steady after a long time. For this case only threeeraéints were included in view
of computational time. With increasing grid resolution tteenputed flow converges for both
flows, roughly expressing the first order convergence shawmiqusly for Poiseuille flow.
The convergence ratgwas also computed for both Reynolds numbers and it takegvalu
g= 1.86 atRe= 100 andy = 3.05 atRe= 250 att = 50.
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AP

t @ t (b)
Fig. 2.12 Convergence of the 1B method for flow inside a model aneurysierims of the evolution of the

pressure difference over the streamwise extent as a functiome. Simulations are done Re= 100 (a) and
Re= 250 (b) at several grid resolutions: @ x 16 (dash), 3% 16 x 32 (dash-dot) and 64 32 x 64 (solid).

2.4 Shear stress in curved vessel and model aneurysm

In this section we focus on the shear stress which develgiderthe flow domain and at
the vessel walls as a result of the blood flow inside. We fihsstitate the 1B approach for
the shear stress associated with Poiseuille flow in a straydindrical pipe. This extends the
validation study shown in the previous section by estabislthe accuracy with which also
the gradient of the velocity can be obtained numericallfasgguently, we apply our method
to compute shear stress in a curved ‘sinusoidal’ vesselratittimodel aneurysm.

2.4.1 Validation of the IB computed shear stress

The main challenge for any IB method is to capture the flow sebd-fluid interfaces. In this
region the highest velocity gradients may occur, leadingptwespondingly highest levels of
numerical error. During the initiating stages of an anenmy®cal high pressure and shear
stresses may contribute to the growth, while in developagest low shear stress levels may
contribute to degenerative changes [84, 9]. This makeshbarsa quantity of relevance for
understanding the often slow growth of an aneurysm [13], el & a key component in
mechanisms involved in sometimes much more rapid aneurgselapment [21].

We define the shear stress in terms of the gradient of theityeksfollows. The rate-of-
strain tensoBis given by

S= :—ZL(DU+DUT) (2.25)
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The shear stressis a measure for the gradient of the velocity and we formutateterms
of the components @& as follows:
1

T
Re

2S:S (2.26)

The normal stresses are contained on the diagonal elenfehtstensoiSand the tangential
(shear) stresses are defined by the off-diagonal eleme&§76i. As point of reference for
our numerical approach, we compute analytically the sheessthat results from (2.26) for
the classical cases of a channel flow and a pipe flow. We obiain (2.26)

du
oy

1

T= o (2.27)

for channel flow (in Cartesian coordinates) and for pipe flowyilindrical coordinates [106].

In Section 2.3 we discussed laminar Poiseuille flow showiagpolic velocity profiles.
Here, we extend the validation to shear stress, and expearliprofiles forr. Within the
velocity field (u,v,w) = (1—r?,0,0) we findS: S= 2r? and hence obtain

2
=— 2.28
=2 (2.28)

We validate the shear stresses for steady floReat 250 and compare numerical solutions
for the three masking strategies with the analytical réaul2.28).

Profiles of the shear stress distribution inside the cyloadrtube are collected in Fig-
ure 2.13. The solid line is the analytical result for the mgitical tube. With increasing grid
resolution the numerical solution is seen to converge t@tiadytical shear stress. To assess
the order of convergence we computed the differends inorm (see Figure 2.14). We ob-
serve that the convergence of the shear stress is similaatot the velocity predictions. For
the ‘outer’ strategy the convergence appears somewhag¢sttan for the ‘inner’ and ‘basic’
methods. The resolution beyond which first order convergénquite established appears to
be higher than was required for the velocity predictiong(eé 2.7(a)).

The first order convergence of the shear stress, i.e., theatiee of the velocity, on the
basis of a numerical solution for the velocity that itselheerges to first order may appear
somewhat surprising. However, an argument why such fidgrazonvergence for the deriva-
tive should arise can briefly be sketched as follows. We ude setting for convenience and
denote the approximation of the exact solutibin the pointx; by uj. Assuming first-order
convergence implies

uj =U(x;) +ajh+... (2.29)

wherea; denotes the coefficient for the first order error term hmgtnotes the grid spacing.
Using a simple discretizatiody for the first derivative, this implies
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Fig. 2.13 Shear stress profiles for Poiseuille flow in a cylindricaletdibr ‘basic’ (a), ‘inner’ (b) and ‘outer’
(c) masking strategies. Numerical solutions (dashed )ineaverge to the exact solution (solid line) with
increasing grid resolution. Shear stress profiles are ddfor a number of different grid resolutions4N x

N with N = 8,186, ...,256. Simulations are done for laminar flowRé= 250.

805 = ¢ (U1 —u) = { £ (U0 0) ~U06) | + (a1 —ap) + .

- {U/(XJ‘)—FO(h)}—|—(aj+1—aj)—|—... (2.30)

The term between brackets in (2.30) contains the exactatem’(xj) and a first order
correctionO(h) associated with the use of the simple finite differenadgo approximate
the derivative. In addition, a teray 1 — a; appears from the error term in the approximation
of the solution. This term seems to imply ‘zero-order’,,ireo convergence of the numerical
derivative. However, if the error term is differentiable. if we assuma, ;1 = aj +ajh+

... we obtain first-order convergence of the derivative, alsthéf accuracy with which the
solution itself is approximated is of first order. For the $eaiille case, the (slow) first order
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Fig. 2.14 Convergence of shear stress for Poiseuille flow measuresiritstof the discrete, norm ;. Solid
lines without markers denote sloped and—2 respectively. The line marked with circles corresponds to
the ‘inner’ strategy, the line with stars)(is for the ‘basic’ strategy, the line with squarés)(s for the ‘outer’
strategy for generating the masking function.

convergence as illustrated in Figure 2.14 appears to uirdér differentiability of the error
term.

2.4.2 Analysis of the shear stress distribution inside cedwessel and
model aneurysm

In this subsection we consider shear stresses in a curvedhasd a model aneurysm. We
present the distribution of the shear stress first in twoedisional cross sections of both
geometries and later focus on 1D shear stress profiles.

In Figure 2.15 the distribution of the shear stress is shosva aontour plot of a two-
dimensional cross section along the middle plane inside §eometries. We normalize the
shear stress field by its maximum value to emphasize the nadtarps. High shear stress
values are represented as dark areas. We observe thattimsideeurysm cavity a detached
jet forms, which impinges on the wall to create a region oflbcintensified shear stress.
The shear stressis also quite large near ‘extremities’ of the curved cylindt tube that is
connected to the sphere. At the higher Reynolds nuiRker 250 the results are qualitatively
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12

Fig. 2.15 Cross-sectional slices of the normalized shear-stre$shdison inside a curved vessel (a) and a
model aneurysm (b). The shear stresRet 100 is shown. High shear stress values are found near the wall
of the vessel and near the rims of the attached sphericdlydaldrk areas). The spatial resolution that was
adopted is 12& 32 x 64 for the curved vessel (a) and 882 x 64 for the model aneurysm (b).

similar to the ones a@Re= 100. In case of the spherical aneurysm we observe a sigrtifican
separated vortex which dominates the stress distributich® cavity wall (Figure 2.15(b)).

To consider the accuracy with whiahis predicted in more details, we perform a grid-
refinement study and present 1D shear stress profiles. ImeFRyi6 a characteristic stress
profile is presented as function bfaken at(x,y) = (Lx/2,Ly/2) at various resolutions. We
plot the quantityRe ) in order to compare the convergence of the shear stressigdée
pendently of flow conditions.

For each model geometry at both Reynolds numBers:- 100 andRe= 250 we notice
better capturing of the shear stress profile with increagiitresolution. Due to the computa-
tional time the shear profiles for the model aneurysm arectt at lower resolution (along
x-axis) than for the curved vessel. Inside both geometrieslgerve a complex spatial de-
pendence with peaks near the walls. The vdRe 1) stays approximately the same when
the Reynolds number changes in the steady flow regime. Thisysnthat with increasing
Reynolds number, the shear stresdecreases, as was also seen for Poiseuille flow in (2.28).
We also notice that in the curved vessel the maximum valuee$hear stress is about twice
as high compared to the model aneurysm. This suggests thaghen aneurysm leads to a
decrease in the local shear stresses inside the vesseatietplocal maxima partially into
the aneurysm body. This was also observed by [84] who rep@rterage wall-shear stress
levels about a factor of two lower in the aneurysm than in @by vessel region. Although
convergence is not complete with our current method, atekelutions studied, we obtain a
reliable impression of throughout the domain. Further refinement of the grid wagnax-
tical at the adopted Reynolds numbers with the current si@tU implementation of the
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Fig. 2.16 Shear stress profiles in a curved vessel (a,b) and a modelyaneic,d). AtRe= 100 (a,c) and
Re= 250 (b,d) we show the shear stress profile at different ggdlutions: curved vessel grid resolutions:
32x 8x 16 (dot), 64x 16 x 32 (dash) and 128 32x 64 (solid), model aneurysm grid resolutions:x18 x 16
(dot), 32x 16x 32 (dash) and 64 32x 64 (solid). For the curved vessel (model aneurysm) we userasit
[Lx, Ly, L] =[12,4,8]([12,8,13]).

simulation software. In order to simulate long enough wtisfactorily reaching the steady
state aRe= 250, we face computing times on the order of 100 hours on a mdazieU for a
single geometry. Since we employ explicit time-steppimgngrease in resolution by a factor
of 2 in each direction, would increase the computing time bgctor of about 16, making
the endeavor unfeasible. Current efforts are in the dwadaif parallel implementation of the
flow solver. Linking to existing literature, we can furtharderpin the reliability of the pre-
dictions. The work reported by [89] showed that IB methodsaapable of capturing shear
stresses throughout the domain with an accuracy that is ambfe to that of conventional
body-fitted finite-volume discretization. This puts theulesin Figure 2.16 into perspective.
We expect first order convergence to be maintained also i@ chsmoothly curved ves-
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sels and the model aneurysms, although a strict undergjnvith numerical results was not
provided in view of the limitations in the spatial resolutithat could be employed.

2.5 Concluding remarks

In this chapter we presented a basic immersed boundary (8)ad and its application to
the simulation of blood flow in models for cerebral aneuryswis first described the med-
ical condition and possible ways of diagnostics and treatraéaneurysms. This motivates
ways in which mathematical modeling might be applied fogsal support. We introduced
a computational model, based on the incompressible N&t@kes equations, in which an
additional forcing term determines the complex geomethe Tasking function assigns to
every grid cell the property ‘fluid’ or ‘solid’. Based on thegperty in the center of a cell, or
associated with the corner points, we arrive at three $liglifferent strategies, called ‘basic’,
‘inner’ and ‘outer’, to define complex-shaped fluid domai@s.a 3D Cartesian grid, for any
non-aligned geometry we obtain a staircase representaititve fluid-solid boundaries.

The IB method as developed here offers the potential of a dioget computational chain
from the raw, somewhat coarse biomedical imagery of cetghsaulature to a CFD analysis
of the flow and shear stresses. In conventional body-fittedtloas a time-consuming process
of segmentation, smoothing and grid generation has to lmepocated in order to prepare the
rough data for such a computational analysis. The IB approaald be less user-intensive
and offer the opportunity to develop an automated analyglseohemodynamics in diseased
areas.

A detailed validation analysis of the IB method was proviftedPoiseuille flow in a tube
with a circular cross section, showing first order globah@gence of the numerical solution
as well as of its gradients. In particular, we showed the anfte of the masking function
strategies on the level of accuracy of the numerical flowtgmiu Based on the validation
analysis we choose the ‘basic’ masking strategy for fursiraulations.

We applied our method to different geometries, motivatedneylical conditions. We in-
cluded a curved vessels and a model aneurysm. The curveal ieascylindrical tube with
a sinusoidal centerline, while the model aneurysm is siieplito a sphere merged with the
curved vessel. For these geometries we computed velodig fie understand the behavior
of the flow. For different Reynolds numbers we presented é mgfinement study for some
flow characteristics and showed convergence of the method.

We also presented shear stresses, as these are often @ssadia possible rupture of
aneurysms. The shear stress distribution in curved veaselsnodel aneurysms was dis-
cussed on different levels: general, 2D cross-section &ngrifiles to quantify the results.
We observed the locations of higher shear stresses nearalleeas well as near the region
where the neck of the aneurysm is connected to the vesselotd that the presence of
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an aneurysm causes the shear stress levels to be reducemiredno the situation without
spherical cavity. This is in line with findings reported by[8who reported a reduction by
a factor of two in the average shear stress in the aneurysnpaed to the flow in the con-
necting vessels. Moreover, we noticed that the peak valliteecshear stress are relocated
into the aneurysm cavity.

Now, that we established the basic method and its perforepahe next step toward a
realistic application of computational modeling for flowaneurysms is to consider actual
patient-specific geometries. How to reconstruct the vasore of patients from medical data
and predict flow in complex domains is the topic of the nexjtba






Chapter 3

Flow in cerebral aneurysms derived from 3D
rotational angiography

Abstract

In this chapter we present an immersed boundary (IB) metboth& simulation of steady
blood flow inside a realistic cerebral aneurysm. We recaoosta segment of the cere-
brovascular system that contains an aneurysm, using niédiages obtained with three-
dimensional rotational angiography (3DRA). The main foisusn evaluating the sensitivity
of flow predictions to the various steps of the vascular retroction process. Starting from
the raw medical data, we analyze the fluid-mechanical caresems of the steps needed to
generate the IB masking function for our simulations. Westitate the 1B method by applying
it to a realistic aneurysm and investigate the role of (i) edoal resolution of the geome-
try, (i) the selection of the specific vascular segment usetthe simulations, and (iii) the
influence of the smoothness of the periodic vessel extertsicomplete the computational
model. Due to an unavoidable degree of uncertainty in theigaktinages, the geometry of
the vessels and the aneurysm can be reconstructed onlyxapptely. We also incorporate
these slight uncertainties in the masking function by iditrcing inner and outer ‘bounding’
geometries and analyze the sensitivity of the flow predigtito these variations in the mask-
ing function. The numerical solutions computed in the inm@d outer bounding geometries
provide practical upper and lower bounds for basic flow prigethus quantifying the relia-
bility of the numerical solution, subject to uncertaintieshe geometry of the flow domain.

3.1 Introduction

In the diagnostics and treatment of cerebral aneurysmsaalddiagery plays an important
role [57]. Surgeons and neuroradiologists currently maa@sions about possible treatment
of an aneurysm relying in their judgement on size, shapeaeatibn of the aneurysm alone.
With computational modeling we propose to support the nadiecision process by predict-

39
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ing the numerical flow inside cerebral aneurysms. Numenezthods, which are commonly
used for simulation of blood flow in cerebral aneurysms, aa@iy based on complex body-
fitted meshing for a detailed representation of the geoneétgrebral vessels and aneurysms
[17]. However, generating such meshes is a complicatecepspduring which additional ar-
tificial elements arise, e.g., smoothing and simplificatiérihe original image to obtain a
‘workable’ shape of the vessel [24]. We present an altevaatiethod for reproducing com-
plex geometries — an Immersed Boundary (IB) method, whildwal direct transformation
of the gray scale voxels from the medical imagery into thengetoy of the local vascula-
ture. In the IB approach this complex shape is placed on a€lart computational grid. In
this chapter we illustrate step by step the reconstructidgheaneurysm geometry from the
medical imaging data, obtained using 3D Rotational Angiphy (3DRA) and assess the
sensitivity of the flow predictions to these steps. We comptitady flow through a realistic
cerebral vessel structure under physiologically realistinditions. The sensitivity analysis
will include grid refinement, selection of the particulagseent of the vessel structure that is
used in the flow analysis and effects of smoothness of theemimg vessel in the definition
of a periodic simulation model.

There are several different medical imaging techniquesstaalize human cardiovascular
and cerebrovascular systems. Depending on the locatiomeitniman body and physical
sizes of the organs and structures which are being invéstigane or the other imaging
procedure is chosen. We focus on cerebral aneurysms, whectommonly located in the
Circle of Willis — a central formation in the blood supply teetbrain. Complex structure and
tiny sizes of these brain aneurysms require detailed sngrpuassibilities in order to detect
even the smallest changes in the geometries. For cerelanaiyesms the most commonly used
techniques are 3D computed tomographic angiography (O®4tional digital subtraction
angiography (DSA) and three-dimensional rotational aggiphy (3DRA). The voxel size
varies from one imaging technique to another. Typicallyorégd values are of the order
0.16 mm—0.535mm|[8, 17, 24, 72, 74, 84, 86]. In addition uncertainty is in@eé because
of slight movement of the patient and external noise infliregthe recording of the images.
A comparison study between CTA and DSA techniques is predeint[72], where DSA
is found to be more accurate than CTA for reproducing the stedpa comparably large
aneurysm and its relationship to the parent artery. In [B5] $hown that detection of much
smaller aneurysms (even with a diameter less tham$ is best performed on the basis of
3DRA. From a statistical point of view, in the clinical conmg®n study described in [96]
78% of the smaller aneurysms were missed using DSA compawszihs employing 3DRA.
Another study reported in [11] shows the benefits of 2D DSAr@&@RA in terms of the
capability to evaluate the dome-to-neck ratio of intra@baneurysms, which is an important
factor influencing current decisions about endovascuéatitnent. This hints at a degree of
complementarity in the clinical use of DSA and 3DRA. Recgritie differences between
CTA and 3DRA techniques were analyzed by comparing CFD coeddiow and wall shear
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stresses in selected aneurysm geometries reconstructacefich of these techniques [26].
It appeared that the general flow patterns and complexitheffiow were captured with
comparable reliability, however the geometry reconserdétom 3DRA data contained more
vessels of smaller diameter, which could not be detecteu GTA.

In this chapter we describe the process of reconstructidtineodneurysm geometry from
raw medical data obtained using 3DRA. We first consider segatien and simplification
processes and then discuss additional steps turning theeggointo the masking function
required by the IB method that we adopt for the simulatiorhefltlood flow. The numerical
method that we employ in this chapter for illustration of thesrall approach operates for
convenience on periodic computational domains. The Iratieeurysm data should be pre-
processed such that a mapping onto the periodic settinghigwaz. This requires a few
steps. In particular, a segment of the local vessel geornsbtiyld be selected, by cutting it
from the original data. Subsequently, the selected segmesds to be extended to fit the
periodic boundary conditions, by including a smooth cotingctube between outflow and
inflow. The aneurysm region of interest should be placedgniggeparated from the periodic
boundaries [12, 17], thereby leading to an accurate modeh#oflow, without the need to
introduce further approximations through actual inflow antflow conditions [17, 24]. The
only external information that is required is the volumefiow-rate, which can be determined
clinically on the basis of transcranial Doppler measuresgf8], thus closing the definition
of the computational model. The total geometry might behfemtnore rotated in order to
possibly reduce the numerical effort in case the rotatedngdry fits in a smaller domain
than the non-rotated original. Rotation could also be beia¢fby enhancing the general
alignment of the geometry with the underlying Cartesian gobssibly leading to improved
accuracy. In this chapter we will concentrate on two geoynaéfinition ‘tools’: cutting and
connecting. We will investigate the effects of applyings@eools on the prediction of the
total flow, much in the same vein as the comparative CFD stu34].

