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ABSTRACT 

The pathological changes due to many cerebral diseases lead to increase in intracranial pressure 

(ICP), which is a life threatening condition especially in severe head injuries such as traumatic 

brain injury, hydrocephalus, sub arachnoid hemorrhage etc. Elevated intracranial pressure (ICP) is 

a major contributor to morbidity and mortality in severe head injuries. Maintaining the ICP within 

acceptable range is important to contain the failure of auto regulation which maintains and 

regulates adequate cerebral blood flow inside the brain. These increased intracranial pressures are 

found to significantly affect the Wall Shear Stresses (WSS) distribution in the artery, which is an 

important hemodynamic parameter and may lead to the formation, progression and rupture of 

cerebral aneurysms (pathological dilatations in cerebral arteries) which go unnoticed until a stage 

when they are severe. Earlier research on cerebral arteries and aneurysms involves using constant 

mean ICP values. Recent advancements in ICP monitoring techniques have led to measurement of 

the ICP waveform and by incorporating time varying ICP waveform in the analysis of cerebral 

arteries helps in better understanding their effects on wall deformation and shear stresses. To date, 

such a robust computational study on the effect of increasing intracranial pressures on the cerebral 

arterial walls and aneurysms has not been attempted to the best of our knowledge. In this work, 

fully coupled fluid structural interaction (FSI) simulations are carried out to investigate the effect 

of variation of intracranial pressure (ICP) waveforms on the cerebral arterial walls and aneurysms. 

Three time varying ICP waveforms and three constant ICP profiles acting on the cerebral arterial 

wall are analyzed in this work. It has been found that the arterial and aneurysmal walls experiences 
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significant deformation depending on the time varying ICP waveforms, while the WSS changes at 

peak systole for all the ICP profiles. Also, the maximum wall shear stresses decreased with 

increase in ICP inside the aneurysm dome and the minimum area of WSS distribution increased.
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 INTRODUCTION 

 GENERAL INTRODUCTION 

Brain is an important organ in the body and is considered as the center of the nervous system 

that controls the other organs of the body. Although, the brain is enclosed by the skull that protects 

the brain from shocks and cerebrospinal fluid that acts as cushion, it is susceptible to damage and 

diseases. The work presented in this thesis focuses on the influence of increased intracranial 

pressure on the blood flow through cerebral arteries and aneurysms. In order to understand the 

scope of this research, this chapter provides the required background into the anatomy, physiology 

and pathology of the cerebral vasculature and surrounding cerebrospinal fluid medium.  

Chapter 1 begins with discussions on cardiovascular system followed by cerebral vasculature 

and the diseases associated with it. Also, discussions are provided about the cerebrospinal fluid 

and intracranial pressure and the causes of increase in intracranial pressures. It also includes 

discussion on hemodynamics and literature review. The fluid-structure interaction methodology 

employed in the analysis of blood flows is discussed in Chapter 2. Chapter 3 presents numerical 

simulations of fully coupled three-dimensional unsteady flow through cerebral artery with 

different ICPs applied on the arterial wall. The effect of the ICPs on the flow characteristics, wall 

shear stress, and deformations of the arterial wall are discussed in this chapter. Chapter 4 discusses 

the numerical simulations and results on the blood flow through cerebral aneurysms under the 

influence of increased intracranial pressures (ICPs). Final the thesis concludes with a discussion 

in Chapter 5. 
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 OVERVIEW OF CARDIO VASCULAR SYSTEM AND CEREBRAL VASCULATURE 

The human cardiovascular system is one of the major system that supplies blood throughout 

the body with heart pumping the blood and the blood vessels carrying the blood. The main 

functions of blood are to supply the nutrients, oxygen and hormones for the smooth functioning of 

the tissues and carry the products and wastes of the cellular metabolism. This blood is transported 

to and from the heart to the organs through a network of blood vessels mainly consisting of arteries, 

arterioles, capillaries, venules and veins. Arteries carry the rich oxygenated blood from heart and 

the capillaries consisting of small blood vessels connects these arteries with veins and transfer the 

oxygen to the tissues, while veins collect the blood with unwanted chemicals and waste gases back 

to the heart. Additionally, the nutrients in the blood are transferred to the surrounding tissues 

through permeable pores in the blood vessels while preventing red blood cells from leaving the 

vessels [1]. The main organ that transports this blood through blood vessels is the heart which 

comprises of smooth muscle compartments (four: left and right ventricles and atriums) that expand 

and contract to receive and supply blood respectively.   

 The cardiovascular system consists of two major circulatory paths called pulmonary 

circulation and systemic circulation. In pulmonary circulation the deoxygenated blood is pumped 

by the right ventricle to the lungs for oxygenation, and the oxygenated blood is returned back to 

left atrium. In systemic circulation the oxygenated blood is pumped by the left ventricle through 

arteries to different organs for transfer of essential nutrients and oxygen and the deoxygenated 

blood is returned back to right atrium through veins. The heart through its expansion and 

contraction pumps the blood as a pressure wave creating a complete cardiac cycle during each 

heartbeat. The expansion of the heart is termed the systole, whereas the contraction is termed 

diastole [1]. During systole, the blood is pumped into the arteries and these arteries expand to 
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accommodate the flow, whereas during diastole the arteries contract. For a healthy adult around 

70-80mL per min volume of blood is ejected per contraction with the heart rate around 60-75 

beats/min (around 5 liters per min) [2]. About 20 % of the total oxygen consumed by all tissues is 

consumed by the brain to function properly [3]. The brain exhibits a high sensitivity to changes in 

blood making it highly vulnerable to pathogenic factors mostly related to circulatory disorders. 

For example, the brain tissues are vulnerable to such an extent that when the blood flow is stooped 

completely for 4-5 minutes, the brain tissues will die [4]. These factors make the brain one of the 

most important organ in the body for blood supply over the other organs [3]. 

The blood is supplied to the brain through cerebral vasculature consisting of cerebral blood 

vessels that form a ring like junction called as Circle of Willis as shown in Figure 1-1 on the surface 

of the brain in the sub-arachnoid space. Blood is supplied from the heart to the posterior and 

anterior parts of brain by two vertebral arteries and two internal carotid arteries (ICA) respectively 

joining at Circle of Willis.  The two internal carotid arteries both on the left and right side, bifurcate 

into two arteries called as middle cerebral artery (MCA) and anterior cerebral artery (ACA) 

supplying blood to the middle portion and anterior portion of the brain respectively. The two 

anterior cerebral arteries are connected by anterior communicating artery (ACoA) to form portion 

of the Circle of Willis. Further the internal carotid arteries are connected to the posterior cerebral 

arteries by posterior communicating arteries (PCoA) closing the Circle of Willis. The vertebral 

arteries join to form a basilar artery and then again terminate into two branches of posterior cerebral 

arteries that supply blood to the posterior brain. This complex structure of Circle of Willis helps 

in maintaining uniform circulation of blood to the brain in both uneven distributions of blood or 

during the occlusion of one or more blood vessels.  
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Cardiovascular diseases are considered one of the most common causes of death in human 

beings. These diseases lead to impaired blood flow either by degradation and rupture of blood 

vessels or by occlusions in the blood vessels. In order to understand the diseases associated with 

the vascular structures an understanding of both blood and structure of the blood vessel is 

important which is discussed in the following subsections. Furthermore, the hemodynamics 

parameters that effect these vascular structures and most common diseases associated with cerebral 

vasculature are discussed. 

 

Figure 1-1: Schematic of cerebral vasculature 
 

1.2.1 BIOMECHANICAL PROPERTIES OF BLOOD 

Blood is a complex suspension of cells in plasma. The cells in this suspension mainly consist 

of red blood cells (around 99% of total cells), white blood cells and platelets which constitute 

around 40-45% of total volume of blood. The plasma consists of  around 55% of total blood volume 

~90% water, 8% proteins, 1% inorganic substances, and 1% emulsified fat [5].  Although the blood 

consists of plasma with water, the viscous nature of red blood cells and white blood cells cause the 

rheological behavior of the blood to be non-Newtonian because of shears between different 

constituents of blood. However, in cardiovascular flows the non-Newtonian characteristics of the 
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flow is prevalent only in small vessels with diameter less than 0.1mm where the shear rates are 

less significant causing the red blood cells to connect and form microstructures which increases 

the viscosity of blood [6-8]. In large diameter arteries these shear rates increases causing the 

viscosity to decrease. Thus, in blood flows through arteries with diameter greater than 0.1mm, the 

blood can be modeled as a Newtonian fluid [6-8]. 

1.2.2 STRUCTURE OF THE BLOOD VESSEL  

Blood vessels that supply blood have a structure with three layers across its cross section: the 

innermost tunica intima, the middle tunica media and the outermost tunica adventitia as shown in 

Figure 1-2.  

 

Figure 1-2: Schematic of structure of blood vessels 

The thickness of these layers varies throughout the cardiovascular system. The main 

components of the blood vessels are endothelium, smooth muscle cells, elastic tissue, collagen and 

connective tissue. The inner tunica intima consists of endothelium layer which separates the blood 

from the other layers of blood vessel and acts as a wall shear stress (WSS) sensor, a major 

determinant in vascular remodeling [9]. This endothelium layer consists of endothelial cells which 

are held on a thick basal membrane mostly made of collagen. Collagen is an important protein that 
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is a load bearing element in soft tissues giving mechanical stability, strength and toughness to the 

soft tissue [10] by modifying its hierarchical structure. The tunica intima is separated from tunica 

media by a layer of internal elastic lamina.  

The middle layer, tunica media, consists of concentric patterns of elastic tissue or laminae and 

smooth muscle cells making it the thickest of the three layers. The smooth muscle cells secrete a 

protein called elastin in the form of sheets which are more flexible than collagen and can sustain 

large stresses and strains. Both collagen and elastin control the blood flow by vasoconstriction and 

vasodilation and are responsible for restoring the structural components during remodeling 

process. The tunica media and tunica adventitia are separated by an outer layer of elastic lamina 

which is less prominent in muscular and cerebral arteries[11]. The outermost layer, tunica 

adventitia, is a thin connective tissue layer consisting of dense collagen fibers which prevents 

elastic arteries from stretching beyond their physiological limits during systole, few elastic fibers 

and nerve fibers.  

