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Abstract
The cardiovascular system is responsible for transport of nutrients, oxygen, as
well as the cells and molecules making up the immune system. Through the
hemostatic system, the body maintains the integrity of the blood vessels, and
prevents bleeding. The biochemical and physical processes governing the circulation interact, and take place at a large range of time and length scales from those related to the individual cells up to the large scale flow structures.
Dysfunctions of the heart or the circulatory system may have severe consequences. Cardiovascular diseases (CVD) is a heterogeneous group of diseases,
responsible for about 50% of all death cases in the western world.
Patients with severe but transient heart and/or lung disease may require
the assistance of a heart-lung machine to bridge over the period required for
the affected organ to recover. One such system is the Extracorporeal Membrane Oxygenator (ECMO) circuit, consting of a blood pump, a membrane
oxygenator, cannulae and tubing system. While the therapy is life-saving, it
is associated with relatively frequent thromboembolic (blood clotting and/or
bleeding) events. Modeling of the flow in some components of the ECMO circuit was undertaken. The flow data was used together with models for platelet
activation to assess the risk for thrombus formation. The results indicated
locations of elevated risk of thrombosis in the centrifugal blood pump, the
ECMO cannulae and the pipe connectors. The identified locations agreed well
with clinical observations. The results lead to a direct recommendation to
minimize the use of tube connectors. Further study of the sensitivity of the
platelet activation models to uncertainties and errors was carried out. Some
recommendations for improved modeling were proposed.
Arteriosclerosis develops slowly over a long period of time (years or decades).
It manifests initially at some common sites; arteries of certain sizes with relatively strong flow rate, as well as near artery bifurcations and locations of
strong vessel curvature. The location specificity indicates that the blood flow
plays a central role in the arteriosclerotic process. Being able to predict the
future development of arteriosclerotic lesion and its location for an individual
patient would imply that pre-emptive actions could be taken. This idea was
the foundation of some of the numerical simulations in this thesis. A stenoted
patient specific renal artery was considered, and was reconstructed to a nonpathological state by removing the stenosis using different segmentation methods. We could then evaluate if common stenosis markers based on functions
of time-averages of the Wall Shear-Stress (WSS) could be use as predictive parameters. It was shown that these markers are not adequate as predictive tools.
Furthermore, it was shown that the sensitivity to reconstruction technique was

at least of the same order as the effect of the choice of blood rheology model.
The rheology of blood was further studied through detailed simulations resolving the blood plasma flow and its interaction with the red blood cells (RBC)
and the platelets. A hybrid Immersed boundary-Lattice Boltzmann method
was applied, and the rheological data was compared to the Quemada model. It
was found that the Quemada model could underpredict the effective viscosity
by as much as 50%. The same methodology was applied to study the transport
of RBCs and platelets, and the influence of RBC polydispersity. An increased
degree of variability in RBC volume was found, under certain circumstances, to
lead to an increase of the transport of platelets to the vessel wall (margination).
Descriptors: Hemodynamics, CFD, Artherosclerosis, Thrombosis, Platelet
activation, Hemorheology, Platelet margination

iv
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Sammanfattning
Hjärt- och kärlsystemet hanterar transporten av näringsämnen, syre samt
de cellerna och molekylerna som utgör immunsystemet. Kroppen upprätthåller
kärlintegritet och förhindrar blödning genom hemostassystemet. De biokemiska
och fysiska processerna som styr cirkulationssystemet interagerar och involverar
ett stort spann av längd- och tidsskalor - från de relaterade till individuella celler
till de större flödesstrukturerna. Ett icke-fungerande hjärt-kärlsystem kan ha
förödande konsekvenser. Hjärt-kärlsjukdomar är en spridd grupp av sjukdomar
som orsakar runt hälften av alla dödsfall i västvärlden.
Patienter med tillfälligt nedsatt hjärt- och/eller lungfunktion kan behöva
understöd av en hjärt-lungmaskin. Detta för att brygga över den period som
det påverkade organet behöver för att återhämta sig. Ett exempel på ett sådant
system är ECMO-kretsen som består av en blodpump, en membranoxygenator, kanyler och ett slangsystem. Terapin räddar liv men leder inte sällan
till trombo-emboliska komplikationer (blodproppsbildning och/eller blödning).
Flödet i några komponenter i ECMO-kretsen modellerades. Flödesdatan kombinerades med modeller för blodplättsaktivering för att utröna risken för blodproppsbildning. Resultaten visade på regioner med ökad risk för trombos i centrifugalpumpen, kanylerna och i vanligen använda kopplingsdon. Detta stämde
väl överens med kliniska observationer. Dessa resultat ledde oss även att rekommendera en minskning av användandet av kopplingsdon. Känsligheten för
felkällor och osäkerheter i blodplättsaktiveringsmodeller studerades och förbättringar
till nuvarande modellering föreslogs.
Utvecklingen av arterioskleros sker långsamt över lång tid (år eller årtionden). De tidiga skeendena i förloppet yttrar sig vanligen på specifika platser i kärlsystemet. Dessa inkluderar artärer av speciella storlekar med högt
flöde samt kärlförgreningar och kärl med hög kurvatur. Denna platsspecificitet indikerar att blodflödet i sig har en central roll i sjukdomsförloppet. Om
framtida utveckling av arterioskleros och dess placering kunde förutses skulle
förebyggande åtgärder kunna sättas in. Denna idé utgjorde grunden för vissa simuleringar som utfördes i denna avhandling. En patientspecifik njurartär
med stenos betraktades och återställdes till friskt tillstånd med olika segmenteringsmetoder. Den prediktiva förmågan hos stenosmarkörer baserade på tidsmedelvärden av väggskjuvspänning utvärderades. Resultaten visade att dessa
inte är adekvata för att förutspå sjukdomsutvecklingen. Vidare visades det att
känsligheten för rekonstruktionsmetodologi r av samma storleksordning som
valet av reologimodell för blodet.
Vidare studier av blodreologi utfördes med detaljerade simulering där flödet
av blodplasma och dess interaktion med röda blodceller (RBC) och blodplättar
v

togs i beaktande. En kombinerad Immersed Boundary-Lattice Boltzmann-metod
användes och den resulterande reologidatan jämfördes med Quemada-modellen.
Denna jämförelse visade att Quemada-modellen underskattade den effektiva
viskositeten med upp till 50%. Samma metodologi användes för att studera transporten av röda blodceller och blodplättar. En ökning i varians av
blodcellsvolym kan, under vissa omständigheter, leda till en ökning av blodplättstransport till cellväggen.
Nyckelord: Hemodynamik, CFD, Artheroskleros, Trombos, Blodplättsaktivering,
Hemoreologi, blodplättsmigrering
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Preface
This thesis is concerned with blood flow in the human arteries and medical
assist devices. The main focus is flow scenarios associated with formation of
blood clots, and development of arteriosclerosis. An overview of the background, basic concepts, methodology and some selected results is given in the
first part. The second part is a collection of the following papers:
Paper 1. N. Berg, L. Fuchs & L. Prahl Wittberg, 2018
Flow characteristics and coherent structures in a centrifugal blood pump. To
be published in Journal of Flow, Turbulence and Combustion (Special issue:
Jets and Wakes)
Paper 2. G. Fuchs, N. Berg, L.M. Broman & L. Prahl Wittberg,
2018
Flow-induced platelet activation in components of the extracorporeal membrane oxygenation circuit. Scientific Reports 8(1), 13985
Paper 3. G. Fuchs, N. Berg, L.M. Broman & L. Prahl Wittberg,
2018
Modeling sensitivity and uncertainties in platelet activation modelling. To be
submitted to Nature Communications
Paper 4. N. Berg, L. Fuchs & L. Prahl Wittberg, 2018
Blood flow simulations of the renal arteries - effect of segmentation and stenosis
removal, Under review in Journal of Flow, Turbulence and Combustion (Special
issue: CFD for health)
Paper 5. N. Berg, L. Fuchs & L. Prahl Wittberg, 2018
The influence of red blood cell polydispersity on blood rheology and cell transport, Paper draft
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Part 1