Under physiological flow conditions we quantify the size bé toriginal vasculature
around the aneurysm that needs to be retained in the congmatbdomain in order to find
reliable predictions in the vicinity of the bulge. We focus three geometries: two ‘long’
geometries (with the recorded vessel cut quite far away fiteaneurysm bulge) with dif-
ferent connecting vessels to obtain a periodic flow model, & smooth connector between
outflow and inflow, based on cubic spline interpolation antt@ight connector, and a ‘short’
geometry (with recorded vessels cut considerably closehe¢oaneurysm bulge) supplied
with a smooth connector. In this case study the aneurysnethég a length of about 2-3
vessel radii. The ‘short’ geometry retains in total a segnuérthe vasculature of about 6
radii, while the ‘long’ geometries contain about 10.5 radithe real vessel shape around the
aneurysm. We observe no significant differences in the floanith near the aneurysm bulge
when comparing these geometries. In fact, comparing theifidive ‘long’ geometry with
smooth connector to the flow in the ‘long’ geometry with sjrdgiconnector, shows relative
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differences irL-norm of less than 1. Smooth and straight connectors influence the result-
ing flow only to some extent (relative differences about 1P6dhie actual connecting parts,
but this effect is found to remain well localized and sepadditom the bulge area itself. Flow

in the short geometry corresponds to that in the long gegnrethe aneurysm bulge up to
10~ relative deviation irL, norm and differs only in the connector parts of the vessel. In
total, a comparison of these three cases hints at the neethin a length of the original vas-
culature of about 3-5 times the length of the aneurysm bugsbtain flow predictions near
the aneurysm that are virtually independent from ‘manufieazt’ details of the flow domain
further up- and downstream. This degree of insensitivitydometry preparation is beneficial
for enhancing the reliability of flow predictions.

The capability to simulate the main flow structures in a st@lianeurysm can also be
applied to understand the effect of coiling of patients fraffuid-mechanical point of view.
The aim of the coiling procedure is to change the patternefldw such that the stream of
blood is (largely) prevented from entering the weakened af¢he vessel. This is approached
by filling the bulge of the aneurysm with a slender coil. Moeeantly, this goal is also
pursued using flow diverting stents [90]. Since coiling isaperation with some risk to
the patient one would like to predict the minimal amount offing that would be needed
to achieve the required qualitative change in the flow. Wesitiate the changes in the flow
pattern inside and near a realistic aneurysm bulge tha ahen partially filling it with a coil
and observe the disappearance of the separated vorticgbdltiern with increasing fraction
of coiled volume in the bulge.

From medical images the geometry of brain vessels and asiagrgan be reconstructed
only with a certain accuracy [72, 95]. We may define a ‘basometry on the basis of
the segmented raw data. For this basic geometry we computeafid forces. It is essen-
tial to know how reliable these predictions actually areofder to quantify uncertainties
in the predictions due to uncertainties in the precise Vesdeme we propose to apply the
method of practical bounding solutions [61]. Next to theib@gometry we consider also
slightly smaller and slightly larger geometries in the senfgeneral cross-sectional area,
and establish the sensitivity of a range of flow propertigbése uncertainties in the problem
definition. It appears that flow properties such as veloaibtfifes, pressure drops over parts
of the vessel structure and shear stresses, as computethér’ ‘and 'outer’ bounding ge-
ometries are also bounding the corresponding properties®al in the basic geometry from
below and above. This is helpful to quantify the sensitititygmall changes in the geometry.

The organization of this chapter is as follows. In Sectioh8e present the numerical
model for the simulation of blood flow inside cerebral vessaid describe the process of
constructing the masking function from the raw medical défa also introduce cutting and
connecting as elementary operations to define the maskmagidun. In Section 3.3 we define
the reference aneurysm geometry and discuss propertide dfldod flow, by comparing
results at different spatial resolutions. Sensitivity oiflpredictions to elementary operations
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on the masking function is presented in Section 3.4. The otetf bounding geometries
and the corresponding quantification of the numerical tegoluncertainties in the precise
geometry definition are described in Section 3.5. Conclydémarks are in Section 3.6.

3.2 Computational model for blood flow in cerebral aneurysms

In this section we present the computational model for satimg) blood flow inside cerebral
aneurysms. We first introduce an immersed boundary methogptesent complex vessels
and aneurysm geometries. Then, in Subsection 3.2.2, weildeske process of the recon-
struction of a realistic aneurysm geometry from raw medizh obtained using 3D rota-
tional angiography. Subsequently, in Subsection 3.2.3nt@duce additional procedures
that can be used for the construction of the masking funasonsed in the IB method.

3.2.1 Navier-Stokes equations and immersed boundary métho

There is a number of different approaches to model flow of dhlimothe human brain. A
comprehensive overview is given in [76]. One such approadio irepresent blood as an
incompressible Newtonian fluid with a constant viscosit§][MWe consider vessels of the
Circle of Willis with diameters of 2- 4 mm[39], while the typical size of the structures in
blood is 6— 17 um. In fact, blood cells are mainly red blood cells and whiteddaells,
whose diameters are found to be-8 ymand 12— 17 umrespectively [88, 105]. Based on
the differences in scale of about 3 orders of magnitude, vieceqimate blood in cerebral
vessels as a Newtonian fluid. Comparative studies weremesen [15, 24, 28, 38], where
non-Newtonian corrections were found to be not the majoitdition for the overall accuracy
of the computational model.

The incompressible Navier-Stokes equations, complet#u avno-slip boundary condi-
tion on the vessel walls are given by:

du 1,
E—FU-DU——DP—kR—eD u-+f (3.1)

O-u=0 (3.2)

whereu is the velocity of the fluid in the domaif?¢ and it is understood that= 0 on the
vessel walls ab Qs which are taken as rigid in this study (extensions to sligintloving
vessel walls were investigated in [69]). In additi¢his the pressure anBe= UL, /v; is
the Reynolds number, in terms of a reference veloditya reference length scalg and
the kinematic viscosity,. We take as length scale the sR®f the vessel connecting to an
aneurysm cavity. The reference velocity is taketJas= Q; /A, in terms of the volumetric
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flow-rateQ; and the cross-sectional area of the non-diseased part eésiselA; close to the
aneurysm bulge.

The velocity inside the tissue regions and at the wall shealdsh in view of the adopted
no-slip condition and the rigidity of the interface. Thedimg termf in the volume penaliza-
tion IB method represents this impenetrability of the s@igl] and is given by

f= —%H(x)u(x,t) (3.3)

The control parametes = 10710 as proposed in [54] anHl(x) is the so-called ‘masking
function’: if x belongs to a fluid pa®+ the masking functioid (x) = 0 and itis 1 otherwise.
Correspondingly, around a fluid location the Navier-Stakestem is employed. The forcing
inside the solid domain dominates all other fluxes in the Bla@itokes equations in case the
velocity would be large compared & As a result, inclusion of the forcing term renders
the velocity negligible in the solid part of the domain if weooses sufficiently small. In
the region near the vessel walls the velocity field is foreaedegligible values within a very
thin strip of the solid-fluid interface. The vessel wall Ifsis represented by a ‘staircase’
geometry. In fact, a grid cell is allowed to be either ‘solt’‘fluid’. Refinements involving
smooth reconstruction of the vessel walls are not incotgdria this study, primarily because
the raw medical imagery does not allow a robust, more shéwpblized geometry definition
without a strong element of potential ‘user-influence’. Hpatial localization of the fluid-
solid interface, after segmentation, is hence given by teshssize of the Cartesian grid that
is adopted.

The Navier-Stokes equations are treated with a finite-veldmcretization that preserves
the skew-symmetry of the nonlinear convective fluxes angtsitive-definite dissipative na-
ture of the viscous fluxes [100]. A second order accurate atetbr the fluxes is employed,
implemented on a staggered grid. The contribution of theifigrtermf is integrated implic-
itly in time, which overcomes stability problems that wowaldse with explicit methods as
€ < 1. The total computational domain is endowed with periodicridary conditions.

There are many ways of generating a masking function. Foesowdel geometries the
masking function can be specified analytically as a comlainaif simpler geometrical fig-
ures, as was shown in the previous chapter, where flow in admdial tube, curved vessel
and curved vessel with a spherical cavity on it were disalidsecase of realistic aneurysm
geometries the masking function is extracted from the naddiicages, obtained during di-
agnostic procedures. We create a computational domairmvebictains the scanned volume.
For every grid cell (voxel) we determine whether it belorg#e brain tissue (solid) or to the
blood vessel (fluid). Applying this to all locations in ther@ssian grid, we can characterize
a point as ‘solid’ or ‘fluid’. This can be done, e.g., for thentar of the cell as well as for
its 8 corners. To define the value of the masking function @t garticular cell, we translate
the information contained in these 1+8 numbers into a sidgésion about fluid (value ‘0’)
or solid (value ‘1"). In this way, 9 slightly different magig functions can be created. For
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example, we can call the cell ‘solid’ already if only one ootef its corner points are solid.
This will ‘favor’ the decision for ‘solid’ over ‘fluid’ in theresulting definition of the masking
function. Another example could be that a cell gets the véluenly if all 8 of its corner
points are solid. In that case there will be fewer solid calisl more fluid cells. Thus, the
amount of solid corner points between 1 and 8 leads to 8 pesgiiometries. The 9th option
is based on the center of the cell, when we define the maskinugifun of the whole cell by its
value in the center. We will refer to the latter as the basangetry, while the 8 other geome-
tries we call bounding geometries, as they actually bourdstiume of the basic geometry
from the ‘inside’ or the ‘outside’. All in all, these 9 posdities will differ only slightly in the
resulting masking function - the solid-fluid interface Wik defined within one grid cell vari-
ation, i.e., ideally an uncertainty of one voxel. The maiesfion is how sensitive predictions
are to these small differences.

3.2.2 Segmentation of 3D rotational angiography data

3DRA is a modern imaging technique, which allows to visuahzssel structures in the
human brain [17, 95]. This method of imaging is a cone-beampmgded tomography imag-
ing modality present on Philips rotational angiographyteys (Integris BN 3000 Neuro;
Philips Medical Systems, Best, the Netherlands). Durirgdostics or while coiling a brain
aneurysm, the position of the catheter is often guided byay&rmounted, e.g., on a C-arm
system. In 3DRA the C-arm is rotated around the patient wibidénated contrast agent is
being injected. This technique allows to obtain acquisgiover 180 degrees. The projection
images are then transformed back to a 3D volume using a cea-blgorithm based on a
modified filtered back projection [104]. The average numidémages per investigation of
a patient is about 100, with a frame rate of 12.5 frames pargbduring a total acquisition
time around 8 seconds [95].

The vessel geometry that is used to illustrate the simulatiethodology in this chapter
is from a 3DRA scan of the Circle of Willis in a patient suffegifrom a brain aneurysm
(St. Elisabeth hospital, Tilburg, The Netherlands). A skrgf the raw data is shown in
Figure 3.1, displaying cross-sections through the reabradume, with vessel structures
highlighted in white. The 3D volume data is first segmentedlitain the vessel geometry
and it is simplified later to allow flow simulations. We dissube main steps next.

Gray scale images of every 2D slice of the scanned volumesept areas of contrast fluid
and soft tissue in the brain. Every pixel has a gray shade antiins intensity information
- a value in the range between 0 (black) and 1 (white). Depgndn the input parameters
for the scanning procedure and expectations of the outpatcan visually recognize vessels
with contrast fluid and different types of soft tissue arothmem. For cerebral aneurysms the
main interest is in those pixels which are ‘colored’ by castfluid values, as they represent
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Fig. 3.1 Cross sections through raw medical data obtained from 30Révided by W.J. van Rooij and
M. Sluzewski (St. Elizabeth Hospital, Tilburg, The Netlaerds). The chosen geometry is shown in cuts in
three mutually perpendicular planes in (a), (b) and (c). igteer colored regions correspond to fluid filled
vessels while the darker regions identify the ‘solid’ impgable domains. The real size of these images is
3.10528cmon the side of each square. The scan resolution is 256 pantifection leading to a uniform
voxel size of 01213mm

the blood flow and hence the shape of the vessel. For the 3g&action of the vessel
geometry the decision for every voxel, whether it has catfitaid or represents tissue, has
to be made. For this purpose a thresholding procedure isediap which a threshold value
defines the ‘border’ intensity for tissue and hence alsoHfercontrast fluid. A value 0.7 was
used as a threshold value, which implies that all voxels @aithntensity value less than 0.7
will be interpreted as tissue (black) and otherwise the hWadebecome fluid (white). In this
way we obtain a binary set of data which represents the sHdpgear vessels.

The output thresholded image may contain ‘holes’ arisingnfiprojection errors of pos-
sibly recorded noise, or limited spatial resolution. Faromstructing the vessel shapes this
would mean that inside the blood vessel non-realistic avEtéssue would appear or inversely
small non connected parts of blood vessels would errongaygiear located in the tissue.
These problems can be solved by simplifying the geometiigyviing standard techniques in
digital image processing [30].

In Figure 3.2 we illustrate all reconstruction steps for viessel system. The initial gray
scale image is introduced in Figure 3.2(a). After thresimglit changes into black and white
(Figure 3.2(b)), with some ‘holes’ (or extra noise) insitle vessel. Then, by filling the holes
we arrive at Figure 3.2(c), which is already a binary imag#hwin exact vessel geometry.
For simulation of the flow inside cerebral aneurysms we ictsiurselves to the main vessel
containing the aneurysm, and do not include the small braeskels. Corrections due to
inclusion of secondary side branches were recently coregidey [77]. Allowing the single
inflow/single outflow approximation, the geometry is furtlsemplified. We erode the im-
age (Figure 3.2(d)) and label all the connected objects(fEgLre 3.2(e)). We keep only the
largest object from Figure 2(e), which corresponds to thimwessel structure (Figure 3.2(f))
and apply dilation for reconstructing the original shapeh& main vessel structure (Fig-
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Fig. 3.2 Two-dimensional schematic illustration of vessel defamtirom raw data: initial image (a), after
thresholding (b), with filled holes (c), eroded image (dnfravhich small side branches are deleted, labeling
of the connected regions (e), selection of the largest blffecdilated final image (g) containing the main
vessel and the selected aneurysm bulge, free of side bisinche

ure 3.2(g)). In morphological image-processing ‘erosimmd ‘dilation’ are two more or less
complementary operations. While erosion of the image read®atures which are smaller
than a chosen reference scale (referred to as the ‘strugtalement’ [30]) from the image,
dilation of the image allows to ‘expand’ the volume agairuraing to the original size, but
without adding small-scale details. More details and matitécal description of the steps in
this reconstruction process can be found in [30]. The apfitio of this series of steps leads
to the complete geometry as shown in Figure 3.3(a). This shiog/complex vessel structure
with the main cerebral vessel, which contains an aneurysthsaveral small branch vessels
up- and downstream of the aneurysm. Removal of the side bearand reconstruction of the
main vasculature leads to Figure 3.3(b), which forms thetisgapoint for further systematic
numerical analysis.

The choice of the threshold value introduces some uncéytairdefining the exact ge-
ometry [10]. Moreover, the choice of parameters during thebfication process [30] also
introduces some potential ‘user-related’ variabilitylie geometry definition. In this chapter
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(b)

Fig. 3.3 The segmented geometry (a) and the simplified geometry ufithide branches (b). The physi-
cal length scale is shown to give a rough indication of thei@csize of the chosen vascular segment. The
aneurysm bulge is about 1 cm in length, while the vessel diemmere varying approximately from 3 to 5

mm.
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we do not look into the differences in geometry generatedhdusegmentation and sim-
plification processes. Instead we consider bounding ge@setvhich illustrate the whole

range of possible slightly larger and smaller geometrigkiwian uncertainty of the order of
a voxel grid cell in the computational model. In this way wel\&nalyze the effect of the

reconstructed geometry on the computed flow. This approacheadily be extended to also
address effects from segmentation and simplification - kewehis is beyond the scope of
the present chapter.

3.2.3 Elementary operations on the masking function

After the segmentation and simplification processes thengéy obtained is presented in
Figure 3.3(b). This geometry can be used to finalize the disimof the masking function.
Important remaining steps are (a) the selection of the agjat® segment for which the fluid-
mechanical analysis will be conducted and (b) the incormmaf this flow problem in the
periodic setting. In order to optimize the definition of thasking function we require the
ability to respectively perform ‘cutting’ and ‘periodicq@nnection’ of the masking function.
We address these basic operations next.

(@ (b)

Fig. 3.4 Masking function of the realistic aneurysm geometry: thst faption is shown in (a), cut farthest
from the aneurysm bulge and the second option is in (b), oseclto the aneurysm.

Cutting. We start from the geometry, illustrated in Figure 3.3(b) andirst basic opera-
tion introduce ‘cutting’. This is done simply by cutting thessel in a plane at constaniVe
make sure that only the connecting vessel is affected anitheahain bulge. In Figure 3.4(a)
we cut the vessels from both sides of the aneurysm bulge.derdo define the reference
geometry we cut away as far as possible from the bulge, alv#heto the bifurcation of the
vessels downstream of the aneurysm (Figure 3.4(a)) censigith the single inflow, single
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outflow restriction that was selected. This choice of lamatt which to cut the geometry is
quite arbitrary - hence, to assess the influence of the smbeuftthe particular segment of the
vessel on the flow predictions we will also cut the geometryentightly, i.e., from both sides
closer to the aneurysm. The second cut geometry is plottEdjure 3.4(b). We will refer to
these geometries later as the ‘long’ and the ‘short’ gegymespectively.

»i
>

&
)
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Fig. 3.5 Schematic illustration of the periodic extension of a agtinal tube segment AB to period L. The
original tube section AB is shown with solid lines, the snibobnnector that is added is shown dashed. On
each cross section a number of nodes is added at the locdtibe wessel wall - the nodes in each cross
section are labeled clockwise. To define numerical direetiderivatives the cross-sections nearest A and B
are indicated as well, C and D respectively. To create a @ierextension consistent with period L, the cross-
section A is translated over L to form A" and a spline (linearcabic) is drawn between ‘corresponding’
points on B and A, where ‘corresponding’ refers to the saat®el of a node in clockwise direction in a
cross-section. One corresponding point is marked by anigisten every cross-section. Sample intermediate
cross-sections are indicated by E and F.