1.2.3 CARDIOVASCULAR DISEASES 

Cardiovascular diseases (CVD) are considered to be number 1 cause of death globally 

according to world health organization (WHO) report [12]. According to this report, in 2012 an 

estimated 17.5 million people died because of CVDs out of which 7.4 million were due to coronary 

heart disease and 6.7 million were due to stroke. Heart attacks and strokes are one of the prevalent 

form of cardiovascular diseases mainly caused by the obstruction of blood flow through the heart 

and brain respectively [13]. Also, according to the estimates of American Heart Association 

(AHA) in 2010, around 81 100 000 American adults (more than 1 in 3) have one or more types of 

CVDs out of which around 6 400 000 were due to stroke and the estimated direct and indirect cost 

of CVD for 2010 is $503.2 billion [14].  
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Stroke is the most common life threatening neurological diseases caused by the interruption of 

blood flow to the brain by a clogged or burst artery depriving the brain of blood and oxygen and 

causing the death of brain cells. Strokes are mainly divided into three major groups: Ischemic 

(around 87%), intracerebral hemorrhage (around 10%) and subarachnoid hemorrhage (around 

3%). In Ischemic strokes, the blood supply to a part of brain decreases, leading to dysfunction and 

death of brain tissue in that area. This is primarily caused by emboli (a clot of blood) such as 

ventricular and atrial thrombus inside the brain. Also, intracranial atherosclerotic lesions composed 

of plaque on the wall of blood vessels impeding the blood flow also cause ischemic strokes. 

Hemorrhage stroke is a more deadly and caused when the cerebral blood vessel bursts bleeding 

into the brain, irritating the brain which again causes swelling of the brain. This swelling increases 

the pressure on the brain and presses it against the wall. Intracerebral hemorrhage is the bleeding 

directly in the brain tissue by rupture of cerebral blood vessel. The main causes of intracerebral 

hemorrhage are high blood pressures, abnormalities of blood vessels (aneurysm or vascular 

malformation), protein deposits in blood vessels or traumatic brain injuries. Subarachnoid 

hemorrhage is the bleeding in the cerebrospinal fluid spaces mainly caused by rupture of 

intracranial aneurysms or by head injury. These subarachnoid hemorrhages lead to hydrocephalus 

in which the cerebrospinal fluid builds up in the skull pressurizing the brain and vasospasm in 

which the blood vessels in the brain contract (National Institute of Neurological Disorders, 2013).  

Intracranial aneurysms (cerebral aneurysms) is the ballooning or bulging out of blood vessel wall 

due to weakness in vessel wall mainly due to wearing of tunica media and erosion and deterioration 

of endothelial cells from tunica intima.  

 Around 90% of the cerebral aneurysms occur in the blood vessels at the base of the brain 

in Circle of Willis. It has been reported by Osborn [15] that the percentage variation of intracranial 
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aneurysms is: 30% on anterior communicating artery (ACoA), 20-30% between internal carotid 

artery (ICA) and posterior communicating artery (PCoA), 20% from middle cerebral artery (MCA) 

bifurcation and 15% from the basilar tip. These cerebral aneurysms usually goes unnoticed unless 

it becomes very large causing pain or during medical examinations. Although, the exact cause of 

aneurysms is in debate, the properties of aneurysms are analyzed hemodynamically using different 

parameters such as blood velocity, wall shear stress (WSS), pressure, and particle residence time 

and flow impingement of the blood entering the aneurysm.  

1.2.4 HEMODYNAMICS OF BLOOD FLOW THROUGH ARTERIES  

Blood flow dynamics, also known as ‘Hemodynamics’, is the study of properties of the blood 

flow using physical laws. Hemodynamics factors are the most important parameters of the blood 

flow that are derived from the velocity field of the blood flow such as wall shear stress (WSS), 

flow separation, vortex formation. These hemodynamic factors play an important role in the 

interactions of blood flow through blood vessel structures and helps in understanding the 

progressive functioning and rupture of blood vessels. Among these factors, much attention has 

been given to fluid dynamics wall shear stresses (WSS) in the analysis of blood flows.  These WSS 

induces micro frictional forces on the endothelial cells which help in remodeling of the blood 

vessels to accommodate the blood flow. The magnitude of WSS vector is proportional to the blood 

viscosity and velocity gradients normal to the surface and acts in a direction parallel to the local 

velocity at the wall. Its distribution is highly effected by the diameter changes, separation zone, 

turbulence and elasticity. In this thesis, the study of hemodynamics is performed using numerical 

techniques and computational tools especially using fluid-structure interaction methods. 

Fluid flow and soft tissue interactions are very common in biomechanics, and the theoretical 

study of tissue-fluid interaction is complex primarily due to the presence of characteristics of the 
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tissue and the fluid and their interactions including tear formations. The solid phase of the tissue 

consists of solid organic matrix having elastic fibers in a gel of proteoglycans and cells, and the 

liquid phase would be the blood. The artery wall comprises of elastin, collagens, vascular smooth 

muscle cells and proteoglycans [16]. Elastin in the artery wall has a direct effect on the 

hemodynamics within the body and the overall functioning of the cardiovascular system, as the 

mechanical properties of the wall are governed by the amount of elastin and collagen in the artery 

wall. The strength of the arterial wall which is composed of multidirectional, layered collagen is 

related to both collagen fiber strength and orientation. The fluid shear stress on the arterial wall 

modulates endothelial cell remodeling via realignment and elongation and the time variation of 

wall shear stress affects the rate at which endothelial cells are remodeled [17]. Due to pathological 

conditions the changes in histology of the artery can be observed and it has been found that the 

extra cellular matrix degrades with a concurrent loss of the elastic fiber and smooth muscle cells 

[18]. Experimental studies have shown that a dilated or damaged cadaveric artery with arterial 

widening becomes permanent due to balloon induced stretching of the muscle fibers [19]. The 

focal dilatation of the arterial wall is defined as an aneurysm and mechanics of the arterial wall 

plays a significant role in the formation and rupture of any structural defect like enhancement or 

tearing of the aneurysm [20]. The average breaking strength of the aneurysm wall is estimated to 

be in the range of 0.7MPa to 1.9 MPa (5250-14251 mmHg) [21, 22]. 

Wall Shear Stress (WSS), is an important parameter for the estimation of progression of 

cerebral arterial damages, and varies with pulsatile nature of the flow. WSS generally have a 

maximum value when the flow rate is maximum. Also, the interaction between the flow and the 

wall alters the WSS profile on the arterial wall. The local protease activity and rates of collagen 

synthesis control the arterial wall strength, which in turn are controlled by local WSS that 
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modulates endothelial cell (EC) remodeling [23].  The change in WSS instigates the endothelial 

cells to release vasodilation factors such as Nitric Oxide (NO) which remodel the wall and restores 

the WSS to its original value [24-26]. This NO degrades and dilates the arterial wall by relaxing 

smooth muscle cells (SMC) and effectively reduces the wall strength [26, 27]. When WSS is low, 

the integrity of EC layers is breached and subsequent deterioration of the structural fibers of the 

vessel may occur [22, 26, 28-30]. High wall shear stress on the other hand is a major factor in the 

initiation and development of cerebral aneurysm [29, 30] and low level of WSS induces rupture of 

the aneurysm[29]. Hence, the hemodynamics factors such as WSS, blood velocity, pressure etc., 

play an important role in formation of cerebral arterial damages [22]. 

 OVERVIEW OF CEREBROSPINAL FLUID AND INTRACRANIAL PRESSURE 

Cerebrospinal fluid (CSF) is a clear white fluid surrounding the brain and spinal cord which 

supports and gives cushioning effect during sudden movements and trauma. CSF is present in the 

subarachnoid space (SAS) surrounding brain and spinal cord in skull and vertebra respectively. 

Around 140 ml (ranging from 110 to 160 ml) of CSF is present in the body of human adult by 

volume with 25% of the volume in ventricular system, 20 % in cranial SAS and 55% in spinal 

canal [31]. It moves in a pulsatile manner in SAS and ventricular system primarily due to the 

changes in intracranial blood volume during the cardiac cycle. CSF is mainly produced by the 

choroid plexus in the ventricles and delivers proteins and nutrients to the nervous system and 

provides a mechanism to remove the waste products from the nervous system. Around 0.35ml/min 

(or 400-500 ml/day) of CSF is produced which is absorbed into the venous system through cranial 

and spinal arachnoid villi that are located in SAS, roughly replacing about three total volumes of 

CSF per day [2,3]. The physical properties of CSF are similar to water [32-35]. 
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 Cerebrospinal fluid exerts a pressure on the brain called as intracranial pressure (ICP) and it 

is a vitally important variable in many medical conditions involving the brain, such as traumatic 

brain injury, stroke, hydrocephalus, or brain tumors. Raised intracranial pressure (ICP) is one of 

the common problems in majority of neurosurgical and neurological patients. The changes in 

pressure inside the skull (ICP) is commonly attributed to the volume changes in one or more of 

the constituents contained in brain mainly cerebrospinal fluid, blood in the cerebral vasculature 

and the brain. The Monro-Kellie hypothesis states that “if the skull is intact, then the sum of the 

volumes of the brain, cerebrospinal fluid (CSF) and intracranial blood volume is constant.”[36] 

The brain takes up 80% of space in the skull and remains approximately same except when the 

brain tissue increases because of tumors, cytotoxic oedema (due to cell membrane failure) and 

vasogenic oedema (disruption of blood-brain barrier BBB). The BBB consist of tight junctions 

between capillary endothelial cells and separates blood from interstitial fluid of the brain [37]. The 

remainder of the skull is occupied by approximately 10% blood and 10% cerebrospinal fluid. The 

compensatory mechanisms of the brain such as the reduction of volume of cerebrospinal fluid or 

intracranial blood keeps the ICP stable in a healthy adult. An increase in the volume of brain, blood 

or CSF, whether physiological or pathological, is initially buffered by a reduction of volume of 

venous blood and/or CSF within the skull in order to prevent or reduce a resultant increase in ICP 

[37]. The normal ICP in a supine healthy adult ranges between 7.0 and 15.0 mmHg (0.09Kpa-

1.9Kpa). When these compensatory mechanisms fails or if the growth of one of the intracranial 

component is too fast then this leads to increase in ICP. The increase in ICP is attributed to many 

causes such as the excessive accumulation of cerebrospinal fluid in hydrocephalus [38], the after 

effects of traumatic brain injuries (TBI) such as cerebral edema (swelling of brain) [39], swelling 

or mass effect from a lesion (tumor) etc. [40]. Therefore, high ICPs can lead to severe brain 
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disabilities resulting from brain stem compression and impaired blood circulation within the brain. 