Overview and summary

CHAPTER 1

Introduction
1.1. Background
The human body has tens of trillions of cells (Bianconi et al. (2013)), most of
which are highly specialized. For these to function properly, the local environment, e.g. pH, temperature, and ion concentration must be closely controlled.
Nutrients must be supplied to the cells whereas by-products of chemical reactions must be transported away. Most inter-cellular communication relies on
chemical signaling, and there must be other transport mechanisms than pure
diffusion to maintain the function and the needed environment for the cell.
All of the aforementioned tasks involve the vascular (circulatory) system,
and its maintained function is essential for life. Restriction of blood supply to
tissue (ischemia) leads to a reduction in supply of oxygen and nutrients, which
may impart cell function or lead to cell death (necrosis). Diseases associated
with the heart and the vascular system fall under the term ”Cardiovascular
diseases” (CVD), and constitute the leading cause of death in the world (World
Health Organisation (2017)). The mortality due to specific diseases varies from
region to region, and depend on genetic, environmental, cultural and habitual
aspects.
CVD may involve individual organs or it may co-occur in several places
of the body. If the heart and/or the lungs are the failing organs, and no
other treatment option exists, a heart-lung machine may be applied. These
systems provide mechanical counterparts to the oxygenating function of the
lungs and/or the pumping of the heart. While the therapy may be essential for
patient survival, it is associated with increased risk of bleeding and blood clot
formation (thrombosis). In this thesis, the extracorpolear membrane oxygenation circuit, further described below, will be studied.
The pathological processes in CVDs are often of multiple-component character and it is impossible to attribute a single reason to a specific disease. Instead, risk factors contributing to the formation of a disease are often pointed
out. Common risk factors involve smoking, unhealthy diet and physical inactivity. CVD may develop due to morphological alterations of the vessels. In
arteriosclerosis, the arterial walls become thick and stiff, leading to reduction of
the lumen of the vessel (so called stenosis). The cause may be due to a normal
3
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Figure 1.1. Schematic of the ECMO circuit
aging process in combination with other individual factors. The pathological
process in the wall depends on the flow conditions and the blood composition
near the wall. These aspects are discussed in some details below.
1.1.1. Extracorporeal membrane oxygenation (ECMO)
Heart-lung machines were originally designed to enable open heart surgery
during which the heart and lung function are handled by mechanical components. Modern designs made possible use not only for a few hours, but also
during longer periods (days, weeks and possibly months). Machines with life
support functions are termed ECLS (Extracorporeal Life Support systems).
Herein, the circulation is enhanced by an extracorporeal loop with the role of
maintaining high enough blood pressure and/or blood oxygen content in the
body. The ECLSs use different types of blood pumps (e.g. roller, axial and
centrifugal pumps). Modern mechanical counterparts of the lung are based on
membrane oxygenators and the commonly applied flow loop is termed extracorporeal membrane oxygenation (ECMO).
The ECMO circuit is used primarily for life support during a limited period
of time. A heart and/or lung with decreased function is off-loaded whereby the
affected organ is allowed to recover. ECMO is selectively applied; an example
is patients with severe but transient lung infection (as occurred during the
H1N1 pandemic outbreak in 2009). Other patients with affected lung function
include newly born with meconium aspiration. The ECMO therapy may also
be applied for patients with transient heart failure.
The ECMO circuit is depicted in Fig. 1.1. It consists of a blood pump, an
oxygenator, a blood heater (maintaining body temperature), a blood drainage
and reinfusion cannulae along with tubing system. The loop encompasses the
main blood circulation of the body. ECMO can be configured in different ways,
depending on the needs. For example, if the heart is the main problem, blood is
drained from the body through a cannula from a large vein and it is reinfused
into a large artery (so called veno-arterial, VA-ECMO). The blood pressure
in the system circulation can thus be maintained. When the failing organ is
the lung, blood may be drained from a central vein and the oxygenated blood
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reintroduced into a vein (veno-venous, VV-ECMO). In this way the oxygenated
blood flow through the lung and the dysfunction of the lung does not affect the
patient.
ECMO treatment is life-saving, but it is far from being free of complications. VV-ECMO has less complications as compared to VA-ECMO (MaslachHubbard & Bratton (2013)). In both modes, complications are of thromboembolic character (formation of blood clots and/or bleeding) and may occur in
as many as 35% of patient cases (Cheng et al. (2014)). Further complications
may depend on the patient’s underlying disease prior to the ECMO treatment.
To reduce thrombi formation, all artificial surfaces are treated with heparin
which inhibits some steps in the blood coagulation cascade. However, this inhibition is incomplete and the non-physiological flow in the ECMO components
may result in platelet activation and the formation of thrombi. Such thrombi
may detach from their original location and become an embolus (which may
manifest as stroke). If the patient is unable to produce the needed amount of
platelets, bleeding may occur (Sandersjöö et al. (2017)). Therefore, reducing
the risks for platelet activation has an important clinical impact. Some further
discussion on blood hemostatis is given in Chapter 2.5.
1.1.2. Arteriosclerosis
Arteriosclerosis is a slow process, taking decades in humans before it leads to
clinical manifestations. The process is associated with an inflammatory process
in the walls of arteries. It is initiated at some common locations, such as bifurcations of the carotid and renal arteries as well as in arteries of certain sizes and
flow rates, such as the coronary arteries and some arteries in the brain. Since
the process is initially focal, it was postulated already over 50 years ago that
the process is associated with the local flow conditions. Some general aspects
may enhance and accelerate the process (for example smoking, overweight and
having too much of certain blood fats). The initial inflammatory process leads
to accumulation of inflammatory cells in the arterial wall, underneath the endothelium (the cell layer lining the inner wall of the vessel). Throughout the
process, the wall of the vessel thickens and later on fatty cells (derived from
immune cells) accumulate in the wall (see Figure 1.2). The wall thickening
takes place also towards the inner part of the lumen whereby the vessel become constricted. Over time, part of the wall may calcify and the stenosis may
have clinical manifestation, depending on the location of the stenosis. Arteriosclerosis of coronary arteries may in some cases lead to intermittent thorax
pain before a heart attack occurs.
For the time being, no complete explanation of the atherosclerotic process
exist. Some risk factors have been identifies, but it is impossible today to
predict where and in whom arterial wall alterations and stenosis are to occur.
As part of an effort to understand the process, experimental and computational
tools have been employed (some examples include Alishahi et al. (2011); Taylor
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Figure 1.2. Development of arteriosclerosis.