Connecting.After cutting, the geometry needs to be prepared for theogarflow model.
We periodically ‘connect’ the ends of the cut geometry byiadd section of continuous
connecting vessel. A schematic illustration for a cylindtitube is given in Figure 3.5. We
start from the recorded cut vessel edsndB and consider cross-sectional contours inythe
plane. On every contour representing the vessel we inteodlarge number of ordered nodes
M, typically several hundred. These nodes are placed on thi®woseparated by a small
anglea = 360/M in degrees. We call nodes at the same angle ‘correspondantgsn The
geometry is translated over one streamwise period of ldngthch that the inflow contouk
is translated int@\'. The challenge is to generate ‘intermediate’ connectingssections of
a numerical vessel that links the outfl@to the translated inflow'. For this we adopt two
options, i.e., linear or cubic spline interpolation betweach pair of corresponding nodes.
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Interpolation based on a cubic spline requires the nodeb®outflowB and translated
inflow cross-sectiond’, the length of the connecting paity’) — x(B) and the tangent vectors
at the outflow/inflow nodes, specifying the orientation of ttut vessel ends in 3D space.
Typically we add a piece of interpolated vessel of the samegtleas was taken away during
the cutting operation. In the numerical setting it implieattif k grid cells in x-direction
were cut away during the cutting step, then exakthewly generated slicegZ planes) will
be added to the cut geometry. In this way we keep the initigbjaial sizes of the 3D brain
segment of the same size.

The cubic Hermite polynomiais defined as

S(E) = (283 - 382+ N5y + (E3 - 282+ E)mg + (—2E3 4+ 3E2)sy + (3 - E2)my

whereé € [0,1], o is the start point af = 0 ands; its corresponding end point &t= 1, my
andm; are start and end tangents respectively. We consider taaeialj slices from each end
of the original vesseC andD to define the required tangents in each of the inflow/outflow
nodes. Specifically, to compute tangent vectoys= [my;, myj, M| at all pointsj on contour

A, we define

myj = (X(C)j —x(A)})/ (X(C)j —x(A)j) =1 (3:4)
myj = (Y(C)j —¥(A)j)/ (X(C)j —x(A)j) (3.5)
myj = (2(C)j — 2(A)j)/(X(C)j = x(A)}) (3.6)

This is the basis for the interpolation. We determine thacHlermite polynomial associated
with every set of corresponding points on the contd@iendA and generatk interpolated
points in between. In this way we obtain new contours coirigiM points, which allow to
connect outflonB with the translated inflowd'. In Figure 3.5 in the interpolated part of the
tube between outflol and translated inflowd’ we also illustrate intermediate interpolated
contourstE andF. For linear interpolation we operate only with points on twamsB and A’/
and connect corresponding points on them by a straightwhish leads to a straight tube as
connector.

Applying the connecting operation to the aneurysm geome#yobtain a continuously
differentiable tube in case of cubic spline interpolatiord a straight continuous tube for
linear interpolation. In Figure 3.6 we show an example ofitherpolated connector between
the outflow and the translated inflow for a particular pairafresponding points on tHg A’
contours for cubic spline interpolation (Figure 3.6(a))l éinear interpolation (Figure 3.6(b)).
The 3D masking functions for both cases are presented in€@i. We illustrate two long
geometries with different connectors and a short geomettysimooth connector.

In Section 3.4 we will analyze the effect of the discussedI&oof cutting and connecting
by simulating steady flow in the obtained geometries andyaira) flow properties. In the
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Fig. 3.6 Example of interpolated vessel between ends of the cut @redssel. For cubic spline interpolation
(a) vectorang andmy indicate the direction of the tangent and hence the locahtation of the vessel in space.
In (b) we show linear interpolation between the two end miNndes with markers indicate original nodes
on the first, second, last but one and last slices of cut-V&sazfrom each side).

next Section we first turn attention to the actual flow thatedi@ps in the selected reference
geometry at realistic flow conditions.

3.3 Flow in a realistic aneurysm

In this section we present numerical results for the flondeghe realistic aneurysm geom-
etry that was introduced in Subsection 3.2.2. We set up fleeenece case for our numerical
simulations and discuss the physiological conditions ttatracterize the flow, in Subsec-
tion 3.3.1. Afterwards we perform simulations for a steadyfand present the numerical
solution (velocity and pressure) and its derivatives (it of the shear stress) in Subsec-
tion 3.3.2. Subsequently, we consider the general conaeggef the predictions in terms of
the pressure drop, velocity and shear stress in Subsec8oh 3

3.3.1 Motivation and definition of the reference case

As reference case we choose the long geometry (Figure B.Zta9 ends of this segment
are connected by a cubic spline interpolation. The 3D maskimction of the reference
geometry is shown in Figure 3.7(a). Before simulations aaddme to understand the flow in
the aneurysm bulge, some further preparations are requainel@ntify the relevant range of
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(d)

Fig. 3.7 Masking functions for connected geometries. The seleatedgtry is plotted in red, while the con-
nectors are shown in black. Reference geometry (long with@osh connector) is presented in (a), the long
geometry with linear connector is in (b), the short geomatith a smooth connector is in (c). A schematic
indicator of the different ‘original’ (gray) and ‘interpafed’ (white) segments is plotted in (d), where light
grey shows the borders of the short geometry and dark gregsenpts the-range of the original part in the
long geometry. We will use this indicator in the sequel, vahadlows to interpret the simulation results more

easily.
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physiological conditions for blood flow inside the aneurySubsequently, we will visualize
the solution in a number of qualitative ways to appreciatecthmplexity of the flow structures
that develop.

In order to specify the computational model we need to choefeeence scales for length
and velocity, and specify the kinematic viscosity. Thesargiies allow to compute the
Reynolds numbeRg which is the only parameter that is required for the dimemisiss for-
mulation. From literature one may find a range of values dtarstic of these reference
scales, which implies some degree of freedom in setting teeige values that are physio-
logically relevant. We motivate our choices next to prowvadgoint of reference.

The raw data of the 3DRA scan of the aneurysm consists of aofji@$6° voxels. The
voxel width is 01213 mm This implies that the total physical length of the domain is
3.10528cm As reference length we take a characteristic scale remasee of the aver-
age radius of the cerebral vessel in this part of the Circidifs. We extractR* = 1.94mm
from the 3DRA data. This value is quite similar to [24] who atia.5 mm and also consis-
tent with [39], who suggests a scale oflz- 0.4 mm Hence, in the non-dimensional setting
we work in a domain of total ‘length’ of 30528/1.94~ 16. The computational domain,
enclosing the aneurysm geometry is in fact a rectangulaklmbsize 16< 8 x 16 in the non-
dimensional formulation. This size of the total computasibdomain is sufficient to enclose
the vessel geometry after segmentation and simplificatiorihe z direction a factor of two
could be saved because of the particular orientation ofritially provided geometry.

Next to the length-scale, also the viscosity and the velagibles need to be set. From
literature we infer that the mass density is in the range 1025 p* < 1125kg/m?, while
the dynamic viscosity of blood is reported to bel® 3 < u* < 4-1073 Pa s Specifically,
choosing typical values for the mass density of blgid= 1060kg/m® and the dynamic
viscosity of bloodu* = 3.2-10~3 Pa simplies a kinematic viscosity* = u*/p* = 3.01-
1078 n?/s. Finally, the reference flow-rate as proposed by [34] andlig6245+ 65ml/min,
showing an uncertainty of about 25%. This range of valuesoliggined on the basis of either
3D MR angiograms or Doppler measurements. The correspgmrdimge for the velocity
scale can be extracted from thislas = Q* /(1(R*)?) = 0.345+0.09m/s. This is consistent
with the range B4+ 0.087m/s as obtained by [78] on the basis of Doppler measurements.
Combining these numbers yields a typical Reynolds numbegeaf 175< Re < 300. For
convenience, we adoRe= 250 in the sequel, which, in terms of the chosen referencgiten
scale and kinematic viscosity, corresponds to a velociesafU;" = 0.388m/s, well within
the quoted range found in literature. We will simulate sieblbod flow atRe= 250. This
requires simulating an initial condition long enough uatteady state is approximated with
high accuracy. We simulate until the time at which the totakgure drop across the domain,
needed to maintain the imposed flow rate shows a relativatiamiof less than 1. This
was found to be adequate for predicting the steady condifiooperly - we also considered
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as stopping criterion a 10 times lower tolerance and obgermdy negligible differences in
the solution.

3.3.2 Qualitative impression of flow and forces inside theeamysm

In order to visualize the flow and forces that develop in theusysm geometry, a number
of options is available. We will start by choosing a more gatVe set of methods, i.e.,
three-dimensional and two-dimensional views of the véjyoand shear stress. Here, we show
results obtained at a resolution of 1284 x 128. A quantitative approach, showing the effect
of grid refinement will follow in the next subsection.

Numerically computed velocity streamlines for a steady fidd®e= 250 are presented in
Figure 3.8(a). By properly selecting the initial conditimnthe streamline at the inflow on the
left-hand side of the domain, we can achieve both streamtin&t pass through the section
with the aneurysm, without actually entering the aneurysaigdy as well as streamlines that
display the rather complex vortical pattern that appeatsimihe aneurysm. The geometry
is colored with the value of the local pressure. A smoothditaon from a higher pressure on
the left to a lower pressure on the right can be observedndrihe imposed volumetric flow
rate inside the geometry.

To get an alternative impression of the velocity field, indg3.8(b) we present the veloc-
ity vector field in a few cross-sections along the aneurysongry. The cross-sections are
taken inyzplanes. The flow in more or less cylindrical tube sectionfefibcal vessel system
shows similarity to a parabolic profile, reminiscent of Hag®oiseuille flow. We notice that
near the aneurysm bulge the dominant flow still follows whegdito be the non-diseased
tract. However, also near the ‘neck’ and within the aneurffsgre is considerable dynamics,
showing regions of forward and backward flow, as illustratethe velocity vectors. In the
middle cross-section at= 0 this is nicely illustrated with flow entering as well as @xifthe
aneurysm in a complex vortical sweep; the flow comes back frmaneurysm after having
circulated in it. The flow structure inside the aneurysm &sals to higher residence time of
red blood cells, and correspondingly a reduced quality miutation that might even induce
the formation of small cloths. The flow structure in the aiysuor bulge is also correlated with
regions of lower levels of wall-shear stress, as the flowrisity in the aneurysm is rather low
leading to gradual degeneration of endothelial cells [21].

A closer impression of the flow inside the aneurysm can beidxisby considering con-
tour plots of velocity components. In Figure 3.9 we show dipalar contour of the stream-
wise velocity component at = 0, which is through the actual aneurysm, i.e., a section
through the middle in Figure 3.8(b). We show a cross-sedtiathe yzplane at a number
of spatial resolutions. The grid refinement shows a clealitqtige convergence toward the
grid-independent solution. The resolution:326 x 32 is insufficient to capture the full com-
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(b)

Fig. 3.8 Three characteristic velocity streamlines (a) inside tieuaysm geometry. The geometry is colored
with the pressure field which shows a smooth transition framgh pressure (red) to a low pressure (blue).
In (b) we show the velocity vector field in a few cross-sediofihe cross-sections are at severkdcations

in yzplanes, largely perpendicular to the flow direction. Grigbtation is 128« 64 x 128.

plexity of the flow. However, the main features are alreadytwaed properly at a resolution
of 64 x 32 x 64, while high accuracy results can only be expected by éuiticrease of the
resolution. We notice both dark and light colors in this camtplot, corresponding to pos-
itive and negative streamwise velocities. These show amnegf recirculating flow in the

aneurysm, next to the main through-flow represented by thle @gion in the lower left

corner of each contour plot. We also investigated the degrecelof the flow prediction on
spatial resolution at other streamwise locations and faimdar qualitative convergence. A
more precise assessment of the level of convergence isdesadimomentarily.
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Fig. 3.9 Contour plot of the streamwise-velocity in ayz cross-section in the middle of the geometry at
x = 0. Dark regions correspond to high positive velocities,levtiie lightest contours are related to regions
of negative velocity; we adopt the same color-coding fofiglires. The flow structures show a vortex inside
the aneurysm. We present the velocity contours in the saamefor different grid resolutions: 3216 x 32

(@), 64x 32x 64 (b), 128x 64 x 128 (c) and 256 128x 256 (d).

Regions of relatively high and relatively low shear stregscmnsidered important markers
for the risk of aneurysm growth. These can be obtained frensitimulations as well, by post-
processing the velocity field. The shear stressdefined in non-dimensional form as

1
1= 2aV2SiS (3.7)

whereSj = (diuj + dju;)/2 denotes the rate of strain tensor. A global impressionefiéll
shear stress distribution is given in Figure 3.10. Regidégh shear stress are concentrated
near relatively sharp bends in the vessel and near the ‘wéthé aneurysm, where the bulge
connects to the previously unaffected vessel. Inside tleeirgism the shear stress is rather
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Fig. 3.10 Distribution of the wall shear stress, computedRat= 250 at a grid resolution 12864 x 128.

low, consistent with the rather low velocities that are aobed inside the aneurysm bulge.
Such a region of low (wall) shear stress is reported to be ectend to aneurysm growth,

associated with a slow degeneration of endothelial celiseavessel walls. Further research
in this direction is highly needed to clarify the precise im@&tisms and to quantify possible
growth-paths of the aneurysm.

A more precise impression of the shear stress distributeonbe obtained in terms of
contour plots. In Figure 3.11 we show the steady state shesssgdistribution in §zplane
through the middle of the aneurysmyat= 0. We observe a qualitative convergence of the
shear stress; the degree of convergence seems to be slegglgompared to the velocity
field as shown in Figure 3.9. For the shear stress we need toxpyate the derivative of the
velocity, which is more demanding on the spatial resolytespecially close to the aneurysm
wall. The aneurysm region shows one focal point of somewiudten shear stress near the
right boundary, while elsewhere in the bulge the level ofghear stress is seen to be rather
low. In addition, quite high shear stress levels are obskitveéhe lower left corner of each
contour plot, corresponding to the main flow through whatairs of the original vessel
structure prior to the development of the aneurysm.

3.3.3 Flow in partially filled cerebral aneurysms

With the IB method it is possible to generate various modifiedmetries in a relatively
fast way, starting from the reference geometry. This alltaevestigate consequences for
the flow structure due to changes in the local vessel shapé.tblélow predictions in the
initially reconstructed vascular geometry we can also &teuflow in ‘nearby’ geometries
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Fig. 3.11 Contour plot of shear stressin a yz cross-section in the middle of the geomekry= 0. Dark
regions correspond to high levels of shear stress, whiléghtest contours are related to low shear regions.
We present the distribution of stress contours in the sameepior different grid resolutions: 3216 x 32

(a), 64x 32x 64 (b), 128x 64 x 128 (c) and 256¢ 128x 256.

representing aneurysmes that are ‘virtually filled’ with arsder coil. Such simulations can
help to understand how much coil is necessary to qualilgtsleange the flow structure in
the affected region, aimed at reducing the flow into the aysabulge to make the situation
less risky. To illustrate the approach, we generated thragavgeometries which correspond
to partially or fully filled aneurysms. In these geometries @ompute the blood flow and
observe changes in the vortical flow patterns when incrgabimamount of coil in the bulge.
In Figure 3.12 we illustrate four masking functions whiclowhpossible stages during
a coiling procedure. We start with the reference geometryigure 3.12(a) and ‘coil’ the
aneurysm bulge in two steps (Figure 3.12(b,c)). The fullgdilaneurysm is shown in Fig-
ure 3.12(d). Analyzing flow patterns we plot the velocity tmurs in the middle cross-section
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Fig. 3.12 Masking functions for partially filled aneurysms. Startiingm the reference geometry (a) we can

virtually fill the aneurysm with a coil and obtain the reducdtpes in (b) and (c). The fully coiled aneurysm
is shown in (d).

of the aneurysm, similarly to the location chosen in FiguBe B/e observe qualitative differ-
ences in the flow patterns when comparing the reference calstha slightly coiled geome-
try (Figure 3.13(a,b)) with the further coiled and the fudlyiled aneurysm (Figure 3.13(c,d)).
These simulations show the disappearance of the largeabstructure seen in the first two
geometries - the backward flow is almost completely removediged the amount of coll
is adequate, as seen in the last two geometries. Theseediffes in flow pattern can be rel-
evant for decisions about the (minimal) amount of coil neeteachieve the required flow
deflection.

In order to quantify more precisely the level of convergericghe next subsection we
consider the actual local solution obtained at increasatiapesolutions. For this purpose,
we concentrate on the reference geometry alone as thisriaathestic also for partially filled
aneurysms.
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Fig. 3.13 Contour plot of the streamwise velocity iryacross-section in the middle of the geometry in par-
tially filled aneurysms. Dark regions correspond to highifpasvelocities, while the lightest (white) contours
are related to regions of negative velocity; we adopt theesemtor-coding for all figures. The flow structures
show a large vortex in the reference geometry of the aneuggdrand in the slightly coiled aneurysm (b),
while with increasing coiled volume the vortical patterduees considerably (c) and disappears in the fully
coiled case (d) approximately restoring the original nsedsed geometry. We present the velocity contours
in the same plane at grid resolution 882 x 64.

3.3.4 Reliability of IB predictions: a grid refinement study

First order convergence of the volume-penalization IB roétlvas established on the basis of
laminar Poiseuille flow in a straight cylindrical tube in [6This confirms results obtained for
the plane channel flow in case the no-slip condition is imgdagihin a grid cell of the solid
wall [58]. The method was also tested for smoothly curvedsisswith a constant circular
cross-section in the previous chapter.
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In this subsection we concentrate on a more quantitativlysisaf the reliability of the
numerical flow prediction. We consider the convergence eftttiving pressure drop as well
as profiles of velocity and shear stress at different gridltg®ns: 256x 128x 256, 128x
64 x 128, 64x 32x 64 and 32< 16 x 32.

0.1

0.02F .

Fig. 3.14 Convergence of the pressure drop across the whole flow doo@imputed at different grid resolu-
tions: 32x 16 x 32 (dot), 64x 32 x 64 (dash-dot), 128 64 x 128 (dash) and 256 128x 256 (solid).