Intracranial bleeding (hemorrhage) can also take place when the blood vessel within the skull leaks 

because of TBI or rupture of cerebral aneurysms (dilatation or ballooning of the arterial wall) due 

to high ICP [41].  

Early physiological studies suggested that the ICP as a triphasic pressure pulse in time domain 

analysis of ICP between peak-to-peak amplitude during one heartbeat as shown in Figure 1-3. The 

first peak of ICP pulse primarily reflects the pulsations of large intracranial conducive arteries and 

the third peak of an ICP pulse mainly reflects venous pulsation [42, 43]. Greitz has proposed that 

the high correlation between capillary-phase brain expansion in aqueduct stroke volume (ASV) 

with second peak of ICP as a dominant component for the second peak [44]. Thus, the ICP is a 

time varying pressure exerted on the brain. 

 

Figure 1-3: ICP pressure waveform with the corresponding temporal width metrics for three 
different peaks taken from Hamilton et.al.[45] 

 MOTIVATION FOR PRESENT STUDY 

Raised intracranial pressure (ICP) is a critical condition that can lead to severe brain disabilities 

resulting from brain stem compression and impaired blood circulation within the brain. Hence, 
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increased intracranial pressure (ICP) is the most common “terminal event” leading to death in 

neurosurgical patients [46] and carries a mortality rate of 20% [47]. Increased ICP also occurs 

frequently in patients with traumatic brain injuries (TBI) and is a leading cause of fatalities [36]. 

During recent past it has become one of the main concerns to monitor and regulate ICP in post-

traumatic brain injury patients. Clinical studies by Eide et al., have shown the potential importance 

of ICP amplitude as an important factor in the management of hydrocephalus patients [48, 49] and 

subarachnoid hemorrhage patients [50] than mean ICP.  There is however a severe lack of optimal 

clinical practices that are available to detect and identify the problems associated with these 

cerebral pathologies at early stages. 

During previous years only the mean ICPs are used in both clinical practice and computational 

studies, mainly due to the lack of physiological understanding of the ICP waveform. In recent 

years ICP waveform analysis has become much more advanced and qualitative quantification of 

ICP pressure pulse morphology is interpreted from experimental studies. There are many studies 

correlating the shape of the intracranial pressure (ICP) waveform arising from the interaction of 

cerebral blood flow (CBF) pulse and complex intracranial compartment [44, 51, 52]. However, the 

influence of time variations of ICP on the hemodynamics of normal cerebral arteries and 

aneurysms have not been established yet. Such a robust computational procedure to study the effect 

of variation of ICP on the hemodynamics of cerebral arteries and aneurysms has not been 

attempted in the past to our knowledge. Therefore, computational methods incorporating the full 

shape of the ICP pulse instead of mean ICP gives a better understanding of flow characteristics of 

blood flow through cerebral arteries and aneurysms. 
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 LITERATURE REVIEW 

Computational methodologies have been incorporated effectively to investigate the 

biomechanical behavior of vascular system. These computations are based on the in vitro 

evaluation of the properties of vessel walls. Further, the advances in medical imaging technologies 

such as MRI and CT scan has enabled to get the patient specific geometries making the analysis 

more realistic. The interaction between pulsatile blood flow and blood vessel models have been 

studied extensively using fluid structure interaction studies in recent years to model the flow in a 

more realistic manner and estimate the hemodynamic properties correlating the deterioration of 

arterial walls such as in aneurysms. Cebral et al. [53] have done CFD study using 62 patient 

specific models to understand the effects of strong flow impingement and found that flow patterns 

are complex and impingement jet is narrower in ruptured aneurysms compared to unruptured 

aneurysms. Shojima et al. [29] have performed CFD analyses on the middle cerebral arteries and 

found that the spatially averaged WSS at peak systole is higher in ruptured aneurysms than in 

unruptured aneurysms. Also, the spatially averaged high WSS in ruptured aneurysms is observed 

to occur near the body or neck of the aneurysm caused by flow stream than at tip of aneurysms 

where it is more prone to rupture. Castro et al. [54] have studied the influence of parent artery 

length and found that the truncated parent vessel underestimated the WSS and shifted the impact 

zone to the neck. Valencia et al. [55] performed CFD analyses on saccular aneurysms and found 

that low WSS regions are larger in ruptured aneurysms than in unruptured aneurysms. Torii et al. 

[56] have studied the effects of high blood pressure on changes on aneurysmal wall causes 

significant changes in WSS distribution. Valencia et al. [55] have shown that the fluid assumption 

of non-Newtonian model does not show significant effects on WSS distribution compared with 

Newtonian fluid. Valencia et al. [57] have also studied the blood flow dynamics and FSI of cerebral 
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aneurysm with a constant ICP value. Humphrey and Canham [24] have given a method to calculate 

the value of ICP based on the assumption that the ICP exerted by the CSF is constant. Sanchez et 

al. [58] have studied the individual risk of rupture of cerebral aneurysm using a constant ICP of 

2000 Pa and Steiner and Andrews [59] have observed average values and variations of ICP. It has 

been found that normal ICP in healthy adult ranges between 7.0 and 15.0 mmHg (0.9 kPa-1.9kPa). 

During previous years only the mean ICPs are used in both clinical practice and computational 

studies, mainly due to the lack of physiological understanding of the ICP waveform. In recent 

years ICP waveform analysis has become much more advanced and qualitative quantification of 

ICP pressure pulse morphology is interpreted from experimental studies. There are many studies 

correlating the shape of the intracranial pressure (ICP) waveform arising from the interaction of 

cerebral blood flow (CBF) pulse and complex intracranial compartment [52, 60, 61]. Hamilton et 

al. [45] have shown the relation between ICP waveforms with aqueductal cerebrospinal fluid 

stroke volume and also have measured patient specific ICP waveforms. 

In many patients with increased ICP, cerebral aneurysms (pathological dilatations in cerebral 

arteries) may also be present which go unnoticed until a stage when they are severe. Hence, 

understanding the influence of increase in ICPs due to certain diseases, on the aneurysmal growth 

can help in prevention and treatment of aneurysm ruptures. In this analysis, ICP waveform 

morphology studied by Hamilton et al.[45] in a group of patients affected by hydrocephalus is used 

to understand the flow properties through cerebral arteries and aneurysms. The influences of mean 

ICP values with constant values and ICP pressure waveforms on the cerebral arteries and 

aneurysms are considered and the resulting changes in hemodynamic parameters such as wall shear 

stress (WSS), effective stresses etc., are compared. 
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 METHODOLOGY 

 INTRODUCTION TO FLUID STRUCTURE INTERACTION STRATEGIES FOR 

BLOOD FLOWS 

The physiological behavior of blood flow through cerebral vasculature is one of the best 

examples of study that can be analyzed using fluid-structure interaction (FSI) techniques. The 

biomechanical behavior of blood flow through blood vessels can be analyzed using FSI techniques, 

where in the blood flow changes the geometry of the vasculature and this change in geometry 

further induces changes in the blood flow patterns. This mutual dependence between the fluid 

(blood) and the solid (arterial wall) and their interaction makes these problems usually difficult to 

solve analytically. However, significant advances have been made in recent years on the numerical 

computation of FSI problems. These computational FSI techniques involve solving the governing 

equations of solid and fluids domains with a set of boundary conditions simultaneously and 

coupling the data at the interface of these two domains. Several numerical techniques have been 

developed in FSI studies involving moving boundary problems in which the interface between 

solid and fluid moves. Some of these techniques are Level-set method [62-64], Immersed boundary 

method (Peskin [65]), Arbitrary Lagrangian-Eulerian formulation (ALE) methods [66], Volume 

tracking methods, Boundary Element methods, Transformation methods with Body-fitted 

coordinates, Moving unstructured boundary confirming grid methods, phase field methods, and 

space time formulations. The arbitrary Lagrangian-Eulerian (ALE) approach best suits problems 
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involving large deformations and has been widely used in the research of blood flows [26, 57, 67, 

68]. This ALE formulation has been used in the current study and are discussed in section 2.2.  

 The solution strategies of FSI coupling techniques are further classified into two major 

groups namely the strongly-coupled and loosely-coupled also referred to as monolithic and 

staggered (partitioned) approaches respectively.  In a monolithic approach, the governing 

equations for both the solid and fluid domains and the interface movement are solved 

simultaneously by a single solver in a fully coupled manner making the solution robust. However, 

in a staggered (partitioned) approach, the governing equations for fluid and solid are solved in 

separate solvers that are already available and the solutions at the interface are coupled using a 

coupling solver making it loosely coupled. The partitioned approach has been implemented in 

ANSYS Workbench 14.5 and will be used for the computation of the FSI problem. 