et al. (1998); Avrahami (2013)). The flow field and in particular parameters
related to the Wall Shear Stress (WSS) have been proposed to identify the fluid
mechanical contribution to the formation of vessel pathologies. In this thesis
we were seeking to extend such tools for predictive purposes for being able to
assess the risk for an individual to develop arteriosclerosis long before it can
be detected during a medical examination.
1.1.3. Fluid mechanics of blood flow
Obtaining details of blood flow in-vivo is challenging for several reasons. From
an ethical point of view, any bedside measurement should not interfere with
normal treatment of the patient unless it is an acute life saving measure. Therefore, animal laboratory as well as in-vitro and in-silico experiments become the
main tools for improving the knowledge about the biomedical and mechanical processes taking place in real-life situations. This thesis is concerned with
issues related to the effect of blood flow on cells: blood and endothelial cells
in arteries, and blood platelets in ECMO related devices. Such studies are
difficult to carry out in laboratories as long as blood is used. Instead, blood
analogs that emulate the rheological properties of blood may be considered.
Blood analogs do however not contain cells and therefore no direct information
on the cell-flow interaction (primarily platelets and RBC, cf. Chapter 2) can
be obtained.
The rheological properties of blood can be accounted for by calibrated
models that are function of the local RBC concentration and the local shear
stress. Coupling such rheological models with Computational Fluid Dynamics
(CFD) enables simulations of blood flow in complex geometries such as the
arterial tree or medical assist devices. CFD data can then be used to assess the
risks for formation of thrombi or arteriosclerosis. In CFD models, rheological
properties of the blood, platelet migration and activation, RBC interactions
with walls and platelets, are all modeled. These results relies heavily on semiempirical models calibrated to experimental data. For this reason it was found
important to address the issue of model parameter uncertainty and how such
model errors propagate and affect the target quantity.
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1.2. Objectives
A central issue in this thesis is thromboembolic complications directly related
to the ECMO treatment. Further thromboembolic complications may be due
to the underlying disease which may be enhanced by side-effects of the ECMO
treatment. Models for predicting the activation of blood platelets were used
to assess the risk of thrombus formation in commonly used ECMO components (centrifugal blood pump, cannulae and tube connectors). Detailed CFD
simulations were applied to address the following research questions:
• Which flow structures characterize the flow in the different components
of the ECMO circuit?
• How do these contribute to the thrombogenicity of the system?
• What are the uncertainties and errors associated with the current state
of the art in platelet activation modeling?
Blood flow in patient specific geometries was initiated in order to improve
the understanding for the underlying mechanism for the formation of localized
arterial wall changes which ultimately lead to stenosis. Patient data in form of
Computed Tomography Angiography (CTA) provided information on the shape
of the blood vessel. CT data was converted to surface data using segmentation
tools. In order to improve the understanding of the effects of blood flow on
the forces acting on the walls of the artery, the irregularities in the CT data
(including stenosis) were removed using tools developed during the thesis work.
The sensitivity of the results to segmentation uncertainty was also assessed.
The main research questions are:
• What is the predictive capability of commonly applied averaged WSS
indicators on the development of arteriosclerosis?
• How sensitive are these indicators to segmentation technique and alterations in vessel geometry?
Blood is far from being a simple Newtonian fluid, unless certain conditions
(i.e. high shear rate) are met. The effect of blood rheology was studied by
employing rheological models using continuum models for blood flow in larger
vessels. In smaller vessels, where the flow scales are not very much larger than
the size of the Red Blood Cells (RBC) more detailed blood flow simulations
were employed. In the former case, models relating the effective blood viscosity
to the local RBC concentration (hematocrit) and the shear rate were used. The
latter approach uses Lattice Boltzmann Modeling (LBM) where the each RBC
is resolved. The space averaged viscosity can be computed and using to assess
the validity of rheological models alike Quemada. Here, we assess the following
questions:
• What is the effect of rheology model on simulations of arterial blood
flow?
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• How does the cellular nature of blood affect the rheology and transport
of cells (platelets and RBCs)?
To assess the research questions appropriate methodology is required. A
review of the underlying physics of blood flow, both at macro and microscale
is presented in Chapter 2. Motivated by this discussion, the applied physical
models is described in Chapter 3. The numerical methods applied to discretize
and solve the resulting equation are outlined in Chapter 4. Some selected
results are presented in Chapter 5. The work is summarized and future work
is proposed in Chapter 6. The thesis work resulted in five papers, which are
all included in the back.

CHAPTER 2

Hemodynamics and cell transport
In this chapter, the physics of flowing blood will be reviewed. A general description of the flow in the circulatory system is first given. The composition
of blood is then examined in detail, in particular the red blood cells and the
platelets, their transport and the implications on the macroscopic motion of
blood. Finally, some notes are made on platelet activation, blood coagulation
and the pathogenesis of thrombosis.

2.1. The circulatory system
A human adult has a blood volume of 4-6 liters, kept in motion by the pressure
head generated by the heart. The heart has four chambers, two atria and two
ventricles. Each ventricle is supplied blood from its corresponding atrium, and
is equipped with two valves to enable a unidirectional flow. The circulatory
system can be divided into two connected circuits, as depicted in Figure 2.1.
The pulmonary circuit takes oxygen-low and CO2 -rich blood from the inferior
and superior vena cava to the lungs for gas exchange. The oxygenated blood
reenters the heart through the pulmonary veins, and goes into the systolic
circulation through the aorta, delivering oxygen and nutrients to the rest of
the body.
The largest arteries and veins (D ∼ 3 cm) are found close to the heart. The
vascular network is formed through a series of bifurcations, where the vessel
diameter is successively reduced down to the size of arterioles (D ∼ 100 µm)
and eventually the capillaries (D ∼ 5 µm). The flow in the capillaries is slow
which combined with their small size allows smaller molecules to diffuse into
the surrounding parenchyma. The deoxygenated blood from the capillaries is
gathered through the low-pressure venous system into the right atrium of the
heart before entering the right heart ventricle.
The pressure in the circulatory system decreases from the left ventricle
along the circulatory system from about 120 mmHg (about 16 kPa) to about
20 mmHg (about 2.6 kPa) in the right atrium. The arteries are characterized
by having thicker walls to withstand the higher pressure and are flexible (under
healthy conditions). With the development of arteriosclerosis, when the arteries
become rigid, the heart to produce higher pressure in order to maintain the
9
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Figure 2.1. Schematic of the pulmonary and systemic circulation. Image courtesy of OpenStax CNX (https://cnx.org/)
flow in the organ level, which may lead to hypertension along with further
complications.
The flow in the vascular system is inherently unsteady due to the pulsation
of the heart. The cardiac cycle can be divided into a period of heart contraction
(systole) and a period of relaxation (diastole). Due to the flexibility of the
arteries, some of the pressure produced by the left ventricle during systole is
stored. The flow undergo rapid acceleration and deceleration during systole.
During diastole, the flow decelerates further and the arteries return to their
normal shape.
Blood flow is further influenced by the complexity of the vascular network,
which features local high curvature, turtousity, and a large number of bifurcations. Secondary flow can be expected to occur, and there is a possibility for
flow separation. Further complexity is added by the cellular nature of blood,
which has implications for its rheology, as described in Sections 2.2-2.4.
An important non-dimensional parameter for flows is the Reynolds number,
defined as the ratio between inertial and viscous forces,
UD
ReD =
,
(2.1)
ν
where U is a velocity scale. Based on peak flow rate, the Reynolds number can
be estimated to be of order 1 in the arterioles and 4000 in the Aorta. The flow
in a straight pipe is known to transition to turbulence at Re ∼ 2000. Steady
flow experiments by Stehbens (1959) showed the critical Reynolds number to
be lower in vessel-like geometries, such as bifurcations or geometries with high
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curvature. Vascular blood flow is however, under normal conditions, laminar
(Ku (1997)). Turbulent spots have been observed in-vivo during peak systole,
but the turbulent kinetic energy was found to decay rapidly during flow deceleration (Nerem (1992)). In-vivo measurements have shown the formation of
helical flow structures in the aorta, which have been hypothesized to inhibit the
energy flux from the larger to the smaller scales of the flow (Morbiducci et al.
(2009)). Moreover, turbulence does not develop instantaneously, and the oscillation frequency will influence the critical Reynolds number (c.f. the review by
Çarpinliolu & Gündodu (2001)). Peacock et al. (1998) studied pulsatile flows
in a straight pipe and found the pulsatility to delay the transition to turbulence
under physiological conditions.
The flow may become transitional and turbulent as constrictions develop
in the arteries. Similarly, leaking or stenoted heart valve lead to turbulent flow.
Clinically, the effect of turbulence is utilized for quick and straightforward diagnostics (by auscultation). Turbulent flows indicate the presence of pathology,
but has also a negative effect on the blood itself and the blood vessels that may
lead to thromboembolic complication or weakening of the walls of the arteries.