In order to maintain a constant mass flow rate through thergsey a pressure drofpP
needs to be supplied. In Figure 3.14 we show the evolutiomeffbrcing pressure drop
at different spatial resolutions. The initial solution fmovhich each simulation starts uses
u=1 andv=w= p=0. Hence, we deliberately set the streamwise velocity eguahity
everywhere, i.e., also inside the solid part of the domalms presents a strict test for the
robustness of the method, in which the solution has to adapteduce completely to zero
within the solid and a realistic flow in the fluid part needs taldbup. There is considerable
difference between the solution at different spatial resohs in the initial stage due to the
strong acceleration of the flow to rectify the non-physicglects of the initial condition. As
the flow settles into the steady state we notice a convergentime of the pressure drop
levels. Since the non-dimensional size of the domain is kbtha velocity is maximally
around 0.7, a typical flow-through time, i.e., the time nekttepass from one side of the
domain to the other, can be expected to be in the range of 2@i@. Mo reach a fully steady
state, a simulation covering several flow-through timeseisded. In Figure 3.14 we notice
close agreement fakP at different spatial resolutions already after about héllha-through
time.
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Fig. 3.15 Streamwise velocity (a) and shear stress (b) profiles asaifumnof z, in the middle of the domain
atx =0 andy = 4. The profiles were computedtat 14 using different grid resolutions: 3216 x 32 (dot),
64 x 32x 64 (dash-dot), 128 64 x 128 (dash) and 256 128x 256 (solid).

To further assess the reliability of the solution we turn tofites of velocity and shear
stress in a characteristic region in Figure 3.15. This ptesia more quantitative measure for
the convergence of the numerical solution. We observe thitaeaoarsest resolution of 32
16x 32 we cannot capture more than the main flow pattern of rdaitiag flow. In fact, there
are only 6 grid cells per vessel cross-section at this résolu~or grid resolution 64 32 x 64
already 13 cells are fluid and further increasing of the gesbtution gives 25 and about 50
points per cross-section of the vessel. These latter tlalees correspond to resolutions used
in [58] at which asymptotic first-order convergence was ol for Poiseuille flow. Thus,
increasing the resolution allows a much closer correspocelbetween the different velocity
predictions. This is also seen in the profiles for the sheasst The general agreement is
quite close, as long as we do not include the coarsest resol@onvergence of the sharp
stress peak near the lower wall in this particular profilegsrsto be most challenging to
our IB method. We also investigated convergence by consgl@rofiles in a various other
locations and observed similarly close agreement of theemig@al solution. This establishes
that a first quantitatively acceptable solution can be olkethiusing a grid of 64 32 x 64,
while higher accuracy requires further refinement.

In the next section we will discuss how sensitive the nuna¢riesults are to the different
choices regarding the selection of the vessel segmentédidtv simulation ('cutting”) and
the extension to a periodic flow model ("'connecting’).
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3.4 Sensitivity of flow predictions to elementary operatios on masking
function

We described the process of constructing a basic model @sitnulation of flow in the
reference aneurysm geometry, starting from the simplifigz gresented in Figure 3.3(b).
The chosen reference geometry was illustrated in Figu@p.In this section we analyze the
effect of cutting and connecting for this geometry by coasiuly the sensitivity of predictions
in the alternative geometries in Figure 3.7(b) and (c) iedato the reference geometry in
Figure 3.7(a). In a few questions we can describe the seihsitinalysis as follows. What
would be the influence on the flow predictions if we cut theiahijeometry at a different
location? How important is the smoothness of the connecteded to obtain a periodic
flow model? Answers to these questions are obtained by cangpilte flow explicitly and
comparing the results for velocity profiles and pressurfedihce.

We simulate steady flow @&e= 250. Based on the convergence analysis in Subsec-
tion 3.3.4 for the reference geometry, we consider only aiergsolution 128«< 64 x 128
for the sensitivity analysis. We first present the resultstlie@ pressure difference to obtain
a general impression about the global convergence. Substyguve will illustrate velocity
profiles and assess the relative differences between floyetad in the reference geometry
and the flow computed in the other geometries.

In Figure 3.16(a) the pressure difference as a functionnoé tis plotted. For flow com-
puted in the ‘short’ geometry, the pressure differencevselt, as it is easier to flow through
it relative to the long geometries in view of the straighgie$ the connector. Comparing
the two long geometries we observe that the type of connéxteinown to be quite irrel-
evant. Further, in Figure 3.16(b) we analyze the averagesspre per cross-section along
the aneurysm geometries at time- 20. We plot the domain such that the center part of the
geometry containing the aneurysm bulge is located arauad. The aneurysm indicator is
included at the bottom of the figure to show the parts of thgioal geometry and the inter-
polated connector(s) in every case. In the part of the gegraentaining the aneurysm all
simulations give virtually identical results, with somevi@gions near the regions where the
original geometry is connected to a numerically interpedagegment. Further, we observe
the very small differences when comparing different typesomnectors for the long geom-
etry. At physiologically relevant flow conditions it appeahat manipulating the geometry
by cutting at different locations and connection in differerays, has small effects which in
addition remain spatially well localized.

To evaluate consequences of the differences in the definitigcghe flow domain on the
flow profiles we show the streamwise velocity component aeisdvocations along the
axis for all geometries (Figure 3.17). At evexylocation we choose thg coordinate such
that the velocity profile as function of the vertical cooraliez is taken through the ‘middle’
of the cross-section. One dimensional profiles of the valamdmponents can be obtained
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Fig. 3.16 Pressure difference across the aneurysm geometries fevis ss a function of time for the refer-
ence geometry (solid), long geometry with linear connefdesh) and short geometry with smooth connector
(dash-dot). The general level of the pressure differencéhfoshort geometry is lower, corresponding to an
easier flow through the smooth, rather straight conneatonpared to flow through the curved original vessel
segment. The pressuRaveraged ovey andzis shown as function ok in (b) att = 20. Included is the
schematic indicator introduced in Figure 3.7 to view oraivessel tract (gray) and connector vessel (white)
for the long (dark gray) and short (light gray) geometrigsni8ations are aRe= 250 for grid resolution
128x 64 x 128.

along this particulary locus. The aneurysm indicator is included as well, allowimbetter
interpret differences and similarities. We observe clageaspondence in the middle part of
the computational domain, which contains the aneurysmebiigr the long geometries the
differences in the connector, ‘downstream’ of the bulgspahduce small differences in the
velocity profile ‘upstream’ of the bulge, in view of the pettio boundary conditions. The
connector of the short geometry is located slightly higih@ntthe connectors for the long
geometries, which is clearly seen from the velocity profil@smparing the velocity in the
short geometry with that in the longer ones, we observe alistudentical velocity profiles
in almost the entire part of the computational domain thahered among these geometries,
consisting of the original vasculature. Near the edgesefétained segment of the vessel,
i.e, near the two cut locations~ —5 andx ~ 1 we observe that differences in the velocity
disappear or build-up, respectively, over about one nomedsional unit downstream of that
location.

Differences and similarities in the streamwise velocitjusons can be observed more
closely by ‘zooming’. In Figure 3.18 profiles are presented@locations. Numbers in the
top right corner of every sub-plot show tkeoordinate at which the profile was taken. We
appear to have only one profilexat= —2, —1,0, which means that all profiles are virtually
identical. Atx = —3,1 the differences are visible but still small, while at otlkeralues the
profiles differ more, as they are computed in physicallyed#ht geometries. The ‘reliable’
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Fig. 3.17 Streamwise velocity profiles at several locations alongti@irysm geometry, shown as function of
zand taken at & location indicating the middle of the vessel at the chosktation for all three geometries:
reference geometry (Figure 3.7(a); solid), long geomettlg linear connector (Figure 3.7(b); dash) and short
original geometry (Figure 3.7(c); dot). Simulations ar®at= 250 for grid resolution 128 64 x 128.

segment—3,1] corresponds to the overlapping ‘original’ segment of these¢ among the
three geometries, minus a part of about unit length nearmth@n of this section with the
bulge, as mentioned also above.

Finally, we analyze the sensitivity in a quantitative way dgmputing the relative dif-
ferenced between streamwise velocity profiles in thenorm, normalized by the maximal
streamwise velocity in the entire domain. The results f@ thlative deviation computed at
the same 16 locations at which velocity profiles were prestrare shown in Figure 3.19.
In the middle of the computational domain the differencefiow predictions obtained in
the reference and the alternative geometries are very swigle outside the original part
of the vessel somewhat higher levels of deviation are pte$aming to the comparison for
the short cut geometry, we notice maximal deviations on tderoof 20 % in regions where
the quite different connectors are concerned, which rgpitiches levels as low as 1in
the relevant bulge region. The comparison of the long cubhtnes is more favorable. The
maximal deviations reach about 10 % toward the end of the dormbese deviations reduce
to about 2 % in the segment upstream of the most striking bidgeation and reduce to
levels as low as 1 in the actual bulge.
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Fig. 3.18 Streamwise velocity profiles at 18,y) locations along the aneurysm geometries for the reference
(solid), the long geometry with linear connector (dash) tedshort geometry (dash-dot). The number in the
top right corner of every figure corresponds to kecation at which the profile was taken. Simulations are
atRe= 250 for grid resolution 12& 64 x 128.

3.5 Sensitivity of flow predictions in bounding geometries

In this section we discuss bounding geometries, which agd tesquantify the sensitivity of
predictions for key flow properties to the quality of meditahgery and spatial resolution,
particularly the cross-sectional sizes. We first desctileecbnstruction of bounding masking
functions at different grid resolutions. These are maskingtions that correspond to slightly
larger or slightly smaller fluid domains, thereby mimickiig uncertainty in the precise do-
main definition due to the available accuracy in the raw nmadimagery stemming from the
voxel size and/or slight motions of the tissue-vessel fater during recording. Subsequently,
we will use these bounding geometries to assess the réladiiithe numerical solution by
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Fig. 3.19 The relative differences between streamwise velocity goftomparing the reference geometry
with the long geometry with linear connector (sotijand the reference geometry with the short geometry
(solid ().

showing velocity profiles and the pressure difference actios geometry. Throughout, we
illustrate our findings with simulations of flow in the reface geometry.

3.5.1 Grid coarsening and bounding geometries

In Subsection 3.2.1 a brief introduction into bounding getmas was given. Here we will
discuss in some detail how the masking function associatdbeunding geometries can be
extracted, while coarsening the grid.

Analyzing the convergence of the IB method (Subsectiond3.®e computed flow at
different grid resolutions and considered only basic geide® In this subsection we will
also consider bounding geometries, which can be generatedsoy level of grid coarsening.
Thus, from 256x< 128x 256 we generate bounding geometries on £ B8 x 128, 64x 32 x
64 and 32 16xx 32. From these geometries we not only extract convergeneddmipractical
bounding properties for pressure drop, velocities andst®

When coarsening the grid by a factor of 2 in every directibe, grid cells of the coarser
grid contain 8 grid cells from the finer resolution. This inegl also that the center of the
coarser grid cell is at the intersection of corner points Bf&r grid cells which allows some
freedom in the way in which the masking function should beseaed. The ‘basic’ strategy
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assigns to the whole cell a value to the masking function kviscletermined by the property
‘solid’ or ‘fluid’ in the center of the grid cell. However, winecoarsening the grid the value of
the masking function in the center of the coarsened cell isinmuely defined. We choose
to obtain it from the average value taken from the 8 neighigpciells of the finer grid that
are contained in one cell of the coarser grid. We computebeage value of the masking
function and obtain a value between 0 and 1. Then we apply plsimle: if the average
value is equal to or more than a threshold value of 0.5 we lealtbarser cell solid and give
it the value ‘1’, otherwise the cell is fluid and the corresgimg coarsened masking function
is set to ‘0’ at the location. In this way we generate the dtedacoarsened ‘basic’ geometry.
Repeating this construction for each coarsening by a faétawo, yields a set of coarsened
masking functions associated with the basic geometry.

We can readily extend this ‘basic’ construction and definskimay functions for slightly
larger or slightly smaller geometries, We may apply the iasoarsening rule also to the
8 corner points of a cell in the coarsened grid. These coroitpare also at the center of
8 fine-grid cells and we may determine the average maskingtitmand find whether the
average is equal to or more than 0.5. Having defined for eaatsearid cell the value of the
masking function in its 8 corner points we may apply the metietched in Subsection 3.2.1
and arrive at eight bounding geometries.

We may assess the influence of redefining the masking funictiterms of the number
of fluid cells for every geometry. This is collected in Tabld.3Bounding geometries are
numbered #1-#8 corresponding to the number of solid cormiatpneeded to define the grid
cell ‘solid’, which is the criterion for bounding strategi@s discussed in Subsection 3.2.1.
In particular, #1 contains the largest number of solid cafid #8 the largest number of fluid
cells. We find that the basic geometry contains more fluidsalhn geometries #1-#4 and
less than geometries #5-#8.

Grid resolution| #1 #2 #3 #4 | basic| #5 #6 #7 #8
128x 64x 128| 42134| 44277| 46828| 49052| 50844 | 52068| 54533| 57346| 60058
64x 32x 64 | 4060 | 4513 | 5050 | 5564 | 6052 | 6317 | 6915 | 7646 | 8343
32x16x32 | 262 | 331 | 428 | 523 | 670 | 709 | 861 | 1038 | 1232

Table 3.1 Number of fluid grid cells in the generated geometries at@luésn of 128x 64 x 128, 64x 32 x

64 and 32« 16 x 32 with, respectively, 1048576, 131072 and 16384 grid céltsinclude 8 bounding and 1
basic geometry at three grid resolutions wherédehotes the masking function obtained with the rule that a
grid cell is solid in case of its corner points are solid.

Bounding geometries were already presented in [61], whameenical solutions in a cylin-
drical tube were compared to the analytical Poiseuille fg@adifin that case only three geome-
tries were considered: ‘basic’, ‘inner’ (#2) and ‘outerb{# The basic solution was found to
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be bounded by the parabolic profiles obtained from the ‘inaued 'outer’ geometries at all
grid resolutions. With increasing grid resolution all plesiconverge to the exact solution.

For the realistic aneurysm geometry we are interested ibdheding solutions, as they
give a quantification of the sensitivity of predictions, édon uncertainties in the initial
geometry. By using bounding geometries we may assess a cdmganerical predictions
instead of only one. We present the numerical solutionsemtxt subsection.

3.5.2 Numerical bounding solutions

To illustrate bounding geometries we compute the flolRat= 250 in all 9 geometries at
grid resolutions 128 64 x 128 and 64x 32 x 64. We look into a streamwise velocity profile
in the middle of the aneurysm to obtain a local measure ofitta@hsand also include the
evolution of the pressure differences for every geometmgotasider a global characteristic.
In Figure 3.20 the solution for the basic geometry is plotiec solid line, while the 8 other
solutions corresponding to bounding geometries are shasietl and dash-dotted according
to whether we consider a slightly smaller (‘inner’) or slilyHarger (‘outer’) volume for the
flow domain, respectively. We observe that the pressurerdifice of the basic solution is
bounded by the other solutions from above and below. At bathrgsolutions, the pressure
drop of the outer solutions (dash-dot), obtained by bounmttie volume of the flow domain
from above, are shown to be closer to each other than the sohgions (dash), obtained by
bounding the volume of the flow domain from below. The pressiiop for the inner solutions
shows more sensitivity to geometry variation than for théensolutions, which might be
related to the relatively small number of grid points persetspening (6- 10 for the coarser
resolution in Figure 3.20(a) and 1220 in Figure 3.20(c)). If the variation in the bounding
geometry relative to the basic geometry is too large thenudefulness of the bounding
solutions is rather limited. Hence, for coarse grids onlgrgetries that are sufficiently close
to the basic geometry should be included in a sensitivityyaig The velocity profiles show
a similar behavior: for the 128 64 x 128 grid in Figure 3.20(d) the ‘bounding band’ is
relatively narrow, closely following the basic solutionhile for the 64x 32 x 64 grid some
of the inner solutions are at marginal spatial resolutieading to physically wrong solutions.
For very small (inner) geometries, the sensitivity to theica of masking function is high
if only a few grid cells are available to cover each velocitgffle. Grey bands of bounding
solutions for the pressure difference show the most narmwnding, associated with strategy
#4 and #5 in Table 3.1. For the velocity profiles the variatiothe numerical solution due to
variations in the flow domain also indicate the degree ofiseitg. However, for the velocity
there is no uniform ‘lower’ or ‘upper’ profile that would bodeverywhere the basic solution;
in some parts of the domain the velocity based on a certatnfied masking function may
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be slightly larger than that obtained with the basic maskimgtion, while it is slightly lower
elsewhere to maintain the same overall flow rate.

(b)

Fig. 3.20 Pressure difference (a,c) and streamwise velocity prafilége middle of the aneurysm (b,d), com-

puted at grid resolutions 12864 x 128 (c,d) and 64 32 x 64 (a,b) in basic (solid) and bounding geometries
for inner geometries approximating the volume of the fluichdin from below (dash) and outer geometries
approximating the volume of the fluid domain from above (ddst). Two grey bands in (a) and (c) show the
variability in the pressure difference associated withimal variation in the bounding fluid domain.

The bounding solutions can be used for another practicadqsey, i.e., we may predict
reliable bounds on flow properties at much reduced commpumatitime. While coarsening
the grid resolution, every coarser domain contains 8 tireeef grid cells. For our numerical
method this implies that flow will be computed about 16 timestér, taking into account an
increase in the time-step with which the solution is comgutéhus, instead of simulating
the flow in the basic geometry at higher grid resolution, we wark with two bounding ge-
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ometries at a lower grid resolution. We analyze this apgrdac'couples’ of grid resolution
256x 128x 256 and 128 64 x 128, which will be 8 times faster taking into account that
we would like to compute two bounding solutions. Anotherupte’ of grid resolutions is
256x 128x 256 and 64x 32 x 64, which would imply a reduction of computational time by
a factor of 128.

In Figure 3.21 we illustrate the pressure difference comgdior the basic geometry at
grid resolution 256« 128 x 256 (solid) bounded by inner and outer solutions for stiateg
#4 and #5 (see Table 3.1) computed at resolution<1@8x 128 (dash lines; dark gray band)
and at resolution 64 32 x 64 (dash-dot lines; light grey band). In Figure 3.21(a) weenhe
no bounding up to timezt = 3 — 4, caused by the initial conditions & 1 andv=w = 0)
which does not correspond to the physical flow and needs siomeetd adapt. Aftet = 4
we illustrate the bounding solutions in more detail in FEg®:.21(b). Coarsening the grid
by a factor of 2 in each direction allows to compute the bangasfsible solutions with a
relative variability of 10- 12%, when coarsening by factor 4 in each direction the vdityab
increases to about 30%. Depending on the required levelaniracy, one can choose one of
the following options: expensive computations for the basiution at high resolution, faster
computation of a tight bounding band with relative variapil0 — 12% at 2/2 = 8 times
reduced computing time, or very fast computed wider bandis mlative variability about
30% and a reduction in computing time by a factor tf2= 128. Clinical practice needs to
be incorporated to guide sensible choices for a boundiatesty.