  ARBRITARY LAGRANGIAN-EULERIAN (ALE) APPROACH  

 The ALE approach is widely used in high strain rate problems such as blood flows through 

arteries where the structure deforms largely. In this methodology the classical Lagrangian and 

Eulerian reference frames are best utilized in combination to solve the problems of FSI. The 

representation of solid mechanics by Lagrangian frame maps the material deformation with the 

grid deformation by setting up a reference frame to this grid of the material. Thus, the 

displacements of each particle in the material can be identified easily and helps in tracking the 

motions in solid mechanics. Also, the conservation of mass is automatically satisfied in this 

method since the mass does not change in the individual grid section. The fluid mechanics problem 

is described by Eulerian frame of reference which allows the material to flow through grid of fixed 

volume conveniently without tracking the path of individual particles.  However, this Eulerian 

frame of reference cannot track the movement of the grid near the boundaries of the fluid flows 
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containing moving boundaries.  The arbitrary Lagrangian-Eulerian approach uses both these 

reference frames in a best possible way to describe the fluid structure interaction flows. This 

method uses Eulerian formulation for fixed boundary flows such as fluids away from moving 

boundary, Lagrangian formulation for moving boundaries such as solids and ALE formulation 

near the boundaries interacting with both fixed and moving boundaries such as fluid-solid 

interfaces.  ALE approach tracks the movement of the material through the deforming grid to the 

extent where the acceptable range of aspect ratios for these deforming grids is reached. At this 

point, the flux through the grid is measured and adjusted back to a remeshed grid. This remeshing 

is done by setting a limit to the distortion of the grid segment and based on the amount of flux that 

can be allowed through the grid. Several numerical schemes have been developed to remesh the 

grid by the movement of the nodes such as equipotential algorithm, simple average algorithm, 

combining smoothing algorithm etc [69-73]. Different sets of governing equations are used to 

model the fluid structure interactions using ALE such as conservation of momentum in the form 

of Navier-Stokes equations, conservation of mass especially during remeshing and compatibility 

equations near fluid-solid interfaces as described in the following Section. 

 GOVERNING EQUATIONS 

Blood flow within the computational fluid domain is governed by incompressible Navier-

Stokes equations for a moving domain ( )f dt RW Ì , in an Arbitrary Lagrangian Eulerian (ALE) 

formulation [74]. The solid domain of the arterial wall is described by elastodynamic equations in 

( )s dt RW Ì . In our current study d=3 and t is the time. f sS=¶W Ç¶W , denotes the fluid structure 

interface. The partitions of the solid and fluid boundaries are represented by dns¶W =G ÈG  and 

1 .f in
noD¶W =G ÈG È¼ ÈG ÈS   respectively where , ,n

in
noDG G G  represents the inlet, wall and 
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outlet for fluid at different times n and ,n dG G  represents the inlet/outlet surfaces and external 

surfaces respectively for solid as shown in Figure 2-1.  

 

Figure 2-1: Fluid and Solid Surface notations 

The equations of incompressible continuity and Navier-Stokes ALE form for the fluid 

domain can be expressed as 

( ) ( , )f
f f f f f f p

t
r r

¶
+ - ⋅ - ⋅ =

¶
0s

u
u w uu  ,

 
in fW    2-1 

0f⋅ =u , in fW                2-2 

f in=u u , on inG     2-3 

( , )f f f i fp P=-s u n n  , on 0, 1,.....,i Di nG =     2-4 

Where , ,,  ,,f i f dp P anr u w  are the fluid density, pressure, the outlet pressure, the fluid 

velocity, and the moving coordinate velocity, respectively on fW . The term ( )–  fu w  , which is 

the relative velocity of the fluid with respect to the moving coordinate velocity adds to the 

conventional Navier-Stokes equation to include the movement of grid in ALE formulations. In the 
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above equations the Cauchy stress tensor and the deformation rate tensor for the fluid are given by 

the following equations  

( , ) 2 ( )f f f fp p m=- +s eu I u     2-5 

( ( ) )
( )

2

T
f f

f
+

=e
u u

u
 

     2-6 

Where fµ  is the dynamic viscosity and I is the identity matrix. 

The solid domain of the arterial wall, ( )s dt RW Ì  , is governed by the elastodynamic equations 

as follows 

t s s¶ =y u  , in  sW     2-7 

( ) ( , )s f s s s s s sr h q¶ - ⋅ - ⋅ = 0s su y y   , in sW    2-8 

s in=y y  , on 
dG      2-9 

( ) ( )s s s s s s s s sc kh G G+ =- -s su n u n u y  , on 
nG    2-10 

where , ,  ,  s s s sr s y u  are the solid density, Cauchy stress tensor, local displacement and 

velocity of the solid respectively. The vector kRqÎ  denotes the set of solid constitutive 

parameters. These quantities relate to each other to form the constitutive relations that define the 

solid wall material behavior. The parameters cGand kG model the external tissue effect on the 

vessel of interest [75, 76] and sh is a viscoelastic coefficient. 

Considering a linear constitutive relation between Cauchy stress tensor ss  and the set of 

solid constitutive parameters q  gives a linear elastic behavior model for the solid wall whose 

relationship is given by the following equations 

( , ) ( ) ( )s s sq q= Îs y C y  and    2-11 
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( ( ) )
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+

=
y y

y
 

Î      2-12 

where C the classic elasticity tensor and the Young’s modulus is is given by 

0 02 ,  0E E Eq= >  keeping the Poisson’s ratio fixed. 

However, considering a nonlinear, hyperelastic, neo-hookean material model, the elastic 

energy density function is given by ( )0 1-2 3W c Iq= - , where 0 0c >  and 1I  is the first variant of 

the right Cauchy-Green strain tensor. For higher order hyperelastic materials these constitutive 

relations will change according to the number of parameters considered to model such materials.  

 The coupling between the fluid domain and solid domain at the interface are imposed using 

the conditions described in the following equations 

/(0) ( )

( ) ( ( ))( )f

f
f s

t f

f f
f

f s

Ext

t I t

SS

W

ö= ÷÷÷÷÷= ¶ ÷÷÷÷÷W = + W ÷÷÷÷÷= ø

y y

w y

y

u u

  , onS ,    2-13 

( ) ( ) ( , )s s s s s s s f f fph + + = 0s s su n y n u n , onS ,   2-14 

where ( )
f

oExt S   is an extension operator from  S to fW .  

  IMPLEMENTATION OF TWO-WAY FULLY COUPLED FSI  

The fluid –structure interaction of blood flow through cerebral arteries and aneurysms under 

the influence of high intracranial pressures, which is one of the main focus of this study, is 

implemented using the Arbitrary Lagrangian and Eulerian (ALE) formulation in ANSYS 

Workbench 15.0. The solution strategies are implemented by partition method in which the fluid 
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dynamics is solved using ANSYS Fluent solver and the structural dynamics is solved using 

ANSYS Structural solver. The coupling between the fluid and structural solver is established by 

exchanging the information using ANSYS Workbench 15.0. Two coupling methodologies can be 

implemented in ANSYS called as one-way coupling and two-way coupling. 

 One-way coupling is established in FSI problems in which the small displacements (and 

stresses) of the structure does not affect or alter the flow field surrounding it. This is specially 

established in steady-state FSI problems by transferring the fluid pressures acting at the structure 

to structural solver. Initially , the fluid field is solved based on the convergence criteria and then 

the calculated forces at the structure boundaries are transferred to structural solver to solve the 

solid mechanics problem with boundary conditions and with convergence criteria. This completes 

one time step and these time steps are advanced until the analysis is carried out for maximum 

number of time steps. 

 Two-way coupling is used in FSI problems that involve large displacements of structure 

which affects the flow field around it. This changing flow field further changes the structural 

deformation making it a moving-boundary problem. This necessitates resolving the fluid problem 

by remeshing it after each update of structural configuration. 

 A two-way fully coupled FSI algorithm as shown in Figure 2-2 is used to couple the fluid 

and solid domains at the interface to analyze the blood flow to a great accuracy.  Over each time 

step the space-time fluid domain described by continuity and Navier-Stokes equations described 

by Equations 2-1 and 2-2 are first solved using ALE formulation until convergence. The resulting 

forces of the fluid domain at the interface are estimated by interpolation on to the solid domain 

interface. Next, using these forces and boundary conditions the solid domain described by 
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momentum conservation equation as in Equation 2.8 are solved using the Lagrangian formulation 

with prescribed convergence criteria. 

The resulting deformation of the spatial solid domain involves movement of the nodes at the 

fluid-solid interface. This response of solid domain to fluid forces in the form of movement of the 

grid at the interface is mapped back onto the fluid mesh resulting in fluid mesh deformation.  

 

Figure 2-2: Schematic of two-way fully coupled FSI 

Particular attention is needed in mapping the movement of nodes within each time step to prevent 

the generation of elements with unacceptable geometries. Because of this, the size of each time 

step considered is very small and the following compatibility conditions are applied at the interface 

between the fluid and solid domain in the computational model [77] 

1. The fluid and solid domain displacements at the interface should be the same 

2. Traction at these boundaries should be in equilibrium and 

3. The no-slip condition is applied for fluid 
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These conditions are applied in the form of Dirichlet and Neumann type boundary conditions 

at the fluid-solid interface using Equations 2.13 and 2.14. This mapping back of the movement of 

interface grid to fluid mesh completes one closed loop simulation. During each time step these 

loops are repeated as iterations until the changes in flow forces, structural displacements and 

interface compatibility conditions fall below certain values. This completes one time step of the 

simulation and the simulation is updated to further time steps in a similar way to complete the 

simulation.  

For the analysis a sparse solver is used for structural analysis of large deformations using 

Newton Raphson Iterations with minimum time step of 0.001s and maximum time step of 0.01s.  

For structural solver, the convergence tolerance for preconditioned conjugate gradient (PCG) 

solver is set at 1e-08. The  pressure based coupled solver is used for the fluid component with 

coincident boundary conditions at the fluid-solid interface established using smoothing and 

remeshing options in the dynamic mesh method. This coupled algorithm solves the momentum 

and continuity equations together and a full Newton Raphson method is used to solve the fluid 

analysis with 20 iterations per time step. The fluid convergence tolerance criteria are set at 0.001 

and the coupled analysis is carried out for duration of 0.8s with a time-step of 0.01s. 
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 HEMODYNAMICS OF CEREBRAL ARTERY UNDER THE INFLUENCE OF 

VARYING ICPs1 

  COMPUTATIONAL MODEL  

The cerebral arterial model was extracted from a repository of cerebral aneurysms geometries 

hosted by Emory University [78] in AneuriskWeb project database. From this database, a 

particular aneurysm model C0081 (as shown in Figure 3-1) was considered based on the criteria 

that the arterial model generated would have a larger length.  The inlet arm of the C0081 model 

was retained by deleting the remaining geometry and the final 3-dimensional (3D) model in the 

form of stereo lithography (STL) format was imported in MeshLab software.   This 3D model (as 

shown in Figure 3-2) was finely meshed in MeshLab and imported in Hypermesh 11.0 to 

reconstruct the geometry as the mesh generated had very few good quality elements, which are 

necessary to perform the analyses with accurate results. The reconstructed geometry was used to 

mesh the fluid and solid domains separately using Hypermesh 11.0.  Different meshes were 

generated from coarse to very fine using different element sizes. The fluid domain was meshed 

using unstructured tetrahedral elements and the solid domain was reconstructed from the face 

elements of the fluid domain wall by extruding them to a wall thickness of 0.224 mm (taken as 

10% of the diameter of inlet and outlet cross sections [17]). The wall thickness was assumed to be 

                                                 
1 Results in this chapter has been published in  

Hasson Syed, Vinu U Unnikrishnan and Semih Olcmen, “Characteristics of time-varying intracranial pressure 
on blood flow through cerebral artery: A fluid-structure interaction approach” Proc Inst Mech Eng 
Hdoi:10.1177/0954411915619952 
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constant as a definite relationship on the variation of thickness of the cerebral artery was not 

defined properly.  