2.2. Blood composition
Blood is a two-phase suspension of formed elements (red blood cells, white
blood cells and platelets) in an aqueous solution (the plasma). As shown in
Table 1, the formed elements occupy close to half of the volume in the larger
arteries. Out of the formed elements, the RBCs are in a clear majority and
make up around 99% of the cellular volume.
Cell type
Red blood cells
White blood cells
Platelets

Number conc. [103 /µL]
4200–6000
3–11
170–400

Volume conc.
45%
< 0.1%
0.3%

Table 1. Composition of cellular elements in blood by number and volume concentration. Data from Goldsmith & Skalak
(1975).

The plasma (i.e. blood without cells) serves as carrier fluid for the formed
elements and contains a wide range of organic and inorganic solutes. The solutes make up approximately 8-9% of the plasma by weight (Rampling (2007)),
and include ions from dissolved and dissociated salts, metabolic molecules and
proteins. A notable set of proteins include those belonging to the immune
system and coagulation factors which, when activated, participate in the coagulation cascade, further described below.
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The plasma viscosity is mainly determined by protein contents and temperature, and is fairly insensitive to shear rate (Rand et al. (1964)). The values
of density and viscosity of plasma under physiological conditions are ρp = 1025
kg/m3 and µp = 1.25 ± 0.10 mPa·s, respectively.

2.3. Red blood cells
The RBCs (erythrocytes) are responsible for oxygen transport and pH buffering. In adults, the cells form in the bone marrow, and remain in the circulatory
system for 90-120 days until eventually being destroyed in the spleen (Silbernagl
& Despopoulos (2015)). Unlike most other cells, the RBCs are anucleated and
devoid of organelles, leaving a cytosol consisting mainly of a hemoglobin-rich
solution. The high hemoglobin concentration yields a cytosol viscosity that is
5-8 times greater than that of blood plasma.
The cytosol is separated from the extra-cellular space by a thin membrane
of lipid (fat) molecules, assembled into a bilayer with the hydrophilic parts
facing the outer and inner parts of the RBC. The lipid bilayer itself behave
much like a fluid, and its fluidity (or reciprocal viscosity) depend on chemical
composition. Similar to other fluid-fluid interfaces, the bilayer show a resistance
to bending.
The membrane has a highly selective permeability. Water, gases and hydrophobic molecules can pass through unrestrictedly, whereas the permeability
of water-soluble molecules is negligible. When an osmotic (or solvent concentration) gradient exists over the membrane, the RBC will increase or diminish
in volume due to the resulting water diffusion. In the experiments of Canham
& Parkinson (1970), the osmotic pressure was gradually reduced, resulting in
gradual swelling until hemolysis. While the shape went from biconcave to
spherical, no significant change in area was observed, showing the large resistance to area change. In absence of osmotic gradients, the RBCs will tend to
conserve their volume.
The bilayer has membrane proteins attached to it, either as transmembrane
proteins (fully or partly perforating the membrane) or as lipid-bound. Different
proteins provide different functions; e.g. as signal receptors, transporters for
specific molecules, or as attachment points for the cell’s internal skeleton - the
cytoskeleton. The cytoskeleton constitutes a mesh of spectrin fibers on the
cytosolic side of the membrane, providing additional structural support.
The RBCs typically have a volume of 90 µm3 and an area of 135 µm2
(Tomaiuolo (2014)). This relatively high area to volume ratio, in combination
with the relatively low bending stiffness, yields a large RBC deformability. The
cells can pass through even the narrowest of constrictions, e.g. the capillaries
(diameter 3-5 µm) and the spleenic slit (0.5−1 µm). At mechanical equilibrium
the cell takes a biconcave shape (Canham (1970)) with a typical diameter, and
minimal and maximal thickness of 8, 1 and 2 µm, respectively.
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The mechanical properties of healthy RBCs are shown in Table 2. However,
note that the properties of the RBCs vary between individuals, over the RBC
lifetime and in systemic pathologies. As the cell ages, the volume decreases
and the cells get stiffer (Rampling (2007)).
To conclude, the RBCs can be thought of as an area conserving viscoelastic
membrane with finite bending stiffness enclosing an incompressible drop of
higher viscosity as compared to the surrounding medium.
Quantity
Surface area
Volume
Shear modulus
Area compression modulus
Bending elastic modulus
Cytosol viscosity

Symbol
Arbc
Vrbc
G
K
Kb
µrbc

Value
113.8 ± 27.6 µm2
89.4 ± 17.6 µm3
6.07 ± 3.8 µN/m
399 ± 110 µN/m
1.15 ± 0.9 · 10−19 J
6.07 ± 3.8 mPa· s

Table 2. Mechanical properties of the red blood cells. Data
from Tomaiuolo (2014).

2.3.1. RBCs in flow
Due to the high volume fraction (RBC hematocrit), blood flow is mainly governed by the dynamics of the RBCs, and their interaction with the blood
plasma. For particles in flow, the main non-dimensionless entities are the
Stokes number and particle Reynolds number. The Reynolds number is defined as the ratio of inertial to viscous forces, and the Stokes number as the
ratio between the flow timescale, τf , and the particle response time, τp :
Rep =

γ̇a2
,
ν

St =

τp
τf

(2.2)

where γ̇ is the shear rate, a the particle (equivalent) radius, and ν the kinematic
viscosity.
The motion of a non-spherical particle in a simple shear flow at negligible
particle and fluid inertia (Rep = St = 0) was considered by Jeffery (1922). An
oblate spheroidal particle was found to undergo a periodic rotary motion, with
alternatively increasing and decreasing angular velocity. This kind of rotary
motion has consequently been referred to as tumbling, and Jefferey showed
that the rotation period was,
T =
where rp is the aspect ratio.