(b)

Fig. 3.21 Pressure difference for the basic geometry (a) at grid uéisol 256x 128x 256 (solid) with the
bounding solutions #4 (highedtP) and #5 (lowes?AP) at lower grid resolutions: 128 64 x 128 (dash) and
64 x 32 x 64 (dash-dot). In a zoomed-in plot shown in (b) the width aftebounding band can be easier
assessed.
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3.6 Concluding remarks

We presented a computational model for simulation of blood fhside cerebral aneurysms
that may form in the Circle of Willis. The medical interestiisunderstanding the flow and
forces that emerge in aneurysms and their relation to &adgjlor inversely to possible rup-
ture of cerebral aneurysms. We illustrated the modelinggss starting from medical im-
agery of a realistic cerebral aneurysm, which was used asestady in this chapter. We
concentrated on steady flow simulations and analyzed theitisty of the predicted blood
flow inside the aneurysm to the various modeling steps. Wesdlswed convergence of the
numerical solution and illustrated the method of boundiegrgetries.

Taking data from literature we identified physiologicalyavant flow conditions and their
general uncertainty. Data concerning sizes of vesselenidtic viscosity of blood and flow
speeds in the region of the Circle of Willis are patient-$fi@and can not be obtained with
very high accuracy. This leaves considerable uncertasity the precise flow conditions. For
healthy conditions, the computed range of values for Relsmumber, which is the crucial
parameter for incompressible flow, is 1¥5Re < 300. This range suggests laminar flow.
However, in case of diseased vessels or if the blood pr@seatie not standar&e can be
much smaller or much higher, which will lead to noticeablarges in flow patterns to which
we will return in the next Chapter.

Settling forRe= 250 as characteristic point of reference, we analyzed &pkat, realistic
cerebral aneurysm in detail. First, we considered the maimfiéatures and the reliability of
predictions for steady flow at fixed volumetric flow rate. Tisigot a realistic flow condition,
as in reality interest is with pulsatile flow, but it does allto investigate the sensitivity of the
predicted solution on things such as spatial resolutionvilgalized both qualitatively and
guantitatively the steady flow in the aneurysm, as well ashear stress field that emerges.
It was shown that the main flow follows a path that is close t@atsed to be the original
vessel before the formation of the aneurysm. Next to thisgifrflow, a complex circulation
was shown to develop inside the aneurysm bulge. We alsdrdhesl the influence of partial
filling of the aneurysm bulge on the flow pattern that developgle. This type of simulations
can support coiling procedures in taking a decision abauathount of coil that is required
to change the flow sufficiently to remove the problem for thiggod. By considering contour
plots and also profiles of velocity and shear stress at éiffespatial resolutions, the degree of
convergence of the numerical simulation was discussedcitifrent IB method is first order
accurate. Developments in which sub-grid forcing is ineltifi7 9] can be used to increase the
formal order of accuracy to two - this appears a relevantresxoa of the IB approach and will
be considered in more detail in the near future, allowingubdown on the computational
cost and/or increase the accuracy of flow predictions.

The influence of the modeling steps on the predicted flow é#i¢ aneurysm was an-
alyzed and compared for three different geometries. It viasva that inside the aneurysm
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bulge flow stays virtually the same in all geometries, whitea$ differences occur in the
connecting parts. This test allows to conclude that undgsiplogically realistic conditions
the precise selection of the vessel segment and the forimulaita flow model with periodic
boundary conditions do not have a strong influence on the atedpflow characteristics.
Moreover, the influence was found to remain very localizethst 'downstream’ effects re-
main small. Thus, if the connecting part of the vessel is farugh from the aneurysm bulge,
there is no appreciable effect on the flow patterns insidatteeirysm bulge. Bounding solu-
tions were presented and shown to be a practical tool foafestssment of the general flow
patterns. This method can be used to provide the to be expetge of possible solutions
due to uncertainties in the geometry definition before aerang to compute the precise flow
at high resolution.

In this chapter we focussed on steady flow. To arrive at a finstpdete simulation model
it is essential to incorporate the pulsatile effect of bldlodv and investigate the dynamical
consequences of this time-dependent forcing. This is thistiof the next chapter



Chapter 4
Transition of pulsatile flow in cerebral aneurysms

Abstract

In this chapter we adopt a volume penalizing immersed bayndathod for the simulation
of pulsatile blood flow inside cerebral aneurysms. We shat tihe flow undergoes a tran-
sition from an orderly state at low physiological Reynoldsniers, in which the pulsatile
forcing is closely followed in time, to a complex responsehwstrongly increased high-
frequency components at higher physiological Reynoldsbers) i.e., at higher flow rates
and larger aneurysm sizes. The flow is computed by solvinfltwer-Stokes equations for
incompressible flow. Geometric complexity of aneurysmshia ¢erebrovascular system is
captured by defining the fluid and solid domains using a sledainary ‘masking function’,
which is a key element in the immersed boundary method. Ttsaple variation of the flow
rate is represented in terms of measured cross-sectianahaged velocities in the vicinity
of the aneurysm, obtained by noninvasive Transcranial Bogpnography. Transition of the
flow is found to arise in qualitatively the same way at all lii@mas near the aneurysm bulge
quite independent of the solution component that is moaitof he numerical reliability of
the predicted transition is quantified on the basis of pcattipper and lower bounding so-
lutions, expressing the sensitivity of the flow to uncettiemin the aneurysm geometry. We
compute the spectrum of the response of the flow at varioasitats and flow conditions and
guantify the transition in streamwise velocity. The sigmfit increase of small-scale, high-
frequency structures at higher Reynolds numbers may hatemfia for clinical screening
application in the future.

4.1 Introduction

Prediction of blood flow inside cerebral aneurysms is a fiélthi@nsive research, aimed at
supporting medical decisions about possible treatmeategfies [48, 103]. The cerebrovas-
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cular system has a complex geometrical structure, whicles&rom one person to another.
Also the properties of the blood flow, such as flow rate, vikg@nd the actual profile of the
heart beat are patient-specific characteristics. Theserdaglical imaging techniques such as
3D rotational angiography (3DRA) can be used for diagngsiiposes, to visualize the vas-
cular structure of the human brain. Likewise, the actuasgtile volumetric flow rate can be
measured in a non-invasive way using a Transcranial Dofp{eb) Sonography technique,
which allows to record the time-dependent cross-sectipa&keraged velocity in a chosen
cerebral artery near the aneurysm. Combining these twaeswf medical data - geome-
try and pulsatile wave - we can develop new computational fflyinamics (CFD) methods
to actually compute the detailed blood flow on a patient-gjgduasis and ultimately try to
understand hemodynamic aspects of slow aneurysm growttewrgdoping risk of rupture.

In this chapter we continue the development of a computatiorodel for the flow of
blood by adding the element of pulsatile forcing. The modebased on a finite volume
discretization of the Navier-Stokes equations, while tkergetry is represented using an
immersed boundary (IB) method. The pulsatile wave is imgase a forcing to the flow
rate in the computational domain. With this new complete ehdds possible to observe and
analyze the detailed flow. By changing the flow condition$imithe physiologically realistic
range, we observe a striking transition from relatively sthoand regular flow that closely
follows the pulsatile forcing profile to highly complex eticatime-dependence that appears
much less connected to the regular forcing. To illustraitettansition we simulate the blood
flow under different Reynolds numbers. This yields dynanghdvior ranging from smooth
flow that closely follows the pulsatile forcing profile at tlmver Reynolds range to very
complex flow at the higher Reynolds range that appears msshciennected to the regular
forcing and displays significantly more contributions frdngh frequencies. These might
be an indication of an increased size of the aneurysm, or migarous flow. The strong
transition that we observed was also reported earlier imioal settings [23, 49], and may
be of medical use in rapid first monitoring of patients. Irstbhapter we will illustrate this
transition process for one particular patient's aneurysongetry. We also considered other
typical cerebral aneurysm geometries for which a similangition was found in the same
Reynolds range.

Numerous studies involving computational modeling of beméaneurysms have been de-
veloped over the past decade [5, 9, 16, 24, 87]. The developpnecess of numerical meth-
ods for simulation of blood flow typically goes through a nwenbf stages: investigation of
model geometries, computation of model flow, inclusion aflistic geometries and simula-
tion of full-scale realistic flow yielding patient-specifiesults. Modeling steps are necessary
to validate the method in order to be able to apply it religblthe realistic setting. For simu-
lating pulsatile flow one may start with validation based engdic sinusoidal forcing of the
flow rate or other simplified forcing profiles [36, 92, 98]. @nihe temporal accuracy is as-
sessed one may continue by imposing recorded volumetricfites per heart beat as inflow
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to the system [3, 56, 91]. The development of the IB method ursthis chapter for capturing
flow in cerebral aneurysms also went through these stage§($9/Ve validated our method
for Poiseuille type of flow and applied it to model geometiie€£hapter 2. Subsequently,
we arrived at a patient-specific aneurysm geometry for whielhdy flow was investigated
in Chapter 3. In this chapter we complete the developmentfisétasequence of modeling
steps by incorporating realistic pulsatile flow in reatisterebral aneurysm geometries. We
investigate the dynamic response of the flow in the aneurysighborhood and aneurysm
bulge, for a range of physiologically relevant conditions.

We simulate pulsatile flow for different flow regimes, whiale apecified by the Reynolds
number. It is well known that for small Reynolds number, fl@ttaminar and smooth, and
with the increase of the Reynolds number flow may undergattian to become unsteady
with several smaller scale vortices. Further increase éRbynolds number often leads to
turbulent flow [27]. A typical Reynolds number based on théiua of a cerebral vessel in
the Circle of Willis is around 250. Due to uncertainty in \ars parameters a physiologically
relevant rangé&ke= 100— 400 can be defended [23, 24, 82]. Under steady boundary con-
ditions, this range corresponds to smooth laminar flow. Heryeunder unsteady boundary
conditions, at the higher end of the Reynolds range rapitians of the solution in time,
sometimes wrongly referred to as ‘turbulent’ effects [4] ®8re observed. In such flow con-
ditions, diseased vessels support flows with rapid fluaunatiwhich could be detected via
non-invasive techniques. These so-called brain ‘bruas’ lbe recorded and the spectrum of
frequencies can give some characterization of the shapsizamdf the aneurysm, as well as
of the dominant flow regime [45, 49].

Simulating flow on the basis of an IB method allows to go frondinal imagery to quan-
titative flow predictions. We compute pulsatile flow insidedanear a cerebral aneurysm
and show that already at physiologically relevant flow ctinds complex dynamics occurs.
Quantitatively the level of shear stresses that is founderigally corresponds to values
known from medical practice, thereby providing additiomalidation for the computations.
With changing flow condition through increasing Reynoldsibber we observe transition in
all sorts of quantities such as velocity components, nurakpressure and shear stresses at
various locations inside the vessels and aneurysm bulgde\&halyzing the spectrum of
the resulting numerical solution, the complex and morenisgedynamics of higher Reynolds
flows can be clearly observed.

The organization of this chapter is as follows. In Sectichwle present the computational
model for pulsatile blood flow simulations inside cerebrassels. We first introduce the
numerical method and aneurysm geometry, obtained fromaakdata. Then, we describe
the pulsatile wave, measured in an artery of the Circle ofi$\Vénd discuss the range of
realistic parameters for cerebral blood flow. Subsequgnéyllustrate the solution computed
in the selected geometry under reference pulsatile flowitiond atRe= 250. In Section 4.3
we present results computed at different flow regimes aunsdititite the transition arising in
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all quantities and at various locations inside the vessdltha aneurysm. We discuss the
robustness of the transition phenomenon subject to uricgesin the geometry definition
by computing upper and lower bounding solutions. Finalky,perform a Fourier analysis of
the pulsatile flow computed in different flow regimes. Comnlohg remarks are in Section 4.4.

4.2 Computational model of cerebral pulsatile blood flow

In this section we present the computational model for satimng) blood flow inside cere-
bral vessels and aneurysms. We first discuss the NavieeS&duations and introduce the
IB method, which allows to capture flow in complex domains. Méestrate this for a re-
alistic aneurysm geometry, reconstructed from medicad datSubsection 4.2.1. Later, in
Subsection 4.2.2, we concentrate on physiological aspéatsrebral blood flow and spec-
ify the pulsatile forcing, extracted from TCD measuremeWe also motivate the choice of
flow parameters that characterize physiological condstamsused in the simulations. In Sub-
section 4.2.3 we present the computed velocities at diftdoeations along the aneurysm
geometry and also analyze flow at different stages of pladadiart beat.

4.2.1 Immersed Boundary method and aneurysm geometry

Modeling of blood flow in a human body can be performed in défe ways depending
on the particular flow regime that is relevant to the medicabfem. A broad overview of
models of the cardiovascular system is presented in [7@o@Fow can be considered on
the macroscopic scale - the level of fluid patterns, as weliramuch smaller microscopic
scales - blood cells and their bio-chemical transport gees. A first decision that is required
when developing a model is whether or not to approximatedkma Newtonian or a non-
Newtonian fluid [6, 14, 24, 28, 38]. For cerebral flows takintpiaccount physiological flow
conditions and sizes of arteries the non-Newtonian cdmestvere found to be quite small
[15, 28, 38, 71]. Flow patterns were found to be qualitayiteke same, while local values of
velocities and pressures were found to differ by less th&a.20

In our numerical model blood is treated as an incompresslbigtonian fluid, for which
the Navier-Stokes equations in 3D provide the conservaifomass and momentum. The
total physical domai®, consists of a fluid pa®; that corresponds to the vessels containing
the blood, and a solid pafs that contains the soft tissue material. The no-slip coodiis
applied at the interface between fluid and solid part€2inin non-dimensional form the
governing equations are given by:
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du

1
Ou=—-0P+ —[Pu+f 4.1
dt+u u +Re u+ (4.1)

O-u=0 (4.2)

whereu is the velocity of the fluidP is the pressureReis the Reynolds numbeRe=
U:L,/vr, based on the reference velocly, reference length scale and reference kine-
matic viscosityv; . Finally,f is a forcing term that is used to represent the impenettaloili
complex shaped solid vessel walls. For the forcing term viecsa direct volume penaliza-
tion in which 1

f= _EHU (4.3)
wheree <« 1 is a forcing parameter. The forcing is defined in terms ofrtfasking function
H, given byH (x) =0 if x € Qf andH (x) = 1 if X € Qs. In this form the forcing ternfiallows
to approximate the no-slip condition at the complex integfaoundaries.

We solve the Navier-Stokes equations by employing symnategerving finite volume
discretization, closely following [100]. Details aboutthumerical schemes and time step-
ping which we use, are in Chapter 2. Complex aneurysm ge@seire represented by the
masking functiorH, which is a key element of our IB method as it defines fluid arldi so
parts of the computational domain. In fact, for those regjovhereH = 0 the Navier-Stokes
system is solved. In the regions whéte-= 1 the forcing term provides control over the veloc-
ity in the tissue basically representing no-flow in the tesstve adopt periodic conditions for
the total computational domai@, which implies proper connection of the ‘corresponding’
fluid parts of the domain effectively linking the outflow tcetinflow of the geometry through
the introduction of a smooth segment of vessel that takesafahe flow feedback, much in
the same vein as the fringe region introduced in [85]. At @tagn the outer boundary &f
whereH = 1, the velocity is near zero throughout - in that case adgperiodic conditions
has no actual consequences. At locations wlkere O on the outer boundary a2, care
must be taken to connect properly to a ‘corresponding’ flaid pf the domain, thereby com-
pleting the periodic flow model - an analysis of sensitivifyflow predictions on geometry
reconstruction and domain definition was provided in Chapte

In practice generating the masking function is a relativast and simple process, that
requires a few steps to be performed. We start with the meniizeges obtained from the
3DRA procedure recording the local vessel structure anghdissible brain aneurysm. This
medical data-set consists of a very large number of par2ldetlices, separated only a few
micro-meters apart. The gray scale information contaimethése 2D slices needs to be
segmented in order to define the shape of the vessels. Byiolganthreshold value the set
of images can be converted into binary values from which ihg&ometry of the vessels and
aneurysms can be reconstructed. This process was destribdepter 3 for the aneurysm
reconstructed from 3DRA data.

To satisfy periodic conditions, additional operations evperformed on the segmented
geometry. These involve isolating the relevant vessel segivy digitally cutting away parts
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of the vessel and then connecting the ends of the vessel witimerical ‘connector’ which
restores periodicity of the computational flow model. Wedutseo types of connectors: linear
and cubic spline connectors to connect ends of the cut védseleffects of these additional
steps in the geometry reconstruction on the flow inside tloengéry were discussed in Chap-
ter 3. It was observed that the relevant flow in the vicinityted aneurysm bulge can be ac-
curately simulated in the periodic flow model - the influent&otting’ and ‘re-connecting’
was found to be small, provided a sufficiently large part @& ¢iginal domain is retained
near the bulge. We observed under normal physiologicalitiond that possible artificial ef-
fects of cutting and reconnecting vessels remain limitesllength of about one radius of the
vessel. The smoothness of the connector was found to hasfesence on the flow in and
near the bulge. Since the medical imagery does not alloniggefinition of vessel shapes
due to the limited spatial resolution of the imagery and fidssnovements during recording
of the data, we included bounding geometries, which arecbaredefining systematically
‘nearby’ masking functions. The main characteristics & fiiedicted flow appeared to be
also bounded by flow properties in the bounding geometrib&gwwas presented for steady
flow simulations in Chapter 3.

In this chapter we work with a geometry, reconstructed frddiR3 data as shown in
Figure 4.1(a). The part of the original geometry that isiregd in the computational model
is plotted in red, while the smooth connector based on cytlines interpolation is shown
in black. The initial medical data of the 3DRA scan consist2®6° voxels, with voxel
width 0.1213mm This leads to a total physical length of the domain df(®28cm For
numerical simulations it is convenient to work in the nomdnsional setting, for which all
values for length, velocity, time etc. are scaled by refeeeparameters. The system after
scaling remains a pure analogy of the physical system, amglations back and forward
are always possible. In case of vessels and aneurysms,dius &f the vessel is a suitable
reference length [24, 82]. We extraRt= 1.94 mmfrom the 3DRA data, which brings us to
a domain of length 30528/1.94~ 16 in the non-dimensional formulation. Moreover, for
the particular geometry we noticed that after segmentatimhadditional steps of cutting and
connecting, the vessels filled only half of the volume inytiérection. This allows to remove
the 3D tissue-cells in half of the domain as there is no flovhis part of the computational
model. Thus, we arrive at a computational domain of leiigth Ly x L, = 16 x 8 x 16 and
use grid resolution up toy x ny x N, = 256x 128x 256 to represent the geometry.