 

Figure 3-1: Cerebral arterial portion reconstructed from C0081 cerebral aneurysms database 

(AneuryskWeb [78]) 

 

 

Figure 3-2: CAD model obtained from reconstruction of original geometry 

 BOUNDARY CONDITIONS 

A realistic hemodynamic blood flow through a human cardiac cycle was obtained from the 

volumetric flow rate on a specific patient as described by Sanchez et al, [58]. The inlet velocity  

( )inu  waveform based on inlet area of current artery was reconstructed as a Fourier series as shown 
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by the Equation 3-1 using the curve fitting tool in MATLAB 11.0.  Fourier series with different 

orders such as 5, 6, 7 and 8 orders were reconstructed and the Root Mean Square Error (RMSE) 

values for these orders was observed to be 0.088, 0.085, 0.055, and 0.0433 respectively. Thus, a 

velocity profile with least value of RMSE value representing an 8-order Fourier series with 17 

coefficients was considered closely representing the blood flow.  

8

1

1
( ) ( cos(

137
)

43.
sin( ))

39in o i i
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Where { } ia   =  {12.43, -1521.0, -1033.0, -548.3, 298.4, 306.0, 443.0, -407.1}  

      { } ib   = {2329.0, 924.1, -862.9, -899.8, -1135.0, 324.7, 747.0, 1144.0} 

and    w = 7.913 rad/sec, ou   = 5439.0 m/s 

 

Figure 3-3: Velocity variation at the inlet 

In a similar manner, the pressure profile at the outlet specified in Sanchez et al [58], was also 

reconstructed and an 8-order Fourier series represented by Equation 3-2 but with different 

coefficients shown below was considered. These velocity and pressure waveforms were imposed 
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as the fluid (blood) inlet and outlet boundary conditions on the arterial fluid domain for a cardiac 

cycle of 0.8s as shown in Figure 3-3 and Figure 3-4 respectively. 

8

i=1

( ) = + ( cos( ) sin( ))i o i it a i tP iP b tw w´ + ´å     3-2 

   

Where { } ia =  {-2229.0, -1325.0, 283.3, 252.7, 543.1, -77.85, -145.9, -187.2} 

      { } ib = {1896.0, -836.5, -725.5, -355.3, 293.6, 308.0, 86.3, -334.0} 

 and    w = 8.098 rad/sec,  oP  = 1.19e+04 Pa 

 

Figure 3-4: Pressure variation at the outlet 

The free ends of the arterial wall are fully constrained at the inlet and outlet planes. A more 

realistic boundary condition would be to apply zero displacement normal to the planes and allow 

free movement radially in the planes of boundaries called as solid free-slip boundary condition.  

However, it has been observed in literature that these boundary conditions compared with fixed 

boundary conditions, do not show any significant changes and have minor effects on the wall shear 
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stress and wall tension which are the significant hemodynamic parameters [79]. Additionally, the 

fully built-in boundary conditions (zero displacements) used in our current work were considered 

reasonable based on their extensive use in the literature [80-82]. 

The human brain is enclosed by cerebro-spinal fluid and exerts the intracranial pressure on the 

cerebral vasculature. An increase in volume of either the brain tissue, CSF or blood within the 

skull as a result of injury must be compensated by a decrease in volume of one of the remaining 

components within the skull otherwise the intracranial pressure (ICP) will increase. Since the brain 

tissue is not easily displaced; changes in venous blood or CSF volumes initially act as major buffers 

against rise in ICP. When compensatory mechanisms are no longer sufficient the compliance 

(change in volume per unit change in pressure) of the intracranial cavity is greatly reduced and 

ICP increases. An increase in ICP signals compression of neural tissues which will impede blood 

flow in cerebral arterial network. Normally ICP depends on age and body posture and the normal 

range of accepted ICP is 7-15 mmHg in the supine position in adults [59, 83]. After cerebral 

injuries the swelling of the brain tissue leads to the increase of ICP beyond 15 mmHg [59, 83] and 

consequently obstructs the blood flow through blood vessels.   In adults with head injury, an ICP 

above 20 - 25 mmHg sustained for even few minutes can be dangerous and immediate intervention 

needs to be made to bring it back to normal [84]. Therefore in the FSI computational model, an 

external boundary condition representing the ICP is now applied as given in Equation 3-3, where 

cP  is the intracranial pressure produced by the cerebral spinal fluid, ss  is the solid stress tensor, 

and sn is the solid boundary normal unit vector on dG . 

) ( s s s c⋅ =s n n P
   

, on 
dG      3-3 
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This realistic physiological condition was considered to be an important parameter in the 

analyses of blood flows through cerebral vasculature and was applied as ICP on the outer surface 

of the cerebral arterial wall. The influence of this ICP on the hemodynamic parameters such as 

WSS, velocities, displacements etc., was considered to be important in our present study. First, 

three different analyses were performed by considering mean ICPs of 0 Pa, 2000 Pa, and 5000 Pa 

respectively. Additionally, three more analyses were also performed to understand the effects of 

realistic physiological ICP waveforms that are varying in time. The three ICPs considered in these 

analyses were observed in patients with high ICP suffering from hydrocephalus as reported by 

Robert Hamilton et al., [45].  These time varying ICP waveforms were reconstructed in similar 

fashion as described for the reconstruction of inlet velocity above and were represented by an 8-

order Fourier series equation as shown in Figure 3-5. These analyses were performed in ANSYS 

Workbench 15.0 as described in Chapter 1. 

 

Figure 3-5: Time varying intracranial pressure pulse waveforms 
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 MATERIAL MODELS 

Blood is a complex suspension of cells in plasma and is a Newtonian fluid since it mostly 

consists of water. But, the rheological behavior is non-Newtonian because of the presence of large 

concentrations of cells. However, it was observed that the non-Newtonian characteristics of the 

flow is prevalent only in small vessels with diameter less than 0.1mm where the shear rates are 

less significant [6-8]. In our present analysis the average of the inlet and outlet diameter was 3.8mm 

which is much greater than 0.1mm for the flow to be considered non-Newtonian and thus, the 

blood is modeled as a Newtonian fluid with constant dynamic viscosity. The maximum Reynolds 

number was calculated based on the inlet diameter and the peak inlet velocity at systole and was 

observed to be within the range of 400 and 800 for the flow to be considered as laminar. Therefore, 

the blood is treated as incompressible, laminar and Newtonian with a constant density of 1050 

kg/m3 and a constant dynamic viscosity of   0.004 Pa-s [58]. 

Soft tissue materials exhibit non-linear mechanical behavior which could be characterized by 

using Fung or other hyperelastic material models. However, in the current work, the arterial wall 

material property was reasonably assumed to be linear elastic to reduce the overall computational 

time in a complex FSI analysis [22, 80]. The material used for cerebral artery has the following 

properties Young's modulus of E= 3.0 MPa, Poisson's ratio ν=0.49, and density ρ=2300 kg/m3 

[58]. The thickness of the artery is assumed to be 0.38mm [17]. 

 

 GRID CONVERGENCE STUDY 

Numerical simulations involving fully coupled 2-way fluid-structure interactions were 

performed to obtain a very fine mesh that will give accurate results and optimized time for the 

analyses to be performed. First, the analyses were performed using four different meshes for fluid 
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and solid domains with different element sizes to verify the grid independence criteria.  These 

simulations were carried out using boundary conditions described in the following paragraphs and 

with time varying ICP profile 1 (as shown in Figure 3-5) specified on the outer wall. The 

convergence of wall shear stresses and displacements in the fluid and solid domains at different 

locations chosen arbitrarily near inlet, in middle and near outlet are indicated in Figure 3-6 and 

Figure 3-7 respectively. Thereby, a fluid domain with element size of 0.224mm, a total of 110,729 

tetrahedral elements and a solid domain with 37,642 elements as shown in Figure 3-8 was 

considered suitable for further analyses.  

 

Figure 3-6: Convergence graph of WSS for different mesh sizes 
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Figure 3-7: Convergence graph of total mesh displacements for different mesh sizes 

 

Figure 3-8: Fluid and Solid domain mesh 

Additional mesh independence study was also carried out by increasing the number of solid 

element layers of the arterial wall from 2 to 4. It was observed that increasing the number of layers 

did not have any significant effect on the accuracy of the results as shown in Figure 3-9. Thus, 

only two layers were considered across the arterial wall cross section for the detailed simulations. 
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Figure 3-9: Convergence graph of total mesh displacements for different number of layers in 

arterial wall 

 MODEL VALIDATION 

Model validation simulations were performed to verify the influence of different pressures at the 

outlet and on the arterial wall were not uniform considering the short computational domain of the 

cerebral artery. In a first approximation, the blood pressure ( )iP t  applied at the outlet is uniform 

in space within the arterial domain considered. At the same time, a homogeneous, time varying 

ICP was applied to the arterial wall. Hence, two analyses were performed to verify that, both the 

ICP and outlet pressure applied separately on the arterial wall and at the outlet respectively, does 

not have the same effect as the combined ICP and outlet pressure applied at the outlet. In the first 

analysis, a time varying ( )  1ICP Profile t  is applied on the arterial wall and a time varying pressure 

( )iP t  was applied to the computational domain. However, in the second analyses, 0 ICP was 

applied on the arterial wall and a pressure ( )(   ( ) ) 1iP ICP Profilet t-  was applied at the outlet. It 
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was found that the maximum displacements reduced considerably from first analysis to second 

analysis as shown in Figure 3-10. Also, the maximum displacements at peak systole and low 

diastole occurring at 0.17s and 0.08s were observed to reduce by 75.33% and 78.61% respectively 

from first analysis to the second analysis.  It was also found that the velocities and WSSs have a 

considerable change in their values. For example the change in values of velocities and WSSs for 

arbitrary points chosen at inlet, in middle and near outlet is shown in Figure 3-11 and are tabulated 

in the  

Table 3-1. Based on these observations, it can be concluded that the different pressures applied 

does not behave as a uniformly combined effect considering the short computational domain.  