2π
(rp + rp−1 )
γ̇

(2.3)
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The tumbling mode has been found for RBCs in both experiments (Dupire
et al. (2012)) and numerical simulations (Pivkin & Karniadakis (2008)) at low
shear rates. As the shear rate increases, the cells begin to deform. The ratio
of viscous forces to the shear resistance of a membrane is expressed by the
Capillary number,
CaG =

µγ̇a
,
G

(2.4)

where µ = ρν is the dynamic viscosity of the surrounding fluid, and G is the
shear modulus of the membrane. Above a critical Capillary number, the tumbling motion seizes and the RBCs align with the shear direction of the flow. The
membrane rotates around the cytosolic fluid of the RBC (Schmid-Schönbein &
Wells (1969)), in a dynamic mode named ”tank-treading”. Further increasing
the shear rate leads to elongation of the RBC in the shear direction.
The tank-treading motion has been shown to persist as long as the power
supplied by the external shear exceeds the viscous dissipation in the membrane
and the RBC cytosol (Skotheim & Secomb (2007)). The critical capillary number will thus depend on the viscosity ratio, λ = µcytosol /µplasma , between the
cytosolic fluid and the plasma, as well as the RBC elongation (Keller & Skalak
(1982)).
It has since long been observed that when RBCs are placed in a wall
bounded flow, the RBCs tend to migrate toward the center of the vessel (see e.g.
Aarts et al. (1988)). This migration result in a cell free layer (CFL) forming
close to the wall, acting similar to a lubrication layer for the flowing blood. The
appearance of the CFL leads to the Fåhræus effect (reduction of hematocrit
with decreasing vessel diameter) and the Fåhræus-Lindqvist effect (reduction
of apparent viscosity with decreasing diameter) (Popel & Johnson (2005)).
The underlying mechanism for RBC migration has received much attention
over the last decades (c.f. the review by Geislinger & Franke (2014)). It
should be noticed that migration occurs even at minuscule Reynolds numbers
(Rep ∼ 10−6 ). The mechanism is thus distinct from the shear-induced inertial
lift force that gives rise to the Sigré-Silberberg off-center equilibrium for rigid
spheres in a laminar tube flow (Segré & Silberberg (1962)). A tank-treading
capsule near a wall in a shear flow induces, in the Stokesian limit, a force dipole
giving rise to a lift force away from the wall (Olla (1997)). The drift velocity
takes the form Ud = U ∗ γ̇a3 /z 2 , where U ∗ is a shape dependent parameter, and
z the wall distance. The same scaling has been found experimentally under
zero gravity for tumbling RBCs (Grandchamp et al. (2013)).
Noting that the concentration flux can be expressed jd = Ud α, where α is
the hematocrit, an estimate can be written as:
jd = −

U ∗ γ̇a3 α
n,
z2

(2.5)
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where n is the wall normal. Note that this is only valid for a dilute suspension,
or close to the wall, as the wall effect otherwise will be ”screened” for RBCs in
the core of the vessel by mural RBCs.
Blood is a dense suspension and as such, intercellular collisions, hydrodynamic interaction and adhesive forces become important. Deformable particles, unlike smooth and spherical, are irreversibly shifted by collisions (Lac
et al. (2007)). Following Leighton & Acrivos (1987), an estimate of the flux
can be made by assuming that each collision leads to a displacement of order
a. The collision frequency scales as γ̇α, and if the hematocrit or shear rate
is non-uniform, the likelihood of a collision will depend on the direction. The
difference in collision frequency on the scale of the RBC is a∇(γ̇α), and the
induced drift velocity becomes Vc = −Kc a2 ∇(γ̇α), where Kc is a constant of
order 1. The associated flux is jc = −Kc αa2 ∇(γ̇α), and the net effect is that
RBCs will migrate toward regions of lower shear rate and/or hematocrit.
Due to inter-cellular collision, the RBCs will over time undergo an anisotropic
random walk. This shear-enhanced diffusion is often expressed in terms of an
effective diffusivity. Experiments have revealed that the diffusion coefficient,
Drbc , for RBCs is two orders of magnitude larger than that expected from pure
Brownian diffusion (Goldsmith & Marlow (1979)). Zydney & Colton (1988)
found the following experimental correlation for deformable suspensions:
Drbc = γ̇a2 kα(1 − α)n

(2.6)

where k = 0.15 ± 0.03 and n = 0.8 ± 0.3 for blood.
The relative effect of advection to diffusion of RBCs is expressed in the
mass Peclet number,
UL
,
(2.7)
PeM =
Drbc
where U and L are velocity and length scales for the flow, respectively. Using
nominal values for the mean velocity and vessel diameters, the Peclet number
ranges from O(106 ) in the aorta to O(10) in the arterioles. Thus, it can be
concluded that the RBC transport is primarily advection driven in the larger
vessels, and the diffusive flux from collisions becomes increasingly important
as the vessels become smaller.
Due to the reversible adhesive interactions, RBCs organize into aggregates
similar to stacks of coins (rouleaux) under stasis or low shear conditions. Two
conflicting theories exist for the mechanism behind these forces, but it has been
found that the presence of plasma macromolecules such as fibrinogen is required
(Neu & Meiselman (2007)). In the bridging model it is assumed that cell
aggregation arises from macromolecule adsorbtion, and the resulting molecular
bonds between the RBCs. The depletion layer model describes a process where
when the RBCs get close, macromolecules are selectively excluded from the
intercellular gap due to their size. This localized decrease in concentration
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gives rise to an osmotic gradient out of the gap, and a resulting attractive force
between the cells.
The adhesive forces are in competition with electrostatic repulsion between
the negatively charged cell membranes, elastic forces in the membrane and fluid
shear stress. The aforementioned rouleaux structures break up as the shear rate
increases.

2.4. Hemorheology
The rheology of a fluid describes its response to applied forces. The blood
plasma is, as mentioned above, a Newtonian fluid and exhibits a linear shear
rate-stress response:
τ = µγ̇
(2.8)
where τ is the viscous stress, µ the viscosity, and γ̇ the shear rate.
When discussing the rheology of whole blood, a distinction must be made
between the microcirculation (capillaries, venules and arterioles) and the macrocirculation (arteries and veins). In the microcirulation, the vessel diameters are
comparable to the size of the cells, and the cellular nature must be taken into
account. An apparent viscosity, µapp , can be evaluated from measurements of
the flow rate, Q, and the pressure drop, ∆p, in a vessel. For a fully developed,
laminar flow of a Newtonian fluid (Hagen-Poiseuille flow) it holds that:
πD4 ∆p
(2.9)
128Q L
where D and L are the vessel diameter and length, respectively. The apparent
viscosity is defined in analogy with the Hagen-Poiseuille relation, and has been
found to depend mainly on RBC concentration and vessel diameter (c.f. Pries
et al. (1992)). The platelets and WBCs have a neglible effect. The capillaries
are narrow enough that the RBCs have to deform in order to pass through. As
the vessel diameter decreases below the RBC diameter (8 µm), the hematocrit
approaches one and the apparent viscosity increases until the RBCs are no
longer able to deform without breaking. In slightly larger vessels (diameter
of a few RBC diameters), the apparent viscosity is mainly governed by the
formation of the cell free layer, which leads to a local reduction in viscosity and
shear stress close to the wall. The relative influence of the CFL reduces with
increasing diameter, whence the apparent viscosity increases.
In the larger vessels, where the length scales of the flow are larger than the
size of the RBCs, it becomes meaningful to describe blood as a continuum and
attribute local values to the viscosity. The blood viscosity has been measured
in rheometers (see e.g. Hardeman et al. (2007) for a review on experimental
methods), and the effect of different parameters have been elucidated. The
effective viscosity depends not only on hematocrit, but also on shear rate.
RBC aggregation at low shear rates leads to an effective increase in particle size
and an accompanying increase in effective viscosity. The progressive aggregate
µapp =
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Figure 2.2. Effect of suspending fluid (a) and hematocrit (b)
on whole blood viscosity. Data after Cokelet & Meiselman
(2007).
break-up with increased shear rate leads to a gradual decrease in viscosity. The
shear rate dependency at low shear rates can be modeled with a Casson model
(Casson (1959)),
1/2
τ 1/2 = aγ̇ 1/2 + τyield ,
(2.10)
where a is a constant and τyield is the yield stress.
Further increasing the shear rate leads to RBC elongation and alignment
with the flow direction. The combination of this effect and disaggregation gives
blood a shear-thinning behavior, as displayed in Figure 2.2(a). The Figure also
shows the case when the suspending fluid is replaced by saline, which do not
contain the necessary macromolecules for aggregation. The result is an eightfold decrease in effective viscosity at a shear rate of 0.5 s−1 . By also hardening
the RBCs, thus preventing deformation, the result is a Newtonian suspension
with an increased viscosity at higher shear rates. The effect of hematocrit is
two-fold, as illustrated in Figure 2.2(b). The effective viscosity increases with
hematocrit, but it also has an effect on the degree of shear-thinning of the
suspension.
A pletheora of models for blood rheology has been developed and fitted
to experiments. A review of the many currently available viscosity models is
given by Yilmaz & Gundogdu (2008). At large shear rates, blood behaves as
a Newtonian fluid. The Quemada model (Quemada (1977)) was developed for
concentrated particle suspensions, and was later extended to non-Newtonian
systems (Quemada (1978)). The model takes the form,
#−2
"
p
α k0 + k∞ γ̇/γ̇c
p
µ = µp 1 −
,
(2.11)
2 1 + γ̇/γ̇c
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where µp is the plasma viscosity. The non-dimensional, intrinsic low and high
shear rate viscosity coefficients, k0 and k∞ , and the critical shear rate γ̇c have
been correlated to experiments at a wide range of hematocrits by Cokelet
(1987):
k0 = exp (3.874 − 10.41α + 13.8α2 − 6.738α3 ),
2