For simulations of steady flow in Chapter 3 we considered edsrsened grids of reso-
lutions 128x 64 x 128, 64x 32 x 64 and 32« 16 x 32. We analyzed the convergence of the
solution and could conclude that starting from a resolutb64 x 32 x 64 reliable results
could be obtained. Under these resolution conditions asesestion through a vessel is typi-
cally covered by about 15-20 grid cells in each coordinateation. For Poiseuille flow it was
found that under these resolution conditionslthanorm of the error in the velocity is maxi-
mally about 10 % - this level of accuracy is considered reabtenfor our purposes - higher
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Fig. 4.1 3D masking function for aneurysm geometry (a) and typicaleshlines with indication of the mon-
itoring points of interest (b). The cut part of the geomespiotted in red, while the connecting vessel is
shown in black. Grid resolution is 256128 x 256. Streamlines in (b) illustrate simulations of steadw fid
Re= 250.

accuracy requires a larger computational effort. Duringrsening of the grid, bounding ge-
ometries can be systematically generated. These can béousktain the range of variability
of the solution due to uncertainty in the precise flow domtiareby further quantifying the
quality of the predicted flow. In this chapter we will simwdgiulsatile flow at a grid resolu-
tion 64x 32 x 64. Typical velocity streamlines following the main vesaetl coming into the
aneurysm bulge are shown in Figure 4.1(b). We also displagreatically the approximate
locations of several points of interest at which we will a1zalthe flow in more detail and in-
vestigate the transition. These points were chosen quiteromly throughout the aneurysm
geometry to analyze the flow dynamics in the vessel befoter ahd inside the aneurysm
bulge.
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4.2.2 Flow conditions and pulsatile forcing

To complete the computational model we need to define flowitiond which are realistic
for blood flow in cerebral vessels and aneurysms and spédwfyptiisatile cycle in the flow-
rate which is used to force the flow. The only parameter wtsatesponsible for specifying
the flow regime in (4.1) is the Reynolds numii®e= UL, /v;, whereU,, L, andv, are
reference velocity, length and viscosity correspondinglye range of Reynolds numbers
characteristic of blood flow in the Circle of Willis, corresmpds to laminar flow. To quantify
this, we estimate the Reynolds number for physiologicalgvant conditions next.

The reference length is chosen based on the average radius of the cerebral vieskel i
scanned part of the Circle of Willis. For the given geometyy=1.94 mm which is con-
sistent with [39] who found a value of 2+ 0.4 mm The reference kinematic viscosity of
the blood can be found as the ratio between the dynamic vigaafshuman blood and the
mass density. These quantities differ from person to peBprthoosing typical values for
the mass densitg, = 1060kg/m?® and the dynamic viscosity; = 3.2- 10~ Pa swe arrive
at a kinematic viscosity; = 3.01- 107® n?/s. To complete the estimate of the Reynolds
number, the reference velocity is taken as the ratio betweeaverage volumetric flow-rate
of the blood going through the vessel and an approximaticth®farea of a cross-section
through the vessel. The flow-rate for blood can be measureddans of 3D MR angiograms
[34, 67] in which value®) = 245+ 65 ml/min were found showing an uncertainty of about
25%. Based on the reference lenggthand an assumed circular cross section as approxima-
tion, the range for the reference velocityls= 0.345+ 0.09 m/s. These values are in very
close agreement with the range38+ 0.087m/s as obtained by [78] on the basis of TCD
measurements. Combining these reference scales we cotyipig@ Reynolds numbers to
be in the range of 175 Re< 300. As key reference Reynolds number we adopt 250,
which in terms of chosen reference length and kinematicoitglcorresponds to a velocity
scaleU; = 0.388m/s. Later we will vary the Reynolds number to investigate thaertitative
and qualitative sensitivity of the flow to this parameter. &\ compute the flow &e= 200
andRe= 300 as these reflect the differences in the blood viscosigysizes of the vessels
and/or the velocity scales, which were found in literatimecase of diseased conditions we
can expect an even wider range of Reynolds numbers, theref®also compute the flow at
Re= 100 andRe= 400. The same range of Reynolds numbers was suggested i87R4,
based on slightly different choices for diameters and bloagerties.

In order to compute pulsatile flow we need to impose a puésatitle for the volumetric
flow rate as an input for our numerical simulations. With tise of phase-contrast (MR) an-
giography [34, 67] or TCD sonography [78] the time-depenaenss-sectionally averaged
velocity of the blood flow in cerebral arteries can be measurethe current study the ve-
locity was recorded in the middle cerebral artery by [22hgsTCD. In Figure 4.2(a) we
plotted a segment of 10 seconds of the pulsating velocitg.rban velocity value, obtained
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Fig. 4.2 Pulsatile velocity measured in the human brain using TCgaphy. Ten seconds velocity signal
as measured in the MCA is presented in (a). The unit pulse lfihwas chosen from the original signal for
computations contains also 4 points of interest during éndiac cyclet; = 0.112s,t; = 0.324s,t3 = 0.416s
andt, = 0.756 s corresponding to peak systole, end systole, peak diastdlerad diastole respectively.

by integrating this signal, is found to be .88 cm/s, which is very close to the reference scale
selected above.

The computed pulsatile flow is maintained by using the abtuakorded velocity sig-
nal as forcing. We choose a typical pulse (Figure 4.2(b)) sepmkat it periodically. We
illustrate 4 points of interest during the cardiac cyclealpsystole, end systole, peak di-
astole, end diastole) at which flow patterns will be analyrethe next Subsection. For
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our computations, we convert the recorded velocity pulse antime-dependent volumet-
ric flow rate. The selected pulse has a maximal velodityx ~ 67.94 cm/s, which corre-
sponds to a peak flow rate Qnax~ 8.033- 10 m?/s, using the selected radil®&= L, =
1.94 mmand assuming a perfectly circular cross section. If we thkeréference velocity
U; = 0.388 m/s corresponding to a Reynolds numbRe= 250, we find similarly as ref-
erence flow rat&, ~ 4.59- 10~% m®/s. For convenience, we split the forcing signal in the
non-dimensional formulation into a normalized flow ratet@at Qp which varies between
0 and 1, and an amplitud@max/Qr such that the forcing used in the simulations becomes
Q(t) = (Qmax/Qr)Qo(t) ~ 1.75Qq(t). The physical duration of one pulsetis- 0.82s. The
reference time-scale can be computed: as R/U; = 0.005s. Thus atRe= 250 one pulse
requires 164 non-dimensional time units.

The procedure to define the pulsatile flow rate can be extetmledso address other
Reynolds numbers. We take as reference Reynolds nuRtsand fix the reference length-
scale toL; (since we consider the same geometry) and the kinematiositgcdo v, (since
we still consider the flow of blood). If we wish to simulate atogher Reynolds numbété
this implies that the reference velocity scale is changedrating toU; = (R€/ReU;. Cor-
respondingly, the time-scale changes itjte- (Re/R€)t, and hence, the ‘new’ number of
dimensionless time-steps to take in order to complete odle of 0.82 s of the pulsatile flow
decreases with decreasing Reynolds number. Another coeseg of changing the Reynolds
number at constant length-scale and kinematic viscosithdsQ; = (R€/Re)Q;, as well
as Qiax = (R€/ReQmax Hence, the dimensionless forcing does not alter with cimang
Reynolds number and remainsQ@t) ~ 1.75Qp(t). The factor 1.75 denotes the ‘contrast’ in
the pulsatile flow rate, i.e., the ratio between the maximal the average velocity during a
cycle - this quantity varies from one person to another amhelightly per heartbeat. The
change irRecorresponds to a changelilp, which affects the scale for the shear stress which
is pr (Ur)z. The final result will be presented in dimensional form andude a wall shear
stress irPaand time measured i) which allows a direct comparison with literature.

4.2.3 Reference pulsatile flow

For the reference case we perform pulsatile simulatior®eat 250 and first illustrate ve-
locity traces per cardiac cycle. In 16 points, illustratedrigure 4.1(b) we compute the ve-
locity during one pulse and plot the results in Figure 4.3. &serve complex patterns of
the streamwise velocity at all locations. In some pointsfiitive follows the pulsatile forcing
profile, as we would expect for laminar flow in roughly cylirgil vessels, e.g., points 1, 2,
12,13, 15, 16. We also observe negative velocities, e.gqiimts 4, 5, 8, which are related to
the recirculation of the flow.
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Fig. 4.3 Values of thex-wise velocity component during a heart beaRat= 250 in 16 chosen locations along
the aneurysm geometry. The number on top of every sub-figaresponds to the label of the point, whose
location is shown in Figure 4.1(b).

We next consider the pulsatile influence on the blood flow aratteristic stages during
a cardiac cycle. Schematic representation of 4 points efést is shown in Figure 4.2(b).
The pulse duration is.82 s and we considet; = 0.112s, t;, = 0.324 s, t3 = 0.416 s and
t4 = 0.756 s corresponding to peak systole, end systole, peak diastoleead diastole re-
spectively. These times during one cardiac cycle were alstyaed in [3, 15, 56], as they
illustrate the typical behavior at peaks and minima duriveyg stage.

In Figure 4.4 we present 2D velocity contour plots at 4 ddfercross sections along the
aneurysm geometry and at 4 different cardiac stages. Tvgs @rctions (first and last rows)
were chosen in the vessel parts close to the ends of the extldomain ax = Ly/8 and
x = 7Lx/8. Two other cross sections (second and third rows) are telkerr to the aneurysm
bulge, atx = 0.4Lx andx = 0.5L4. The latter cross section was also analyzed for steady
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flow in Chapter 3. The first column corresponds to the pealokystage, which displays

a rather intense density of contour lines, indicating théewrange of values involved. The
second column as well as the fourth column correspond torids ef systole and diastole
and display relatively more quiet flow patterns, while thiedltolumn is related to the peak
diastole stage, which is less vigorous than peak systoleasfsom the reduced number of
contour lines compared to the first column. We plotted negatelocities as dashed lines,
which are clearly presentin the second and third rows, ayspdj the circulation of the blood

flow near the aneurysm bulge. In the vessels far away from tleeirggsm bulge (first and

fourth rows) the flow behaves much as Poiseuille flow and nege¢locities are not present.
Similar results were obtained in [15] where the effect of flate during the cardiac cycle in
different aneurysm geometries was investigated.

4.3 Transitional pulsatile flow

In this Section we first show the occurrence of transitiorilsatile flow in case the Reynolds
number increases from the normal range arodee- 250 to the pathological range as high
asRe= 400 (Subsection 4.3.1). Then we establish the robustnessophenomenon by
showing that it can be observed in a variety of flow properied that it arises at basically
all locations in the domain (Subsection 4.3.2). This maé&sao have a closer look at the
transition by considering the full dynamic spectrum of gtee and velocity response (Sub-
section 4.3.3).

4.3.1 Shear stress response in normal and pathological flow

Experimental observations of ‘turbulence’ inside ceréar@urysms were presented in [23],
confirmed by clinical study where high frequency ‘bruits’n@eneasured by a phonocatheter.
Later, in [45] and [49] alternative clinical studies weregented, where in a non-invasive way
intracranial blood flow sounds were recorded and analyzeslas shown that certain high
frequency sounds are present in patients with cerebrolasdiseases and not in healthy
people. This suggests that if a cerebral aneurysm is prespealitative changes in the flow
may occur which lead to high-frequency bruits.

Is it possible to hear an aneurysm? Can one hear one’s owrryan&® Can critical
aneurysms be detected by analyzing sound? Motivated by fi@ienental observations and
these questions, we decided to perform a set of simulatiodsferent Reynolds numbers.
We consider the reference flowRe= 250 to correspond to healthy cerebral blood flow cir-
culation. Next to this we also perform simulations at patigadal flow conditions: at lower
Reynolds numbemRe= 100,200 and at higher Reynolds numb&s= 300 400. The range
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Fig. 4.4 Velocity patterns at different stages during the cardiatsgun four cross-sections along the
aneurysm geometry. The columns correspond to the stagbe coftdiac cycle, related to peak systole, end
systole, peak diastole and end diastole respectively. Gle correspond to the different cross sections along
the aneurysm geometry. In the first and fourth rows we plotctioss sections at= Ly/8 andx = 7L/8.
The second and third rows correspond to the flow nearer thargsma bulge ak = 0.4Ly andx = 0.5Ly.
Simulations are aRe= 250.
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Re= 100— 400 was motivated in Subsection 4.2.2 as a physiologicehyistic regime for
cerebral blood flow.

In Figure 4.5(a) we present the dynamic response of the marishear stress for 10
pulse cycles. We observe different levels of magnitudeftdreint flow regimes as well as the
differences in the dynamical pattern of the computed restiti appreciate these differences
in more detail we show in Figure 4.5(b) only one pulse cyckniely corresponding to the
third heart beat in these simulations). The mean value gedraver 10 pulses &e= 250
is found to be around.4 Pawith peak values near.@ Pa. At higher (possibly pathological)
Reynolds numbeRe= 400 we observe a change in mean value up.®F2& and a con-
siderable increase in peak values t@ Ba averaged over 10 pulses. These values show the
same general magnitude as reported in [29, 70]. Transltdymamics is clearly observed in
Figure 4.5(b). Slow viscous flows &e= 100 andRe= 200 smoothly follow the pulsatile
forcing profile. AtRe= 250 more dynamics appears to happen especially during ttelsy
decay phase. The most interesting flows are@t 300 andRe= 400, where the nonlinear
consequences of Navier-Stokes dynamics are firmly preaeut.the level of maximal mag-
nitude increases a lot and becomes slightly unsteady frarpaise to another &e= 400
as can be seen from Figure 4.5(a). This transition was alsereed in simulations of other
realistic aneurysms and even for the simplified model arsnsyconsisting of a curved ves-
sel to which a spherical cavity was added [60]. Note, thasetsriking phenomena are not
due to the size of the time-step or spatial inaccuraciesaasverified by performing a set of
test simulations in which we reduced the time-step by a faafttwo compared to the typical
value of 6t = 10~ as used in the reference case, and increased the resolytifabtor of
two to record the flow during part of a cycle.

In order to establish reliability of the transition we alszorded the response in nearby
inner and outer bounding geometries, which was found to gigetical bounding solutions
[61]. For pulsatile simulations we consider only nearbyén’ and ‘outer’ geometries which
have a slightly smaller and slightly larger volume of flow daim These bounding geometries
allow a narrow band of solutions, characterizing the safitgitof the simulation results. In
Figure 4.6 we show the maximum shear stress during one cythee® Reynolds numbers
- in each case we collect the basic solution together witlwits bounding solutions. The
variability bands are plotted as grey shading allowing tprepiate better the dynamics of
the bounding solutions. Thus, Be= 100 andRe= 250 bounding solutions closely follow
the basic solution, representing relatively narrow seiitsitbands with a general variability
range of 10-15 %. ARe= 400 the transition is present also in bounding solutiorag]ileg to
the wider variability band, with more increased peak vafoeshe inner geometry. Now that
we have transition established, we will consider the ratess of this phenomenon regarding
flow-quantity and physical location at which transition isasured.
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Fig. 4.5 Maximal shear stress for realistic pulsatile flow in the agson geometry. The referenceRe= 250

is shown (bold, solid). Lower value are shownRes= 200 (dot),Re= 100 (dash-dot), while higher values are
displayed afke= 300 (dash) andRe= 400 (thin, solid). The average stress levels decrease witredsing
Reynolds number.

4.3.2 Robustness of pulsatile transition

In this subsection we will establish the robustness of taesition phenomena observed in
the previous subsection. In particular, we will show tha fthenomenon is equally present
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Fig. 4.6 Maximum shear stress at different Reynolds numbers, tegeitih the variability bands computed
in bounding geometries. Smooth dynamicRket= 100 (dash-dot) an&e= 250 (dash) next to the striking
unsteadiness &e= 400 (solid). Transition is shown to be robust to small défezes in geometries.

in a variety of flow properties such as the three velocity congnts and the pressure. This
shows transition to be independent of the quantity that ingoeonitored. Subsequently,

we will turn attention to the pressure response and showthieagualitative features of the

transition appear similarly at different measuring pointshe flow domain. This shows an

independence of location.

In Figure 4.7 we show the velocity componeniy andw and the pressure at point 11
(see Figure 4.1(b)) during one pulse at three Reynolds nisnidée observe clear transition
in all presented quantities. Not only levels for, w andP are increasing witiRebut also the
dynamic pattern of the response during one cardiac cycleisging considerably. This illus-
trates that transition arises equally well in any of the flavautities. Note that in Figure 4.7(d)
we present the ‘numerical pressuReas obtained in the current flow solver. This numerical
pressure is not the same as the physical value for the peesiiure no zero-pressure level
was fixed in the Poisson solver of the incompressible model.
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Fig. 4.7 Velocity componentsi,v,w andP at point 11 in the vessel opposite the aneurysm bulge. Transi
at different Reynolds numbers is present for all these dfiesit Simulations are aRe= 100 (dash-dot),
Re= 250 (dash) an&Re= 400 (solid).

4.3.3 Frequencies of the pulsatile solution

There are a few ways to measure the flow inside cerebral weassdlaneurysms: invasively,
measuring pressure directly by inserting a pressure samsarcatheter and non-invasively
as, e.g., using TCD to obtain time-dependent mean velaniy traces in the arteries nearby
the scalp. Sounds inside cerebral vessels can also be radasuroth ways: with a phono-
catheter [23] and with a sonic detector [45] or a transdu48} \vhich are applied close to
the head or even attached to the scalp. Afterwards the sigeebrded by any of the above
listed techniques can be analyzed by considering theitispec

We translate the numerical signals computed in the 16 manggoints during several
cycles into the corresponding spectra. As was shown befi@esition occurs quite inde-
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pendently of flow-quantity. Here, we concentrate on uheslocity and present the spectra
in four characteristic points along the aneurysm geomeligsen from the 16 recorded sig-
nals. In particular, we choose one point at the beginnindhefaneurysm geometry (point
1), where flow is close to a Poiseuille type flow. We also inelpdint 11, located opposite
the aneurysm bulge. Two more points are 7 and 10, which aigeiriie aneurysm bulge

at different distances from the main vessel (see Figuréd)).1%imilar choices for points of

interest near and inside the aneurysm are shown in [3, 28}isiway we not only obtain the

spectra ol but also establish that transition arises at all locatiorthé flow domain.