 

Figure 3-10: Maximum displacements for the analyses considered for model validation 

 

Figure 3-11: Different points considered for variations in velocities and WSS in Table 3-1 
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Table 3-1: Percentage change in velocities and WSS for the points indicated in above Figure 3-11 

 Point 1 Point 2 Point 3 

Time 0.08s 0.12s 0.17s 0.77s 0.08s 0.12s 0.17s 0.77s 0.08s 0.12s 0.17s 0.77s 

Velocity 
percentage 

change 
2.57 3.35 5.40 2.53 2.69 3.50 5.56 2.82 2.54 3.96 5.15 2.08 

WSS 
percentage 

change 
3.84 8.50 10.52 4.37 7.79 14.59 23.24 -- 2.51 4.99 7.44 1.30 

 

 RESULTS AND DISCUSSIONS 

In this section, the computational results of influence of high intracranial pressures on the blood 

flow through cerebral artery are discussed. 

The computational results show that the arterial wall displacements are significantly affected 

by increasing the constant ICP values. At the peak systole of the cardiac cycle, the blood pressure 

is at its peak and as a result the wall strains would be near maximum and similarly, the strains are 

minimum at low diastole as indicated by Figure 3-12, which shows the variation of maximum 

deformation of arterial wall with time. The average maximum and minimum displacements are 

indicated in Table 3-2 and were found to occur at peak systolic pressure which occurs at 0.17s and 

low diastolic pressure at 0.08s  respectively in all the cases.  
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Figure 3-12: Variation of maximum deformation with time for different ICP waveforms 

Table 3-2: Maximum mesh displacement (in mm) calculated at maximum systole and low diastole 

ICP 0 Pa 2000 Pa 5000 Pa Profile 1 Profile 2 Profile 3 

At Systole t=0.17s 0.347  0.319 0.269 0.342  0.0.327 0.329 

At Diastole t=0.08s 0.214 0.174 0.105 0.217 0.192 0.205 

 

The arterial wall dilates because of the blood pressure and as the ICP increases, the effective 

deformation of the arterial wall decreases. This is because ICP acts opposite to the pressure exerted 

on the arterial wall due to blood flow. This is also evident from the maximum displacements which 

decrease with increase in ICP as shown in Figure 3-13 for constant ICPs. The maximum 

deformations at peak systole were found to decrease by 9.2%, 15.94% and 23.68% for changes of 

ICPs from 0 Pa to 2000 Pa, 2000 Pa to 5000 Pa and 0 Pa to 5000 Pa respectively. The maximum 

deformation of the arterial wall was found to be high in ICP 0 Pa whereas it is lower in ICP 5000 

Pa as the intracranial pressure acts opposite to the pressure due to blood flow. 
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Figure 3-13: Maximum deformations at 0.08s and 0.17s for constant ICP waveforms 

A more realistic approach to find the influence of ICP on hemodynamics properties is by 

considering the physiological waveforms for ICPs. The computational results for the physiological 

waveforms of ICP represented by varying ICPs shows that the maximum and minimum 

displacements are influenced by the ICP value at peak systolic and low diastolic pressures rather 

on the average ICP considered for whole ICP profile. For varying ICPs, the intracranial pressures 

at peak systole and low diastole are (388 Pa, 1138 Pa, 991 Pa) and (-190 Pa, 996 Pa, 213 Pa) for 

profiles 1, 2 and 3 respectively, whereas the average ICP of the whole ICP pressure profile over 

the cardiac cycle were 205 Pa, 1188 Pa and 1274 Pa for Profiles 1, 2 and 3 respectively. The 

maximum deformations from profiles 1 to 2 decreased by 4% and from profiles 2 to 3 it increased 

by 1.4% as shown in Figure 3-14. The percentage variation and the values of maximum 

deformation at peak systole clearly show that the maximum deformations have small variations 

between varying ICPs as compared with applying constant ICPs. Similar trends are observed for 

variations in minimum deformations at low diastole. 
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Figure 3-14: Maximum deformations at 0.08s and 0.17s for varying ICP waveforms 

Figure 3-15, shows variation of cerebral arterial wall displacement at peak systole while Figure 

3-16, indicates the variation of cerebral arterial wall displacement at low diastole. These results 

indicate that arterial constriction can occur significantly with increasing ICPs, which necessitates 

a timely medical intervention for preventing reduced blood flow to the brain. 
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Figure 3-15: Contours of cerebral arterial wall displacement at t=0.17s, near peak systole 
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.

 

Figure 3-16: Contours of cerebral arterial wall displacement at t=0.08s, near low diastole 

The velocity variations at three different points inside the fluid domain are shown in Figure 

3-17 and are tabulated in Table 3-3. It was found that the maximum velocity increased with 

increase in constant ICPs, whereas only little variation in the maximum velocity was observed for 

the time varying ICP profiles. For example, the increase in maximum velocity for constant ICPS 

at point 2 were observed to increase by 0.07%, 1.74% from 0 Pa to 2000 Pa and 5000 Pa 

respectively, whereas for the time varying ICPs the changes in maximum velocity were observed 

to change by 0.03%, 0.02% from Profile 1 to Profiles 2 and Profile 3 respectively. Similarly, the 

total volume of blood inside the arterial lumen over the cardiac cycle decreased by 0.69%, 1.04% 

and 1.73% for changes in ICP from 0 Pa to 2000 Pa, from 2000 Pa to 5000 Pa and from 0 Pa to 
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5000 Pa respectively, whereas for the ICP profile 1, 2, 3 the total volume of blood inside the arterial 

lumen over the cardiac cycle did not change significantly as shown in Table 3-4. 

 

 

Figure 3-17: Variation of velocity at different points within the cerebral artery. (a) & (d) 

indicates velocity at point ‘1’, (b) & (e) indicates velocity at point ‘2’ and, (c) & (f) indicates 

velocity at point ‘3’ 

Table 3-3: Maximum velocities at different ICPs for the different points 

ICP/Max 
Velocity 

0 Pa 2000 Pa 5000 Pa Profile 1 
Pa 

Profile2 
Pa 

Profile3 
Pa 

Point 1 1.923 1.936 1.956 1.923 1.929 1.926 

Point 2 2.419 2.436 2.461 2.420 2.428 2.424 

Point 3 2.236 2.256 2.281 2.237 2.248 2.242 
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Table 3-4: Volume variation across the fluid domain over the cardiac cycle for different ICPs 

in cubic mm 

ICP 0 Pa 2000 Pa 5000 Pa Profile 1 Profile 2 Profile 3 

Volume variation 
over the cardiac 

cycle (mm3) 

 
55.01 

 
54.63 

 
54.06 

 
55.02 

 
54.80 

 
54.89 

 

 Wall Shear Stress (WSS), is an important parameter for the estimation of progression of 

cerebral arterial damages, and varies with pulsatile nature of the flow. It has been pointed out by 

various researchers that when WSS is low, the integrity of endothelial cell layers is breached and 

deterioration of the structural fibers of the vessel may occur [26, 28-30].  The baseline WSS of 2 

Pa is considered to maintain the structure and strength of the arterial wall [24, 26]. Also, it has 

been found from the literature that an increase in the maximum WSS is related to the formation of 

aneurysm in the cerebral arterial wall [29].  

In our current analyses it has been observed that WSS changes significantly and the maximum 

and minimum WSS values occur at maximum and minimum volume flow rates respectively i.e., 

at 0.12s and 0.77s.  Figure 3-18 and Figure 3-19 shows the variation of wall shear stress at 

maximum and minimum blood flow rate.  

 The variation of wall shear stress between different ICP profiles computed over the full 

cardiac cycle of blood flow at different points ̀ 1', ̀ 2', ̀ 3', ̀ 4', ̀ 5', and ̀ 6', on the fluid-solid interface 

of the arterial wall are indicated in Figure 3-20 and Figure 3-21. The maximum and minimum 

values of WSS computed at the maximum and minimum blood flow rates of the cardiac cycle for 

these points are also tabulated in the Table 3-5. The WSS values for the points considered in Table 

3-5 show that there is an increase in maximum and minimum WSS values for an increase in 
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constant ICP values from 0 Pa to 2000 Pa and 5000 Pa. These increase in WSS values is therefore 

a significant indicator that ICP cannot be allowed to increase significantly especially for a 

prolonged period as it can lead to detrimental morphological changes in the arterial wall.  

The WSS values for physiological ICP profiles in Table 3-5  show that the WSS values at 

maximum and minimum flow rates have considerable changes as compared to the values with 0 

ICP and a definite relationship cannot be established for the changes in WSS. Given the importance 

of changes in WSS and displacements which are significant hemodynamic parameters of interest 

in the analysis of flows through cerebral arteries, the influence of the physiological ICP profiles 

should not be overlooked in the modeling and analysis of blood flows. 