3

k∞ = exp (1.3435 − 2.803α + 3.711α − 0.6479α ),
2

3

γ̇c = exp (−6.1508 + 27.923α − 25.6α + 3.697α ) s

−1

,

(2.12)
(2.13)
(2.14)

2.5. Platelets
The platelets (or thrombocytes) form in the bone marrow and have a life time
of 9-12 days (Silbernagl & Despopoulos (2015)). Their size is smaller as compared to the RBCs, with a diameter of 2-3 µm and a resting shape that is
discoidal (Hartwig (2013)). Similar to the RBCs, the platelets have a spectrin network, and a rigid network of cross-linked actin filaments spanning the
cytosol. Structural integrity is further reinforced by a torus-like structure of
microtubules (the ”Marginal band”) around the circumference of the cell (Sorrentino et al. (2016)). Micropipette aspiration measurements have revealed a
shear modulus of G = 29 ± 14 µN/m, a factor 4-5 larger than for the RBCs
(Haga et al. (1998)). The platelets are anucleated, but contain mRNA, mitochondria, rough endoplasmic reticulum, and granules storing procoagulant
chemicals.
2.5.1. Transport and margination
The platelet motion is highly influenced by the high concentration of RBCs.
Similar to as for the RBCs, intercellular collisions (here platetet-RBC interaction) will induce diffusive motion. Measurements in vitro (Tilles & Eckstein
(1987)) and in vivo (Tangelder et al. (1985)), have shown an excess of platelets
near the vessel wall in the microcirculation. The near-wall concentration can
be many-fold higher than in the center of the vessel (Aarts et al. (1988)). The
near wall excess has been found to occur at wall shear rates above 410 s−1 , and
becomes more pronounced with increasing hematocrit and shear rate (Tilles &
Eckstein (1987)).
2.5.2. Activation and hemostasis
The platelets, along with plasma proteins (coagulation factors) and the vessel wall, play an essential role in preventing blood loss due to vessel injury
(hemostasis). Upon vessel wall rupture, platelets are recruited to the bleeding
area and undergo activation. Once activated, the platelet reorganizes its cytoskeleton and elongates the marginal band, leading to a change in shape from
discoidal to spherical (c.f. Diagouraga et al. (2014)). Extrusions (pseudo-pods)
are extended from the membrane effectively increasing the surface area, and
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the contents of the platelet’s granules are released. Membrane proteins are also
activated, some of which catalyze reactions creating procoagulants and some
of which allow irreversible fibrin-mediated bonds to form between platelets. A
platelet plug covering the rupture is thus formed - a process that typically takes
2-4 minutes (Silbernagl & Despopoulos (2015)).
Platelet activation in the aforementioned scenario is initiated by adhesion
to macromolecules (subendothelial-bound von Willebrand factor, vWF, and
collagen) or by interaction with platelet agonists (e.g. thrombin, ADP and
thromboxane A2). Another mechanism for activation has been found to be
exposure to high shear stress (Ramstack et al. (1979)). The response is nonlinear, and depends on the exposure time as well as the shear stress history.
A platelet previously exposed to high shear (> 2000/s) becomes sensitized
and activates with a higher probability at a later point (Sheriff et al. (2010)).
Models for shear induced platelet activation will be described in Chapter 3.3.3.
Coagulation is accelerated by a series of feedback reactions (the intrinsic and extrinsic pathway), whose end-result is conversion of prothrombin to
thrombin and fibrinogen to fibrin. Thrombin is a potent platelet agonist and
fibrin crosslinks adherent platelets, leading to strong platelet adhesion. The
process is balanced by production of inhibitors for reactions in the coagulation
cascade as well as fibrinolysis (breakdown of fibrin).
While hemostasis is essential for maintaining life, the system is not without complications. A deficit of coagulation factors can lead to increased risk of
bleeding (e.g Hemophilia A due to shortage of factor VIII). Increased coagulability, non-physiological blood flow or dysfunction of the endothelial cells may
lead to thrombosis, or the formation of blood clots, within the circulatory system. The result of thrombosis is partial or, in severe cases, complete occlusion
of the blood vessel, leading to reduced or blocked blood supply to the downstream tissue (ischemia). Thrombi may also break free and circulate with the
blood stream (embolization), with the risk of occluding smaller downstream
vessels.

CHAPTER 3

Blood flow models
Blood flow is inherently a multiscale process, starting from the level of the
processes governing the cell motion up to the flow structures at the scale of the
confining geometry. Attempting to model all scales is, in general, not feasible.
Guided by the discussion in Chapter 2, each flow case will be considered separately, and relevant assumptions will be introduced. A macroscale approach,
where the blood is modeled as a continuum will be taken for the components
of the ECMO system as well as for the vascular blood flow. A mesoscale model
will also be presented where the motion and deformation of individual cells is
taken into account.

3.1. Conservation laws
A fluid is, at the fundamental level, made up of a very large number of atoms,
and keeping track of all positions and momenta would be a formidable challenge. Most applications only require knowledge of the average motion and at
lengthscales that are much larger than the typical distance between the atoms.
Under these conditions, macroscopic entities, such as density and velocity, can
be defined in terms of averages over a small representative volume. The fluid
is hence regarded as a space-filling continuum.
The governing principles of continuum mechanics are the conservation of
mass, momentum and angular momentum. Momentum conservation is expressed in the Navier-Stokes equation (see e.g. Kundu & Cohen (2010)),

ρ


∂u
+ (u · ∇)u = ∇ · σ + g,
∂t

(3.15)

where ∇ = (∂/∂x, ∂/∂y, ∂/∂z) is the del operator, ρ the density, u the velocity,
σ the viscous stress tensor, and g body forces acting on the fluid. Conservation
of angular momentum implies symmetry of the stress tensor, such that [σ]ij =
[σ]ji .
Conservation of mass implies,
∂ρ
+ ∇ · (ρu) = 0.
∂t
20

(3.16)
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For an incompressible flow, i.e. the density is constant for each fluid parcel
moving with the flow, the continuity equation simplifies to,
∇ · u = 0,

(3.17)

To close the system of equations, a constitutive relation and boundary conditions must be supplied. The constitutive equation relates the shear (deformation) rate to the viscous stresses in the fluid. For an incompressible Newtonian
fluid, a linear relation is assumed and the stress tensor takes the form
σ = −pI + 2µγ̇,

(3.18)

where I is the identity tensor, µ the dynamic viscosity, γ̇ = (∇u + (∇u)T )/2
the shear rate tensor, and p the pressure.