In Figure 4.8 we show the Fourier transform of the time-tratéhe u-velocity compo-
nent in point 11. We computed the spectrum over five full hieeat cycles at three Reynolds
numbers and plot the results in Figure 4.8(a). On the védixia we plot the square of the
magnitude of the Fourier coefficients. The frequenciesepeasented iflz on the horizon-
tal axis. The main component due to the cardiac cycle&2 8is clearly observed by the
peak at 122 Hz. Pronounced peaks arise at all harmonics of the basic heatt $eparated
by very low values for the sub-harmonics. The low sub-harigealues illustrate the degree
of periodicity of the velocity trace at the different Reydsinumbers. In order to express the
dominant contributions to the spectrum more clearly we eoirate on the harmonics of the
heart beat only. This is shown in Figure 4.8(b) represerttiegenvelope’ of the spectrum.
Markers are used to indicate the discrete frequenciessifiamin the flow due to increasing
Reynolds number is clearly observed by the much higher sdtreall frequencies. In partic-
ular, we notice an even stronger relative increase of theitapce of the higher frequencies,
also in the audible range. In the sequel we will represesipattra in terms of the harmonics
only.
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Fig. 4.8 Fourier transform of the streamwise velocity in point 11haee different Reynolds numbelRe=
100 (dash-dot)Re= 250 (dash) an®Re= 400 (solid). In (a) all computed frequencies are shown, jro(ity
the harmonics of the heart beat a22Hz are shown by markers.
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In Figure 4.9 the Fourier transform of thevelocity component is shown in the four
selected locations. The spectra clearly display tramsitiih increasing Reynolds number,
independent of the physical location in the flow domain. Aladations the tails of the spectra
are well separated with increasiRg showing the increased presence of components of high
frequencies. At lower frequencies the spectra also inereédth increasindRereflecting the
increase in the flow velocity in this case.
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Fig. 4.9 Fourier transform of the streamwise velocity at three déffé Reynolds numbers in 4 points in the
vessel: at the beginning of the flow domain (point 1), closthébaneurysm bulge (points 11) and inside the
aneurysm bulge (points 10, 7). Simulations arRet 100 (dash-dot)Re= 250 (dash) an&ke= 400 (solid).
Only the harmonics of the heart beat @22Hz are shown.
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4.4 Concluding remarks

In this chapter we presented a complete computational nfod#ie simulation of pulsatile
blood flow in cerebral aneurysms. Based on the volume pengliB method, the current
model allows to compute flow and forces that emerge in anewsysder pulsatile flow con-
ditions. We analyzed several solutions at different flovimegs and observed strong transition
to complex time-dependence at higher Reynolds numberhwhay be of interest for med-
ical monitoring. We emphasized this point in terms of préisgrtime-traces of the solution
as well as the corresponding spectra.

The aneurysm geometry considered in this study was recmtstt from 3DRA medical
data. The IB method allows a quite direct transformatiorhefdgray scale voxels contained
in the images into fluid and solid 3D cells in the computatl@wenain. Flow conditions cor-
responding to physiologically relevant cerebral flows westmated, based on data obtained
from literature. Numerous clinical studies show variapitf the measured sizes of cerebral
arteries, ranges for blood flow velocity and viscosity. Camiriy the variability ranges of
these components we arrived at the approximate range of toditions, that would apply
for cerebral flow in the Circle of Willis. As a typical referem cerebral flow we considered
Re= 250. When taking into account all the uncertainties we ole@iflows in a range of
100< Re< 400. At these different flow conditions we performed pulsdtow simulations.
The main purpose of this study was not just to compute the fldv given parameters, but
to assess how the variability in the parameters translatesiconfidence interval around the
basic final solution.

The imposed pulsatile profile was obtained from TCD measardgsnof the velocity of
the blood flow in the middle cerebral artery in the brain. Wesgha typical pulse, normal-
ized it and translated this into the volumetric flow rate asisig a circular cross-section of
the vessel. We repeated this signal periodically as flowirigrevhich leads to a model for
the time-dependent pulsatile flow. We performed pulsatiteutations at different Reynolds
numbers and analyzed the main solution and its componenfsarticular, we considered
velocity, pressure and maximum shear stress.

Increasing or decreasing the Reynolds number has a marfexd eh the dynamic re-
sponse. At the lower Reynolds numbers the response of thé@ois seen to be smooth,
following the imposed pulsatile profile. At the higher Reld®onumbers the natural Navier-
Stokes nonlinearity seems to become dominant, which méleesumerical response lively
by the emergence of relatively high frequency componenti@folution. In addition, the
amplitude of the solution components rises consideraldgrty expressing the transition to-
wards complex pulsatile flow in which much higher frequeagjain in dynamic importance.
We investigated in more detail this transition and showed this robust to choice of the
computed quantity and to the location in the aneurysm gegrnite method of bounding
solutions was employed to arrive at a confidence intervalradahe basic solution - this
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was illustrated for the time-dependent maximum shear stfasrthermore, we looked into
the spectra for the streamwise velocity. Much higher leeélsoth - high and low frequen-
cies arise at increased Reynolds number, which may be assdevith an increased risks to
the patient. Recording the spectrum of frequencies and/zingltrends in their levels may
become relevant in medical practice and used as an easyaringiprocedure.






Chapter 5
Conclusions and Outlook

Overview of medical problem and role of CFD.These days several techniques are available
to visualize the cerebrovascular system from which one raagrrstruct the 3D geometries
of a wide range of vessels. Starting from this capabilityhis thesis we formulated a precise
mathematical model with which the flow of blood inside thesats can be predicted, thereby
enhancing the relevance of the medical imagery on a patjgedific basis. To simulate flow
in actual vessels, we developed and applied a numericalad&tith which the recorded 3D
geometries can be handled in terms of an Immersed Bound&yyr(éthod. The governing
equations for fluid flow were solved for the particular metandition in which aneurysms
form on vessels in the Circle of Willis - the main blood supptysystem of the human brain.
In this chapter we summarize the main findings of this thesissketch a number of further
developments that are desired before the flow simulationoggh can be integrated in med-
ical practice.

Computational modeling becomes more and more importartiénptocess of medical
decision making, e.g., dealing with the dilemma whetherairta embark upon a risky but
potentially life-saving surgery of a recorded aneurysrowFand forces associated with the
flow of blood through the vessels and the aneurysm can besasbesth steadily growing
reliability using Computational Fluid Dynamics (CFD). Thiimate problem is that of as-
sessing the risk of rupture of the cerebral aneurysm duete deégradation of the tissue in
the vessel wall, and to weigh this risk against that of actuajery. Based on the size, shape
and location of the detected aneurysm, neuroradiologistently need to advice on the best
way of treatment. In practice there are two procedures & &g aneurysm: direct clipping
of the aneurysm near its neck, which requires to create a¢odhe deeper structures in the
brain, or applying a coiling procedure during which the ayem cavity is being filled with
a thin flexible coil. In both cases the direct goal is to try todk further blood flow to enter
the aneurysm bulge and to preventits rupture. However, frattedures are highly risky and
a further medical interest therefore lies in the ‘third optj i.e., that of postponing surgery

97
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and continuing to monitor the development of the aneurysnortier to take this option
with some confidence, prediction of the expected developofehe aneurysm starting from
the actual state of the patient is the key challenge. Thisires| knowledge of the pulsatile
flow through the local vasculature and the flow-vessel wadiraction that emerges from it
since this is at the root of possible further degradatiomaticghelial cells in the lining of the
wall. Such information can only be accessed by mathematioaleling and flow simulation
as non-intrusive measurements of the flow profile and vesskblrasponse are not possible
on the scale of cerebral aneurysms. This puts computationdkeling of flow in cerebral
aneurysms in its timely context - only because of the contliinaf modern medical imag-
ing techniques and image processing, with high-performméow simulation of the emerging
blood flow, we can now understand the hemodynamics in detail patient-specific basis.

Contribution of this thesis. In order to actually simulate flow in complex vessel domains

a number of steps need to be taken. These were discussedamatgeghapters in this thesis.
To be more precise: the development of the IB method inclydms validation was taken
up, subsequently, an extension was made to complex flow asneatracted from medical
imagery, such as obtained using 3DRA, and finally pulsatie fyariations were imposed
as measured using Transcranial Doppler (TCD) Sonograplpe &able to track the precise
evolution of the flow under transient conditions. Theseahrain steps will be summarized
in some more detail next.

e Immersed Boundary Method. Masking strategiesWe started with the introduction of
a computational model, based on the incompressible N&t@es equations, in which
an additional forcing term determines the complex geomatour IB method. Numer-
ically we solved the Navier-Stokes using a skew-symmetnitefivolume discretization
closely following [100]. A key element of the IB method is the-called masking func-
tion. This is a binary function with which we identified at alogation in the domain
whether it is ‘solid’ or ‘fluid’, allowing to represent objecimmersed in a Cartesian grid.
Based on the property in the center of a cell, or associatédthe corner points, we ar-
rived at a number of slightly different strategies, to definenplex-shaped fluid domains.
The geometry obtained on the basis of fluid/solid propeiti¢se center of the cell was
referred to as ‘basic’, while other geometries were calmihding’. The bounding ge-
ometries were further divided into ‘inner’ and ‘outer’ geetries, depending on whether
the fluid part of the domain is generally smaller or largemntlize basic flow domain.
Each cell was allowed to be either solid or fluid, giving riseatstaircase representation
of the fluid-solid interface in our method.

A detailed validation analysis of the IB method was provittedPoiseuille flow in a tube
with a circular cross section. We found first order conveogesf the numerical solution
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as well as of its gradients. Reliable findings with relativ@ebelow 10 % were obtained
with this IB method, already at fairly coarse meshes withud® grid cells across a ve-
locity profile. We also showed the influence of the maskingfiom strategy on the level
of accuracy of the numerical solution. Next, we applied oe@thod to curved vessels
and a model aneurysm, for which we studied the flow at diffecenditions, character-
ized by the values of the Reynolds numB&= 100 andRe= 250. These values for the
Reynolds numbers were suggested by physiological comditorresponding to flow of
blood in the Circle of Willis. For these model geometries wenputed velocity fields to
understand the behavior of the flow, and shear stresseshalecrelated to the growth
and possible rupture of aneurysms. High shear stress asza®bserved near the rims of
the geometry, e.g., in the region where the aneurysm is abedéo the vessel and inside
the aneurysm bulge, where the flow develops a vortex. Comgpénio cases - flow in a
curved vessel and in a model aneurysm - we noticed that tleeipce of an aneurysm
leads to reduction of shear stress levels, which is comsigtith observations in [84].

e Realistic geometries. ReconstructionNext, we moved on to the application of the
IB method to realistic aneurysm geometries. The segmerttetérebrovascular sys-
tem that contains an aneurysm was reconstructed using atéaiages obtained with
three-dimensional rotational angiography (3DRA). We &exlion the sensitivity of flow
predictions to the various steps of the vascular reconstruprocess from the 3DRA
data. After standard segmentation and simplification meses we considered the main
steps needed to generate the masking function for our siimoga We illustrated the IB
method for a realistic aneurysm and analyzed the role ofuierical resolution of the
geometry, (ii) the actual choice of the vascular segmerttithased in the flow simula-
tions, (iii) the outflow/inflow ‘connector’ used to embed tfeeorded vessel geometry in
the periodic flow domain and (iv) bounding geometries magidy the inherent uncer-
tainty in the medical images. We simulated steady flow foferesce geometry in which
a cubic spline interpolation was used to define a smooth a@ioneessel aRe= 250 and
visualized the complex vortical flow that develops in thewagem and its coupling to
the simpler flow structure in the upstream and downstreamexing vessels.

To quantify the sensitivity of the findings, we included twad#ional simulations: one
in which the connector is a straight segment of pipe and oméhinh a shorter segment
of the original recorded vessel was retained as part of the dlomain. We observed
that the smoothness of the connector affects the flow only &mal amount of a few
percent relative error in the added connector parts. Mop®itantly, the differences re-
mained spatially localized and virtually did not influenbe flow in and near the actual
aneurysm bulge with relative deviations reducing to@between the reference geom-
etry and the geometry with straight connector. Likewise,neéiced that the use of a
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considerably shorter segment of the original vessel gagraedund the aneurysm bulge
hardly affected the prediction of the flow in and near the aygu. Comparison of these
simulations showed that possible artificial aspects of ‘ufiacturing’ a vessel structure
to embed the recorded vessel segment remained localizdmbtd ane vessel radius at
normal physiological conditions.

Practical bounding solutions were shown to yield cleamai®lity bands around the ref-
erence solution obtained with the basic masking stratelgig dlso motivated a fast and
simple method for accelerating computations of a widemakglity band, by including
coarser grids which allows to perform simulations up to abli28 times faster if bound-
ing solutions at four times reduced resolution would be sieffitly accurate for medical
practice. This approach which might be very helpful for sopipg medical decisions.

e Pulsatile flow. Transition. Finally, to complete the computational model we turned to
simulations of pulsatile flow inside cerebral aneurysms.siWawed that the flow under-
goes a transition from an orderly state at low physiologR&nolds numbers, in which
the pulsatile forcing is closely followed in time, to a compresponse with strongly in-
creased high-frequency components at higher Reynolds ergyite., at higher flow rates
and larger aneurysm sizes. The pulsatile variation of tive fétde was modeled in terms
of measured vessel-averaged velocities in the vicinithefneurysm, using noninvasive
TCD sonography. We simulated the pulsatile flow at a rangeowef fegimes: as the ref-
erence physiologically relevant situation we choBse-= 250. In order to capture differ-
ences due to changes in the flow regime, we also computed thatflee= 100 200, 300
and 400. The computed velocity and stress levels were fauedrrespond to realistic
values. For flow aRe= 250 the average shear stress value was found todddh, with
peak value at B8 Pa. With increasing Reynolds number, the flow shows strong-tran
sitions whereby the hydrodynamic response displays additihigh-frequency compo-
nents. The values for averaged shear stress increased i teeand for the maximum
shear stress - up to.&Pa whenRe= 400. The numerical reliability of the predicted
transition was quantified on the basis of practical upperlamgr bounding solutions,
expressing the sensitivity of the flow to uncertainties imtacorded aneurysm geometry.
The transition was found to occur in all sorts of quantitieshsas velocity components
u, v, wand pressure. We also showed that flow undergoes this transition indegethd
of the location at which we monitored the flow response in the flomain embedding
the aneurysm geometry. Analyzing in more detail flow neaatieurysm and inside the
aneurysm bulge, we computed the spectrum of the velociporese. The significant in-
crease of small-scale, high-frequency structures at higygnBlds numbers was clearly
expressed by large changes in the tail of the velocity fluinapectra, linking our sim-
ulations to earlier clinical experiments reported in [ZBe hydrodynamic transition in
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developing aneurysms as predicted by simulations may Heneat non-invasive, inex-
pensive and fast screening application in the future base@oording high-frequency
characteristics of ‘aneurysm bruits’ with acoustic medrss requires additional, tech-
nological investigations.

Outlook. The application of computational support in the monitorargl treatment of
cerebral aneurysms is a field of much research. Accesgibilitime-dependent flow fields
in all relevant detail is a crucial point from which to depttvard developing predictive ca-
pability for the associated slow growth of the aneurysm éulg order to achieve a closer
connection with medical practice several computational@tiaog steps still need to be taken,
such as the development of higher order accurate methods,imflow/outflow configura-
tions, flow-structure interaction in which a full coupling $low degenerative processes of
endothelial cells is made, as well as modeling of mechamogberties of brain tissue to
also address aneurysm compliance during the pulsatile cydlis brief sketch shows both
the promise as well as the various developments that afeneébted in order to make the
pathway from medical imagery to quantitative decision suppncluding analysis of various
scenarios of intervention, more reliable as well as fulljoawated. In more detail, we discuss
possible directions for improvements next.

e Numerical improvements. Although several steps in the development of an IB method
for prediction of blood flow inside cerebral aneurysms weegle) many aspects require
further attention. From the numerical point of view, the hoet can be improved further
to obtain higher order accuracy. The current volume peimglitB method is first order
accurate. Developments in which sub-grid forcing is ineldifi7 9] to impose no-slip con-
ditions at fluid-solid interfaces, at scales smaller thani@cgll, can be used to increase
the formal order of accuracy to two - this appears a relevaension of the IB approach
and should be considered in more detail in the near futul@yimg to cut down on the
computational cost and/or increase the accuracy of flowigtieds.

The reliability of simulations can be assessed not onlyHerdiassical case of Poiseuille
flow in a cylindrical pipe, but also with data from physicaldamedical experiments.
While performing physical experiments, care needs to bertaif the dynamic similar-
ity of the flow in the Circle of Willis and in the experimentaloglel. This leads to a set
of possible values of diameter, viscosity and velocity ineaperimental scale model.
In order to maintain viscous flow, special liquids as glyeeran be involved. Pulsatile
flow experiments were presented in [23], where turbulenionstwere observed inside
the aneurysm and high frequencies bruits were detected |3edaveloped a physical
experiment based on water as medium, for an aneurysm phamitgch was about 10



102

5 Conclusions and Outlook

times the size of a typical aneurysm. However, measurena¢itii® low Reynolds num-
ber required by physiological conditions are very challeaggnd a proper development
in collaboration with an expert fluid dynamics laboratoradvised. Complex structures
at rather high Reynolds number flows were easily observeddriee aneurysm cavity,
by visualizing them with ink as a tracer. Thinking of reatidilood flow circulation, car-
rying oxygen and other important chemical elements thrdhglvessels, the comparably
long residence time of ink inside the aneurysm cavity maylynapmechanism that can
lead to the degradation of the endothelial layer of vessi$wad possible growth of the
aneurysm.

High performance computing is one of the main improvemea&sied, as the speed of
computations at present is not high enough to support mietkcssions ‘on-line’ during
surgery or shortly after the diagnostics. We implementedr®fP parallel processing,
which increased the speed of computations up to a factondr@d on 32 CPU’s. How-
ever, for high grid resolution as for example needed in otdasimulate the flow in the
directly reconstructed geometries using 256xels, pulsatile flow simulations corre-
sponding to one heart beat take approximately 150000 hduosad CPU time. This is
not yet practical. Turning to real high-performance commmutn which a much larger
number of CPU’s can be used effectively, can significantuce the wall-clock time
of a computational analysis of a patient. This requiresuesiring the current imple-
mentation and adopt, e.g., MPI (Message Passing Interfadedsis instead of OpenMP.
Another development involves the introduction of a blotkrstured flow solver so that
large numbers of grid points that now are in regions withawvftan be eliminated from
the computational model. This combination of a block-duted approach and the IB
method with proper parallel performance, holds promisdetdythe speed-up that is re-
quired to make integration in medical practice a reality.