 

Figure 3-18: Distribution of WSS at maximum blood flow rate along the length of the artery 
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Figure 3-19: Distribution of WSS at maximum blood flow rate along the length of the artery 
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Figure 3-20: Variation of WSS at points ‘1, 2, 3’ at the inner wall of the artery are indicated 

in ‘a, b, c, d, e, f’ respectively for constant and time-varying ICPs 

 

Figure 3-21: Variation of WSS at points ‘4, 5, 6’ at the inner wall of the artery are indicated 

in ‘a, b, c, d, e, f’ respectively for constant and time-varying ICPs 
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Table 3-5: Maximum and minimum WSS (in Pa) at maximum and minimum blood flow rates at 

different points 

Point ICP 0 Pa 
(Pa) 

2000 Pa 
(Pa) 

5000 Pa 
(Pa) 

Profile 1 
(Pa) 

Profile 2 
(Pa) 

Profile 3 
(Pa) 

1 At max flow rate  
t=0.12s 

At min flow rate  
t=0.77s 

54.08 
 

5.16 

54.72 
 

5.22 

56.53 
 

5.32 

54.19 
 

5.17 

54.51 
 

5.21 

54.34 
 

5.19 

2 At max flow rate  
t=0.12s 

At min flow rate  
t=0.77s 

46.53 
 

4.03 

47.78 
 

4.12 

49.75 
 

4.26 

46.08 
 

4.05 

46.68 
 

4.10 

46.27 
 

4.08 

3 At max flow rate  
t=0.12s 

At min flow rate  
t=0.77s 

2.89 
 

0.43 

2.93 
 

0.43 

3.01 
 

0.42 

2.77 
 

0.44 

2.80 
 

0.43 

2.78 
 

0.43 

4 At max flow rate  
t=0.12s 

At min flow rate  
t=0.77s 

65.06 
 

5.67 

65.88 
 

5.74 

67.14 
 

5.83 

64.91 
 

5.67 

65.33 
 

5.71 

65.10 
 

5.70 

5 At max flow rate  
t=0.12s 

At min flow rate  
t=0.77s 

17.43 
 

2.06 

17.92 
 

2.11 

18.35 
 

2.20 

17.45 
 

2.06 

17.69 
 

2.09 

17.55 
 

2.08 

6 At max flow rate  
t=0.12s 

At min flow rate  
t=0.77s 

43.92 
 

5.48 

44.34 
 

5.50 

44.96 
 

5.53 

43.60 
 

5.48 

43.80 
 

5.49 

43.70 
 

5.49 

 

 CONCLUSIONS 

Understanding the mechanics of the arterial wall is significant for the study of prevention and 

treatment of cerebral injuries especially with elevation in the intracranial pressures due to brain 

injury. Fully coupled fluid structural interaction simulations on the cerebral artery were conducted 

to investigate the effect of different types of intracranial pressure waveforms on the wall shear 

stress distribution and displacement of the cerebral artery.  It was found that that the arterial wall 
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experiences significant arterial constriction depending on increase of ICP waveforms, which 

indicates that timely medical intervention is necessary to prevent the constriction of blood flow to 

the brain. The WSS was found to have a maximum value when the flow rate is maximum and 

minimum value when the flow rate is minimum. Also the WSS values are observed to increase as 

the ICP is increased. This indicates that ICP cannot be allowed to increase significantly especially 

for a prolonged period. It was also observed that the distribution of WSS changes significantly at 

peak systole for different changes in the ICP profiles for normal arteries. More importantly, the 

changes in these hemodynamic parameters due to the physiological variation of ICP on the blood 

flow through arteries at the sight of brain injury provide valuable measurements which may help 

doctors and brain surgeons to better understand the pathophysiology of cerebral arteries. 
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 HEMODYNAMICS OF CEREBRAL ANEURYSM UNDER THE INFLUENCE OF 

VARYING ICPs2 

  COMPUTATIONAL SETUP 

The cerebral aneurysm model was also extracted from the repository of cerebral aneurysms 

geometries hosted by Emory University [78] in AneuryskWeb project database. From this 

database, a specific unruptured aneurysm model C0020 (as shown in Figure 4-1) of a 51 year old 

female located at the middle cerebral artery (MCA) is considered for studying the effects of 

increased intracranial pressures (ICP). This model is trimmed for the arteries at the inlet 

considering the inlet length of the aneurysm sufficient enough to concentrate the study on the 

aneurysm model and reduce the computational time as shown in Figure 4-2. The geometric input 

in the form of stereo lithographic format is imported into Gmsh and surface meshed finely. This 

surface mesh is used in Hypermesh 11.0 to reconstruct the geometry as shown in Figure 4-2 and 

further used to mesh solid and fluid domains. Unstructured tetrahedral mesh is generated for the 

fluid domain with a total number of 37,697 nodes and 172,889 elements, and with maximum mesh 

size of 0.3mm as shown in Figure 4-3. The surface elements of the fluid domain are used to 

construct the solid domain to better enable coincident nodes at the fluid solid interface. Since no 

accurate wall thickness is available for the aneurysm, a uniform thickness of 0.21mm (10% of the 

                                                 
2 Results in this chapter are in preparation to publish in a journal paper 

Hasson Syed, Vinu U Unnikrishnan and Semih Olcmen,” Understanding the effect of pulsatile intracranial 
pressures on blood flow through aneurysms of middle cerebral artery using fluid-structure interaction methods” (In 
Preparation) 
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diameter [17]) is assumed, and the surface elements of the fluid domain are extruded outwards 

the luminal wall by two layers to capture the results better. The solid domain is meshed with 

48759 nodes and 64772 tetrahedral elements as shown in Figure 4-3. 

 

Figure 4-1: Cerebral aneurysm model C0020 obtained from the database (AneuryskWeb 

[78]) 

 

Figure 4-2: CAD model obtained from the reconstruction of geometry 
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Figure 4-3: (a) Fluid domain mesh (b) Solid domain mesh 

The FSI analysis is setup with the boundary conditions and material properties as discussed in 

Chapter 1. The time varying velocity and pressure profiles over the cardiac cycle as shown in 

Figure 3-3 and Figure 3-4 are imposed at the inlet and outlet of the aneurysm respectively. The 

free ends of the cerebral aneurysm at the inlet and outlet planes are fully constrained as discussed 

in Section 3.2.  Two sets of ICPs are considered to study the effects of varying ICPs on cerebral 

aneurysm. One set was considered to be consisting of constant ICPs of 0 Pa, 2000 Pa, and 5000 

Pa, and another set with time varying ICPs as shown in Figure 3-5.  The blood is treated as 

incompressible, laminar and Newtonian with a constant density of 1050 kg/m3 and a constant 

dynamic viscosity of   0.004 Pa-s [58]. The aneurysmal wall is assumed to be linearly elastic 
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material with Young's modulus of E= 3.0 MPa, Poisson's ratio ν=0.49, and density ρ=2300kg/m 

[58].  

 GRID CONVERGENCE STUDY 

The number of elements for the fluid and solid domain meshes chosen in this study (as 

described in the Chapter 4.1) were found from grid independence study. These grid independence 

studies were conducted by simulating blood flow through cerebral aneurysm using different mesh 

densities for both fluid and solid domains. First, eight different meshes with 6086, 10495, 20532, 

54531, 98599, 172889, 263152, and 313503 tetrahedral elements were used for the fluid domain 

of the aneurysm, and then, the respective fluid wall surface elements were extruded with two layers 

across the aneurysmal wall to model the solid domain (with number of elements 4862, 7082, 

11832, 25072, 41176, 64772, 92154, and 107232 respectively). The simulations were performed 

by applying ICP Profile 1 (as shown in Figure 3-5) on the aneurysmal wall and using boundary 

conditions described in Chapter 4.1. The hemodynamics parameters of wall shear stress of the 

fluid on the inner wall of the aneurysm and the total mesh displacements of the aneurysmal wall 

at different points were considered as shown in Figure 4-4 and Figure 4-5 respectively. Although 

there was some variation in WSS results for meshes beyond 98599 elements, these variations were 

found to have less effect on the convergence considering the ranges of WSS values from the 

results. Hence, a fluid domain with 172889 elements was chosen in this study. The total mesh 

displacement for different solid meshes was also found to converge beyond 25072 elements.  
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Figure 4-4: Convergence of WSS at different points for different mesh sizes of fluid domain 

 

 

Figure 4-5: Convergence of total mesh displacement at different points for different mesh 

sizes of solid domain 

Further, considering the thin aneurysmal wall, simulations were performed with the selected 

fluid mesh and by varying the number of layers of solid elements across the aneurysmal wall from 

1 to 3 layers. It was found from the total mesh displacement values (as shown in Figure 4-6), the 



 

54 

 

solid mesh with two layers gives good convergence values and further increase in number of layers 

only slightly increases the accuracy. Hence, to have a precise and time optimized analyses, only 

two layers were considered across the aneurysmal wall with a solid mesh having 64772 elements. 

 

Figure 4-6: Convergence of total mesh displacement at different points for different number 

of layers across aneurysmal wall 

 

 RESULTS AND DISCUSSION 

In this section, the computational results of influence of high intracranial pressures on the blood 

flow through the cerebral aneurysm are discussed. 

The average maximum displacements of aneurysmal wall at different time steps are 

significantly affected by changing ICPs as shown in Figure 4-7. During the cardiac cycle, the 

maximum and minimum deformation occurs at peak systole and low diastole as the blood pressure 

is at its peak and bottom which occur at 0.17s and 0.08s respectively. The average maximum 

displacements at peak systole and low diastole are indicated in 
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Table 4-1. It was observed that the maximum displacement values at peak systole decreased 

with increase in constant ICPs (shown in Figure 4-8), as these increasing ICPs compress the 

dilation of the aneurysm. The maximum deformations at peak systole were found to decrease by 

8.1%, 15.7% and 22.5% for changes of ICPs from 0 Pa to 2000 Pa, 2000 Pa to 5000 Pa and 0 Pa 

to 5000 Pa respectively. The maximum deformation of the aneurysmal wall was found to be high 

in ICP 0 Pa whereas it is lower in ICP 5000 Pa. For varying ICPs, the maximum displacements are 

dependent on instantaneous ICP values at peak systole. The maximum deformations from profiles 

1 to 2 decreased by 4.4% and from profiles 2 to 3 it increased by 0.6% as shown in Figure 4-9.  

 

Figure 4-7: Maximum displacement variation for different ICP waveforms 
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Table 4-1: Maximum mesh displacement (in mm) calculated at maximum systole and low 

diastole 

ICP 0 Pa 2000 Pa 5000 Pa Profile 1 Profile 2 Profile 3 

At Systole 
t=0.17s 

0.347 0.319 0.269 0.342 0.327 0.329 

At Diastole 
t=0.08s 

0.214 0.174 0.105 0.217 0.192 0.205 

 

The displacements of the aneurysmal wall at peak systole for the three constant ICPs of 0 

Pa, 2000 Pa, and 5000 Pa and for the three varying ICP Profiles 1, 2 , and 3 are shown in Figure 

4-10 and Figure 4-11 respectively. The results also show that, the unruptured aneurysm expands 

laterally which is in agreement with other FSI studies [26]. Also, it is observed from the 

displacement profiles that the maximum displacements occur at the neck of the aneurysm as shown 

in Figure 4-10 and Figure 4-11.  