3.2. Arterial blood flow
An assessment of the predictive capability of WSS based measures for arterosclerosis requires flow data in the affected vessel during the development of the disease. This, in turn, can rely on either flow measurements taken over time or, as
in our case, the result from physical modeling. In the considered arteries, the
mean distance between the blood cells is small compared to the typical length
scales of the flow. Blood is therefore modeled as a continuum and the flow
is assumed to follow the Navier-Stokes equation. To allow for a non-uniform
RBC distribution, a hematocrit field, α, is introduced. From this, the local
blood density can be defined as,
ρ = αρRBC + (1 − α)ρplasma

(3.19)

where ρRBC and ρplasma are the density of RBCs and blood plasma, respectively.
The influence of the shear-thinning behavior of blood can be assessed by
comparing a Newtonian analog fluid (constant viscosity) with that of a Quemada model (see Equation 2.11). For the Quemada fluid, a uniform (α = 0.45)
as well as a varying hematocrit is considered. For the varying hematocrit, a
non-uniform distribution is imposed at the inlet with decreased RBC concentration near the wall to simulate the presence of a cell free layer. The RBC
transport is modeled by an advection-diffusion equation,
∂α
+ u · ∇α = ∇ · Jα
(3.20)
∂t
where the second and third terms account for the convective and diffusive
fluxes, respectively. Convection dominates in the larger arteries, and a simple,
isotropic (Fickian-like) diffusion is assumed, such that Jα = Drbc ∇α, where
Drbc is the diffusivity.
The influence of flow pulsatility is non-negligible, and a time-dependent
velocity profile obtained from previous simulations of the flow in the descending
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aorta is imposed at the inlet [Prahl-Wittberg et al]. No turbulence modeling
is applied.

3.3. Flow in ECMO components
The aim is to study the flow structures and their contribution to the thrombogenicity in the ECMO circuit. The flow itself is expected to be turbulent
and the shear rates are high. A Newtonian assumption for the fluid rheology is
thus motivated. A turbulent flow entails a large range of time and lengthscales.
Resolving all the turbulent scales with direct numerical simulation (DNS) is
prohibitively expensive, An averaged Navier-Stokes approach has often been
taken (using the so called Reynolds Averaged Navier-Stokes, RANS equations
in steady or unsteady, URANS, forms) for cardiovascular assist devices. The
velocity and pressure field is decomposed into an average and a (turbulent)
fluctuating component. In this approach, all turbulent scales have to be modeled. The importance of incorporating proper turbulence models have been
elucidated by comparisons between experiments and simulations by Apel et al.
(2001) as well as Song et al. (2003). The main drawback of the RANS based
models is that it was designed for high Reynolds number flows where the turbulence has a more or less universal behavior (Kolomogorov’s theory). This is
not necessarily the case for the flows in the artificial organs under consideration
here (pulsatile flow, Reynolds number of the order 103 − 104 ). In this work,
Large eddy simulation is instead applied, as described below.
The effect of the flow on risk of blood clot formation is evaluated from
platelet tracking data. We refrain from modeling the whole coagulation cascade, but focus instead on platelet activation with shear stress as main stimuli.
Activation due to chemical agonists, including secondary activation due to agonist secretion upon activation is not considered.
3.3.1. Large eddy simulation
In Large Eddy simulation (LES), the aim is to resolve the larger, energy containing turbulent scales and apply modeling to the smaller scales. To this
purpose, a cutoff length scale, ∆, is introduced. A low pass filtering operation,
here denoted by an overbar, is applied to the Navier-Stokes equation,


∂ ū
+ ū · ∇ū = −∇p̄ + ∇ · τ̄ + ∇ · τSGS
(3.21)
ρ
∂t
where ū and p̄ is the filtered velocity and pressure, respectively, τ̄ = µ(∇ū +
∇ūT ) the filtered viscous stress tensor, and τSGS an additional stress-like term
arising due to the effect of the sub-grid scales,
τSGS = −ρ(u ⊗ u − ū ⊗ ū).

(3.22)

This term can not be evaluated in terms of the filtered quantities and must
be modeled. In Kolmogorov’s theory, the intermediate turbulent scales can be
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assumed to be isotropic (granted that the flow is far away from the boundaries)
and self-similar, thus lending themselves to universal models. One such model
comes from the Boussinesq hypothsis, where the subgrid stresses are assumed
to act similar to an added, turbulent viscosity. An example is the√Smagorinsky
model where the turbulent viscosity is evaluated as µt = C∆2 τ̄ : τ̄ , where
∆ is the scale of the grid, and C is a model constant . Note that the sub-grid
stress should tend to zero as the cutoff length scale increases.
When the turburlent spectrum has a narrow inertial subrange and with
adequate spatial resolution is applied, the natural alternative is to not use any
sub-grid scale modeling, in so-called implicit LES (iLES). It can be shown that
the leading error term from a non-oscillatory finite volume distretization of
order 2 takes the form of an added viscous dissipation (Margolin et al. (2006)).
The truncation error thus has the same damping effect as an explicit turbulence
model.
3.3.2. Platelet tracking
Each platelet can be considered as a point particle with position Xi and velocity
Ui . The position updates in accordance with,
dXi
= Ui (t).
(3.23)
dt
Due to the small size of the platelets, the influence of fluid inertia on
the platelets is neglected. Velocity fluctuations arising from hydrodynamic
interaction with the RBCs are assumed to be small. The force acting on the
platelet is assumed to be limited to the Stokes drag, and the force balance on
the platelet is,
dUi
mp
= 6πµap [u(t, Xi (t)) − Ui (t)]
(3.24)
dt
where mp = 4ρp πa3p /3 is the mass of the platelet, ap the equivalent radius, ρp
the density, and u the local flow velocity.
The influence of platelet-platelet interactions is neglected. Due to the low
volume fraction, the effect of the platelets on the carrier fluid is also neligible
(so called one-way interaction). Wall collisions are assumed to be fully elastic,
leading to a full reversal of the wall-normal component of the velocity at the
instant of impact.
3.3.3. Platelet activation
The platelet will be subject to a time-varying shear stress while passing through
the device. The platelet activation probability is indicated by the Platelet
Activation State (PAS). PAS takes a value between 0 and 1, where a larger value
indicates a higher probability. The earliest proposed shear-induced activation
models were based on experiments in constant shear, where it was noted that
the activation state increases monotonously with applied shear stress, τ , and
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exposure time, t (Ramstack et al. (1979)). The same holds true for RBC
damage (hemolysis) even though the underlying mechanisms are of different
origin. Both processes have been modeled by a power law on the form (Ding
et al. (2015); Goubergrits (2006)),
PAS = cτ a tb