Model improvements.In order to bring our model to the hospital, we also need to im-
prove the model of blood flow. We approximated blood as a Neiatofluid, while real
properties of blood suggest non-Newtonian correctionsoua numerical studies have
been done to compare these two approaches [6, 15, 24, 2&&8&ral similarity in the
behavior of the blood flow and its main characteristics waseoled with differences up
to 10% [24, 28]. For quantitative predictions it may be ral&vto incorporate the non-
Newtonian model of blood flow in the future.

From a mechanical point of view, flow structure interactiB8() is an important element
of realistic modeling. Two types of FSI can be distinguishpdr heart beat and over long
time. Currently, we simulate flow in the vessels with rigidilewand do not incorporate
any FSI properties. The geometry is defined via the maskingtion before starting the
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simulations. Experimental studies, e.g., based on measunts in medical images taken
at different stages during the pulsatile cycle by [69] shdwet in the human brain the
movements of the arteries are rather small compared to &meeder of the cerebral ves-
sels. However, for realistic modeling movable walls shoodédconsidered, which will
in practice mean that the masking function becomes solatpendent and dynamic as
well. Another aspect of FSI is related to the multiscale aspéthe problem, relating
the ‘fast’ pulsatile flow scales to the long-term aneurysivetlgpment. An example of
such modeling of the aneurysm growth is presented in [L02grevdetailed mechanisms
for the interaction of blood flow with endothelial cells arigsties are incorporated in
the computational model. Validation of aneurysm growth eled¢tan be performed by
analyzing follow-up data of patients. In this way for di#éeit patients, and thus, different
aneurysm geometries and flow conditions, the model can ldatatl and optimized.

e Automation. The IB method allows for a direct link between the recordedliced im-
ages and the masking function. Considerable (human) tiniegaould be found from
an automated translation of the 3DRA data into the maskingtfan. For this purpose
the one inflow - one outflow boundary condition approximasbould be changed into
many inflow - many outflow mode. In this way the complexity ofal@ral vessels and
aneurysms can be fully reflected in the computational maattbalditional manual steps,
as cutting, connecting, possibly rotating, adjusting ®s¢bmputational box, will not be
necessary anymore. Thus, complex geometries, e.g., thiev@lele of Willis can be
used for blood flow simulations. This is essential for unterding the global blood cir-
culation next to the localized analysis in the neighborhafogh existing aneurysm.

The method of practical bounding solutions was put forwarduantify sensitivity of
flow predictions due to uncertainties in the precise vessehtgtry. It can become part
of an automated process of generating masking functionsiaalyzing patient-specific
cases. The direct transformation of voxels into the Caategrid cells leads to a staircase
approximation of vessel and aneurysms geometries. Snmgpttithe geometry implies
approximating of the initial medical images, while on thaerthand staircase walls of
the vessels are unrealistic. We proposed to keep the itriiasformation of voxels into
3D grid cells, and next to the basic geometry consider alghty} different geometries,
which bound the basic configuration from inside and outsitie.corresponding numeri-
cal solutions appeared to be also providing a bounding bdmchadentifies the relevant
range of simulation. Automatic generating of bounding getries (also of lower grid
resolutions) next to the basic shape converted from thialimtages, will be beneficial.
A first impression can be obtained very quickly at a lower geisblution, while the pre-
cise solution can also be computed to give further detaith®fflow structures and an
error bar signifying the reliability of the predictions.
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This brief overview of future directions gives an impressid the complexity of the prob-
lem. Actual support of medical decisions in the treatmentarkebral aneurysms is a long
term goal that requires involvement of experts from différéisciplines. However, making
the model too complex should be avoided; a balance shouldelfbetween including re-
alistic properties and their simple approximation. Aftiértae variability of conditions for a
single patientis already considerable in the course of ddaguse of different activity levels.
This puts an interest in predicting a band of likely situatianstead of fully detailed predic-
tions for one particular condition. The improved underdtag of flow and forces inside an
aneurysm bulge that can now be obtained from simulation, atey stimulate research into
the reverse process in which the question could be whethalt shanges in the flow would
exist that can induce a process of gradual stabilizatioh@&heurysm, a form of self-healing
that halts the progress of the disease. Reliability of thmett that can be given to the medi-
cal decision process should remain the most importantifaequiring a detailed study of a
sufficiently large set of patient-specific cases to reacliidence in the approach.
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Summary

The formation of aneurysms in the human brain is an importanébrovascular disorder
which affects a large number of people. In the US, for exan$e of the population is es-
timated to have one or more cerebral aneurysms, which meaniltidh individuals. People
suffering from this condition develop a complex shaped éuwga weak spot of the vessel
wall. Over time the aneurysm bulge may grow, thereby inénggthe risk of rupture which
might lead to life-threatening intracranial hemorrhagegdbostic procedures available these
days allow to visualize cerebral vessels and to detect eegnsmall aneurysms. Decisions
about treatment of a particular cerebral aneurysm are milyreften made on the basis of
location, shape and size of the bulge alone, relying largelgmpirical knowledge and com-
mon practice.

Mathematical modeling and computational fluid dynamicsstgyport the medical decision-
making process. Simulation may add qualitative and quativii insight into the structure
of the flow and the pulsatile forces that develop. These ptiedis are obtained directly
on the basis of the medical imagery that is available on a&patipecific basis. The three-
dimensional geometry of the cerebral vasculature of a iplati@n be reconstructed from the
recorded medical images. This 3D geometry can be used asformimulating the flow. Pa-
rameters characterizing the flow of blood in the human brattude bio-physical properties
such as viscosity, pulsation rhythms, flow rate and diamseiéarteries in the area of inter-
est. Numerical simulations of realistic flow under physgit@l conditions allow to analyze
velocity patterns, pressure distribution and forces wiiidluence the growth and possible
rupture of the aneurysm.

In this thesis a computational model of blood flow in the hurbeain was developed and
applied to the simulation of pulsatile flow through a vessgjnsent containing a cerebral
aneurysm. The simulation strategy was developed in thrée steps: (i) formulation of the
numerical method for incompressible flow and testing on rhgdemetries, (i) inclusion of
realistic flow domains obtained from segmented medical anagnd simulation of the sta-
tionary flow at physiologically realistic conditions and)(incorporation of realistic pulsatile
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variation of the flow-rate through the affected vessel sagnie briefly discuss these three
steps next.

The geometry of a segment of the cerebral vasculature iesepted using an Immersed
Boundary (IB) method. The so-called masking function pkaksy role identifying points in-
side the brain tissue and points inside a vessel. Definingnteking function on a Cartesian
grid yields a relatively fast way of distinguishing fluid asdlid cells in the total computa-
tional domain in 3D. The masking function is used to formellatvolume penalization term
in the Navier-Stokes equations, reminiscent of the Brinkmadel for flow in porous media.
By considering the limit in which the solid porous materiaicbmes impenetrable to flow,
an effective model for the complex vessel geometry in thinbisaobtained. The IB method
was validated for Poiseuille flow in a cylindrical pipe, shog/first order convergence of the
numerical solution to the analytical solution. The metha$wapplied to curved vessels with
and without a spherical aneurysm attached to it. Resultscagasing spatial resolution were
compared. It was observed that reliable predictions witblative error of less than 10% in
the velocity can be arrived at when about 16 or more grid aelier the width of a vessel
cross-section.

Simulating steady flow in realistic geometries requiresrttasking function to be recon-
structed from medical images obtained, e.g., by 3D Rotatidmgiography (3DRA). To
define computational models for specific ‘suspect’ areapedtiic patients, basic operations
such as ‘cutting’ and (smooth) ‘connection’ of segmentslobd vessels were developed. At
a typical Reynolds number &te= 250 we observed complex vortical structures in the flow
inside and near the aneurysm bulge. We focused on the ség%fiflow predictions on the
steps needed to formulate the flow domain. We found that nigcaienanipulations of the
domain, done sufficiently far from the region of interestydna small influence on the com-
puted velocity and pressure distribution near the actualiism. Computational models that
are about 2-3 times the size of the bulge upstream as wellassticeam of the neck of the
aneurysm were found to give robust flow solutions in the negidnterest. To quantify uncer-
tainty in the predictions due to uncertainty in the recoritedgery we introduced so-called
bounding geometries. These are obtained by incorpordigigly perturbed geometries, e.g.,
using different segmentation values or including perttidns due to small movements of the
patient during recording. We systematically generatechding geometries leading to a set
of practical bounding solutions, which can be used to indicautcome-intervals for pres-
sure and shear stresses. This idea can also be used to gemeohiust, rough impression
of the flow properties, together with practical upper- anddobounds, at strongly reduced
computational costs.

To complete the computational model we also included mal®ilsatile forcing. This
was based on variations in the flow rate during a heart beasuned near the aneurysm
using Transcranial Doppler Sonography. We simulate pitdsaw at different conditions by
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changing the Reynolds number, i.e., we change the velotityeablood flow as we assume
the diameter of the artery and the viscosity of the blood tadoestant. We observe a strong
transition in the solution when increasing the Reynolds Ineinin the physiologically realis-
tic range. This transition appears in all sorts of flow qu#gisuch as velocity components,
pressure and shear stress and it is found to arise at anjologathe selected vessel segment.
Not only the values of pressure, velocity and shear streskigher at higher Reynolds num-
bers but also the dynamics of the flow is more lively, contagra larger contribution from
high-frequency variations. To quantify the transition welgzed spectra of the computed so-
lutions at different Reynolds numbers. We observed theofdlie spectrum to clearly decay
less rapidly with frequency, at highBe Higher frequencies are absolutely but also relatively
stronger at increasdrle which could point to the possibility of ‘hearing’ potentia'danger-
ous’ flows in already developed aneurysms. This appearsmigirgg mechanism with which
fast scanning and monitoring of patients may be realizeterfuture.






Samenvatting

De vorming van aneurysmes in de hersenen is een belangrktebeeld dat tal van mensen
treft. In de Verenigde Staten alleen al heeft naar scha®2¥gan de bevolking één of meer
aneurysmes in de hersenen, waarmee zo’n 6 miljoen mensevegérijn. Mensen die aan
deze aandoening lijden ontwikkelen een ‘uitstulping’, stabmet zeer complexe vorm, nabij
een zwakke plek in een vaatwand. Deze uitstulping kan galgidn omvang toenemen,
waarmee het risico van een breuk in de vaatwand toeneemizemea de kans op een lev-
ensbedreigende bloeding in de hersenen. Tegenwoordigkutiagnostische procedures in
detail bloedvaten in de hersenen zichtbaar maken en zelidetteste aneurysmes in kaart
brengen. Besluiten aangaande de behandeling van een thepaalrysme worden vaak nog
genomen louter op basis van de locatie, vorm en omvang vaitstielping, waarbij men zich
veelal baseert op empirische kennis en praktijkervaring.

Wiskundige modellering en numerieke vloeistofdynamicaren het medische besliss-
ingsproces ondersteunen door zowel kwalitatieve als kivediet/e inzichten in de structuur
van de stroming en de pulserende krachten te leveren. Deaputervoorspellingen kun-
nen direct op basis van de geregistreerde medische beeldeen specifieke patiént worden
gedaan. De drie-dimensionale geometrie van de bloedvatenhiersenen van een patiént kan
in detail worden gereconstrueerd en als input dienen vaimuéatie van de stroming. Param-
eters die de stroming van bloed in de hersenen karaktemizgneonder andere bio-fysische
eigenschappen zoals de viscositeit, het pulsatie ritmeheamart, het tijdafhankelijke de-
biet en de typische diameter van bloedvaten in het gebied heh aneurysme. Numerieke
simulaties van de daadwerkelijke stroming onder fysiclolge condities maken een analyse
van het snelheidsveld, de drukverdeling en de krachten eppa®anden mogelijk en geven
daarmee een beter begrip van de groei en mogelijke breukeraareeurysme.

In dit proefschriftis een computermodel ontwikkeld waaende stroming van bloed in de
hersenen kan worden gesimuleerd. Dit model is toegepast poiderende stroming in een
deel van een bloedvat waar zich een aneurysme heeft onteile totale simulatie aanpak
is in drie stappen ontwikkeld: (i) formulering van de nuneég methode voor incompress-
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ibele stroming en het testen ervan op een aantal modelgdae#met(ii) uitbreiding naar re-
alistische stromingsdomeinen die uit gesegmenteerdesatezlbeelden zijn gereconstrueerd
en simulatie van de stationaire stroming onder fysioldgisalistische condities en (iii) op-
nemen van het effect op de stroming van een realistischemdelebiet door het aangetaste
segment van het bloedvat. Deze drie onderdelen zullen im detail worden besproken.

De geometrie van een deel van de bloedvaten in de hersenerigegeven met een Im-
mersed Boundary (IB) methode. Hierin speelt de zogenaanad&ing functie een centrale
rol bij het identificeren van locaties die hetzij tot het leenweefsel dan wel tot de bloedvaten
behoren. Wanneer de masking functie op een Cartesischerosstdt gedefinieerd verkri-
jgen we een efficiente en snelle methode om ‘vloeistof’ easte’ cellen in het totale 3D
domein aan te geven. De masking functie is gebruikt om eamvelpenalisatie term in de
Navier-Stokes vergelijkingen te formuleren die veel gelijis vertoont met het Brinkman
model voor poreuze stromingen. Door de limiet te nemen wdzat poreuze model nage-
noeg ondoordringbaar wordt voor stroming kan men een gffartodel voor de complexe
bloedvatgeometrie in de hersenen afleiden. De IB methodwaigeerd voor Poiseuille stro-
ming in een cilindrische pijp, waarbij eerste-orde coneaitge van de numerieke oplossing
naar de analytische oplossing en zijn gradiént is aangdtdde methode is ook toegepast
op gekromde bloedvaten, zowel met als zonder een bolvorniigeilping. Resultaten bij
verschillende ruimtelijke resoluties zijn met elkaar \a&edgen. Betrouwbare resultaten met
een relatieve fout van minder dan 10% kunnen worden verkregeneer zo'n 16 of meer
roostercellen worden gebruikt over de breedte van een dewarsnede.

Simulaties van stationaire stroming in realistische gede#n vereisen dat de mask-
ing functie voor het stromingsdomein gereconstrueerd twoitdde beschikbare medische
beelden, bijvoorbeeld verkregen met 3D Rotational Angaphy (3DRA). Om computer-
modellen voor specifieke probleemgebieden van specifietiénpen te definiéren zijn ba-
sisoperaties zoals het ‘snijden’ en het (glad) ‘verbindemi stukken bloedvat ontwikkeld.
Bij een typisch Reynolds getal vé&e= 250 laten simulaties complexe vortex-structuren in
de stroming in en nabij de aneurysme uitstulping zien. Wéaelale afhankelijkheid van nu-
merieke voorspellingen onderzocht ten gevolge van de kidlesede stappen die genomen di-
enen te worden om tot de definitie van het stromingsdomeiortesk. De resultaten laten zien
dat deze afhankelijkheid tamelijk gering is (relatieveigfimgen minder dan 1% in de snelhe-
den) mits numerieke manipulaties van de medische beel@da domeindefinitie voldoende
ver van de locatie van het aneurysme zelf plaatsvinden. Q@npodellen met een grootte
van ongeveer 2-3 keer de omvang van de uitstulping zowel inctiéing stroomopwaarts
als stroomafwaarts geven een robuuste indruk van de stgoimien nabij het aneurysme.
Om de betrouwbaarheid van voorspellingen ten gevolge vaekamheden in de medische
uitgangsbeelden te kwantificeren zijn zogenaamde ‘gremsgtieén’ geintroduceerd. Deze
worden verkregen door nabije geometrieén te beschouvegkregen door kleine, systema-
tische veranderingen in de masking functie toe te lateng&igke verstoringen kunnen op-
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treden, bijvoorbeeld door verandering van de segmenpatiameters bij beeldverwerking,
of door kleine bewegingen van de patiént gedurende de 3Dame. We hebben systema-
tisch grensgeometrieén gegenereerd en de daarbij beteonemerieke oplossingen geanal-
yseerd. Daarmee kunnen intervallen voor bijvoorbeeld dab&n maximale schuifspanning
worden aangegeven die de afhankelijkheid van geometiietoouwbaarheid karakteriseren.
Dit idee kan ook worden gebruikt om een robuuste, ruwe ingarkde stroming, met prak-
tische boven- en ondergrenzen te verkrijgen tegen steddgeeerde rekenkosten.

Een compleet computermodel voor de doorstroming van asmey verondersteld dat
ook de realistische pulserende aandrijving van de stromardt meegenomen. Deze aandri-
jving wordt gekarakteriseerd door variaties in de bloaemstisnelheid tijdens een hartslag,
die gemeten kunnen worden met behulp van Transcranial BoSanography. We hebben
de pulserende stroming onder verschillende conditiesrgdserd door het Reynoldsgetal te
variéren. Daarbij is alleen de stroomsnelheid verandendat de diameter van het bloed-
vat en de viscositeit van het bloed constant worden verateldr We kunnen een sterke
transitie waarnemen in de oplossing wanneer het Reynotd§ ganen het fysiologisch re-
alistische gebied, wordt verhoogd. Deze transitie treedilerlei stromingsgrootheden op,
zoals de snelheid, druk en schuifspanning, en wordt op adlaties nabij het aneurysme
waargenomen. Bij deze transitie nemen niet alleen de amdpltvan druk en snelheden toe
maar ook wordt de dynamica van de stroming veel levendigéegat de oplossing een re-
latief grotere bijdrage van componenten met een hogeredmoe. Om de transitie te kwan-
tificeren zijn spectra van de numerieke oplossing bepaglettschillende Reynoldsgetallen.
We observeerden daarbij dat de staart van het spectrum édgligtuminder scherpe afval
met frequentie laat zien wannelRe toeneemt. Hogere frequenties zijn absoluut maar ook
relatief sterker bij hogere Reynoldsgetallen wat zou kanngzen op de mogelijkheid om
‘gevaarlijke’ stromingen in reeds ontwikkelde aneurysiimede hersenen te horen. Dit lijkt
een kansrijk mechanisme waarmee snelle scanning en magit@n patiénten kan worden
gerealiseerd in de toekomst.
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