 

Figure 4-8: Maximum deformations at 0.08s and 0.17s for constant ICP waveforms 
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Figure 4-9: Maximum deformations at 0.08s and 0.17s for varying ICP waveforms 

 

 

Figure 4-10: Comparison of total displacement of aneurysmal wall for constant ICPs at peak 

systole (t=0.17s) 
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Figure 4-11: Comparison of total displacement of aneurysmal wall for varying ICP Profiles 

at peak systole (t=0.17s) 

Wall shear stress is an important hemodynamic parameter in determining the aneurysm 

progression. The WSS is altered by both fluid flow and wall deformation along with the influence 

of ICPs. Increasing fluid pressure at systole causes the wall to dilate. This dilation is decreased by 

the externally applied ICP profiles resulting in an increase in the fluid flow velocities. The changes 

in the velocities were calculated at three different points inside the fluid domain as shown in Figure 

4-12 and Figure 4-13 for constant and varying ICPs, respectively and were tabulated as shown in 

Table 4-2.  
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Figure 4-12: Comparison of velocities at different points for constant intracranial 

pressures 

 

Figure 4-13: Comparison of velocities at different points for varying intracranial pressures 
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Table 4-2: Maximum velocities at different ICPs for the different points as shown in Figure 

4-12 

ICP/Maximum 
Velocity (m/s) 

0 Pa 2000 Pa 5000 Pa Profile 1 Profile 2 Profile 3 

Point 1 0.5624 0.5813 0.5885 0.5876 0.5826 0.5852 

Point 2 0.2887 0.2984 0.3065 0.3046 0.3002 0.3048 

Point 3 0.9693 09785 0.9863 0.9743 0.9764 0.9752 

 

It was also observed that an increase in constant ICP caused the maximum velocities to increase 

whereas for time varying intracranial pressures the changes in maximum velocities varied 

according to the ICP profiles. Also, the changes in blood volume and volume flow rate inside the 

aneurysmal sac were tabulated as shown in Table 4-3. The blood volume inside the aneurysmal 

sac decreased with increase in constant ICPs and correspondingly the volume flow rate increased. 

Table 4-3: Variation of total volume of blood and volume flow rate inside the aneurysmal sac 

over the cardiac cycle for different ICPs 

ICP 0 Pa 2000 Pa 5000 Pa Profile 1 Profile 2 Profile 3 

Volume variation over 
cardiac cycle (mm3) 

190.91 189.59 187.55 190.95 190.19 190.05 

Volume flow rate over 
cardiac cycle (mm3/s) 

269.64 296.62 317.90 202.75 349.16 307.50 
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Figure 4-14: Comparison of WSS at different points for constant intracranial pressures 

 

Figure 4-15: Comparison of WSS at different points for varying intracranial pressures 
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The WSS is maximum at peak systole as the flow rate is maximum. The variations in WSS for 

the constant and varying ICP pulse waveforms at different points on the fluid-solid interface were 

computed over the cardiac cycle of the blood flow and are shown in Figure 4-14 and Figure 4-15 

respectively. Also, the maximum WSS values for these points at peak systole were tabulated in 

Table 4-4. It was observed that the maximum WSS increased with increase in constant ICP 

whereas for time varying ICPs the WSS values were greater than those for 0 ICP values and varied 

differently between different ICP profiles. Further, it was also observed that the WSS was 

maximum at one of the outlet branch intersection with the aneurysm neck due to high flow velocity 

through the outflow artery as shown by the streamlines in Figure 4-16. This can also be seen in 

Figure 4-12 and Figure 4-13 with the velocity being highest for point 3 in outlet arm among the 

three points at different points inside the aneurysm.  

Table 4-4: Maximum WSS (in Pa) at maximum blood flow rate at points indicated in Figure 

4-14 

Point 
0 Pa 
(Pa) 

2000 Pa 
(Pa) 

5000 Pa 
(Pa) 

Profile 1 
(Pa) 

Profile 2 
(Pa) 

Profile 3 
(Pa) 

1 28.08 28.97 29.73 30.04 29.57 29.41 

2 42.91 43.59 43.87 43.21 43.27 43.33 

3 10.18 10.51 10.53 10.47 10.59 10.44 

4 33.13 33.96 34.25 33.95 33.93 33.86 

5 14.73 14.99 15.14 14.52 14.66 14.65 
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Figure 4-16: Comparison of streamlines and velocities for different intracranial pressures at 

peak systole 

Low WSS plays an important role in the rupture of aneurysm. This happens due to the 

degradation of aneurysm wall at low WSS in which the integrity of EC layers is breached and 

subsequent deterioration of structural fibers of the artery takes place. For all intracranial pressure 

profiles, it was observed that the fundus has relatively low WSS compared with the neck of the 

aneurysm. The relative orientation of the aneurysm dome causes flow inside the dome to decrease 

with increasing ICP as evidenced by the smaller vortex flow as shown in Figure 4-16. This leads 

to smaller impinging flow velocity, as shown in the variation of velocity at point 1 in Figure 4-12 

(Table 4-2), resulting in a much lower WSS inside the aneurysm dome. On the nearer side of the 

dome to inflow artery small variation in WSS was observed (as shown in Figure 4-17) whereas on 

the farther side the WSS decreases with increasing ICP (as shown in Figure 4-18). Also, it was 

observed at peak systole, with the increase in ICP the area of minimum WSS distribution increased 
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on the dome of the aneurysm as indicated in the Figure 4-17 and Figure 4-18. Lower WSS leads 

to early rupture and hence incorporating realistic ICP profiles in fluid-structural interaction studies 

of blood flow through aneurysms could give better results as compared with analysis carried out 

without intracranial pressures. 

 

 

Figure 4-17: Comparison of WSS distribution at aneurysm wall (Front Side) at peak 

systole (t=0.17s) for different ICP profiles 
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Figure 4-18: Comparison of WSS distribution at aneurysm wall (Back Side) at peak 

systole (t=0.17s) for different ICP profiles 

 

The effective stress is highest at the neck region as compared to the fundus for unruptured 

aneurysm. Also the effective stress decreases with increasing ICP’s resulting from the less 

deformation of the aneurysm wall as shown in Figure 4-19 and Figure 4-20. 
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Figure 4-19: Comparison of von Mises stress for different intracranial pressures. 

 

Figure 4-20: Comparison of von Mises stress at different points for different intracranial 

pressures 
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 CONCLUSIONS 

To date, a robust computational study on the effect of increasing intracranial pressures on 

the cerebral arterial walls and aneurysms has not been attempted. The results indicate that the 

maximum values of displacements occurred at the neck of the aneurysm and these values decreased 

with increase in ICP. Also, the aneurysmal wall of this unruptured wall expands laterally. The 

minimum WSS distribution area increased with increase in ICP as the aneurysmal dome is oriented 

with the inflow artery. This can lead to early rupture of the aneurysmal wall and hence 

incorporating realistic ICP pulse waveforms gives clear understanding of the flow behavior 

through aneurysms. These analyses are carried out on middle cerebral aneurysm and further 

analyses involving aneurysms at different locations, different geometries, and orientations will 

give an in depth understanding of the effects of increased ICPs and ICP pulse waveforms on the 

growth of the aneurysms.  
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 SUMMARY AND CONCLUSIONS 

The main motivation for this study was to understand the behavior of blood flow in cerebral 

vasculature in life threatening conditions such as traumatic brain injury, hydrocephalus, 

subarachnoid hemorrhage etc, considering effects of increase in intracranial pressures (ICP) 

hemodynamically on the blood flow through cerebral vasculature. Fully 3D coupled fluid 

structural interaction (FSI) methods are extensively used to understand the effects of the increase 

in intracranial pressures (ICP) on the blood flow through cerebral artery and cerebral aneurysms 

models obtained from medical imaging data such as MRI and CT scan. Two different sets of ICPs 

are considered: one with constant ICPS of 0 Pa, 2000 Pa, and 5000 Pa representing mean ICP 

values, and the other with time varying ICP waveforms that closely represents the pulsatile nature 

of cerebrospinal fluid pressure are taken from literature. These profiles are chosen such that they 

represent wide range of mean ICP conditions and not only focuses on the time varying nature of 

the ICP but also the effect of incremental nature of the ICP values on cerebral blood flow with 

elevated ICPs. The arterial wall is modeled using linear elastic material properties and the blood 

flow is considered as Newtonian fluid with constant dynamic viscosity. Patient specific blood flow 

conditions such as inlet volumetric flow and the outlet cardiac pressure pulse are imposed as 

boundary conditions. 

It has been observed that the maximum deformations of arterial and aneurysmal walls 

experiences significant arterial constrictions depending on increase of ICP waveforms. The 

maximum WSS values increased for increasing mean ICPs whereas for time varying ICP they 
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depend on the ICP at peak systole. This indicates that appropriate use of ICP waveform is 

necessary to predict the behavior of arteries more realistically. Furthermore, the physical 

characteristics of WSS, maximum deformation, velocity changes, and effective stresses are also 

discussed in details in the last two chapters. Also, these changes in hemodynamic parameters due 

to the physiological variation of ICP on the blood flow through arteries and aneurysms at the site 

of brain injury provide valuable measurements which may help doctors better understand the 

pathophysiology of cerebral arteries. 

 

 FUTURE WORK 

 
 The study was focused on effects of increased intracranial pressures using a fully coupled 

fluid structure interaction methodology implemented using arbitrary Lagrangian-Eulerian 

formulations. The complexity of the flow behavior can be increased using realistic hyperelastic 

material models for arterial wall behavior and by incorporation of non-Newtonian characteristics 

of blood flow. 

 Comprehensive arterial and aneurysmal models with different geometries such as large 

arterial sections bifurcations, , aneurysms with different orientations from inlet artery, and varying 

aspect ratios can be analyzed in the future.  
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