(3.25)

where a, b and c are constants to be determined by experiments.
The activation model of Nobili et al. (2008) builds on the work of Grigioni et al. (2005) for hemolysis. It was postulated that PAS should be nondecreasing, dependent on the platelet’s shear history, and reverting to a power
law expression for time-independent shear. Expressed in differential form, the
model takes the form:
dPAS
= cakτ (Xi (t), t)kb/a D(t)a−1 ,
(3.26)
dt
where a, b, and c are constants obtained through model fitting to time-varying
shear (Nobili et al. (2008)). The mechanical dose, D, is a function of the shear
stress history,
Z t
D(t) = D(t0 ) +
kτ (Xi (t), t)kb/a dt,
(3.27)
t0

where D(t0 ) is the initial mechanical dose, at time t0 .
The Nobili model does not impose a restriction on growth rate of the
activation state given the independence of current activation level. Soares et al.
(2013) introduced an explicit dependency on the form:
dPAS
= K(PAS, {τ (t0 )}tt0 =t0 , τ, τ̇ )(1 − P AS),
(3.28)
dt
where K is the activation rate at zero PAS, and is given by the sum of three
contributing terms:
K = S({τ (t0 )}tt0 =t0 , PAS) + F (PAS, τ ) + G(PAS, τ̇ )

(3.29)

The term S includes the effect of sensitization (or the shear stress history),
Z t
S({τ (t0 )}tt0 =t0 , PAS) = Sr PAS
τ (t0 )dt0
(3.30)
0

The remaining two terms express the dependency on instantaneous shear stress
and its rate of change, τ̇ . A power law expression is assigned for both effects,
such that
β−1
α
1
F (PAS, τ ) = C β βPAS β τ β ,
(3.31)
and,
1

δ−1

γ

(3.32)
G(PAS, τ̇ ) = Crδ βPAS δ τ̇ δ ,
where the constants C, Cr , α, β, γ, and δ are constants that have been fitted
to experiments by Soares et al. (2013) and later corrected with the addition of
data for high frequency shear waveforms by Consolo et al. (2017).
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The parameters of the models were computed to fit data of a unidirectional
flow field, where the shear stress is simply τ = µγ. For a three-dimensional
case, the shear stress tensor has 6 independent components from which a scalar
stressp
is computed. In our case, a simple modified Frobenius norm is used,
τ : τ /2. No distintion is thus made on platelet activation between
τ =
stretching and shearing stresses acting on the platelets. Furthermore, for a
uniaxial shear flow, u = (γz, 0, 0), the shear stress magnitude reduces to τ =
γµ. The sensitivity to choice of norm is evaluated in Paper 3.

3.4. Mesoscale modeling
Macroscale blood models, such as those presented above, are aimed for the
study of the larger scales of blood flow. Futher understanding of the underlying processes can be gained by studying the microstructures. The study at
microstructure level enables the understanding of the motion and deformation
of the individual cells and the full coupling to the flow.
3.4.1. The immersed boundary model
To simplify the notation, only one cell will be considered, as depicted in Figure
3.1(a), but the generalization to multiple cells is straightforward. Let Ωp and Ωf
be the volume occupied by the cell cytosol and the blood plasma, respectively.
The following assumptions are made:
1. The plasma and the RBC cytoplasm are Newtonian fluids and blood is
incompressible
2. The density difference between the RBC cytoplasm and the plasma is
negligible
3. The RBC and platelet membranes have negligible inertia
The cell membrane is thin, and will be considered as a two-dimensional
surface. Let Γ = Γ(t) denote the membrane, parametrized by two variables
(q, r) such that X = X(q, r, t) is the Eulerian position of a point on the membrane at time t. The fluid velocity at both sides of the membrane will fullfill
the no-slip condition,
U(q, r, t) = uf (X(q, r, t), t) = up (X(q, r, t), t)

(3.33)

where U(q, r, t) = ∂X/∂t.
If the membrane inertia is small, the membrane will be in mechanical equilibrium such that for each point (p, q) the membrane force per area, F(p, q, t),
balance the forces from the fluid. This can be written as a jump condition:
σf · n|x=X(q,r,t) − σp · n|x=X(q,r,t) + F(q, r, t) = 0,

(3.34)

where σi is the fluid stress
σi = −pi I + µi (∇ui + (∇ui )T ),

i = p, f.

(3.35)
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Ω = Ω p ∪ Ωf
Ωf (t)

Γ

F
n

Ωp (t)

Γ

No-slip and imposed singular force density

No-slip and stress jump condition

(a)

(b)

Figure 3.1. Illustration of the immersed boundary method,
the stress jump condition (a) arising from the membrane
stresses is replaced by a singular force density acting at the
boundary surface (b).
The complete physical problem could now, in principle, be formulated by
imposing mass and momentum conservation for each subvolume (Ωp and Ωf )
and closing the equations with the interface conditions (3.33)-(3.34). A conformal mesh, deforming with the membrane motion is then required. Grid
adaption is computationally expensive making it infeasible for large numbers
of cells.
Another approach, initially introduced by Peskin (1972), is the Immersed
Boundary Method (IBM). Here, the effect of the shear stress jump condition
is mimicked through a force density, f , with compact support on Γ. This force
density is defined such that
Z
f (x, t) =
F(q, r, t)δ 3 (x − X(q, r, t))drdq,
(3.36)
Γ

3

where δ (x) = δ(x1 )δ(x2 )δ(x3 ) is the three-dimensional Dirac function.
Incorporating the singular force, the equations for IBM can be written as,


∂u
ρ
+ (u · ∇)u = ∇ · σ + f , x ∈ Ω
(3.37)
∂t
∇ · u = 0, x ∈ Ω
(3.38)
Z
∂X
=
u(x, t)δ 3 (X − x)dxdydz,
(3.39)
∂t
Ω
where the shear stress tensor becomes
σ = −pI + [µp I(x, t) + (1 − I(x, t)µf ](∇u + (∇u)T )

(3.40)

where I(x, t) is an indicator function taking the value 1 inside the cells and 0
in the plasma.
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Outside of x ∈ Γ, the equations reduce to the Navier-Stokes and continuity
equation. Furthermore, the no-slip condition at Γ is trivially satisfied. To show
that the stress jump condition (3.34) is satisfied, Eqn. (3.37) can be multiplied
by a test function and integrated over the neighborhood of Γ (see e.g. Lai &
Li (2001) for details).
The governing equations (3.37)-(3.39) requires numerical solution (see Chapter 4.2). Let the fluid domain be represented by a regular mesh ΩN , with an
equal point spacing ∆x. Let further each platelet and RBC surface be discretized with a triangular mesh, symbolically represented by ΓN . An Eulerian
point is denoted xijk ∈ ΩN and a Lagrangian point Xlm ∈ ΓN .
The Lagrangian points are moving over the stationary Eulerian mesh, and
there is no guarantee that the points will coincide. The Dirac function in (3.36)
and (3.39) is therefore replaced by a mollifier function with finite support. The
mollifier, δh , is written as the product of one-dimensional functions, φ, such
that
δh (x) =

3
1 Y
φ(xi ).
∆x3 i=1

(3.41)

The discrete representations of the integrals involving the Dirac functions
can now be approximated by sums,
Z
f (xijk ) =
Γ

F(q, r, t)δ 3 (x − X(q, r, t))drdq ≈

X
k

F(Xk )δh (Xk − xijk )(∆x)2 ,
(3.42)

and,
dXk
=
dt

Z
Ω

u(x, t)δ 3 (X − x)dxdydz ≈

X
ijk

u(xijk , t)δh (xijk − Xk (t))(∆x)3 .

(3.43)
A necessary condition for the resulting discrete model to fullfill linear and
angular momentum conservation is for the total force and torque to be independent of coordinate system. This can be shown to be equivalent to the mollifier
fullfilling the moment conditions (Peskin (2002)):
X
ijk

δh (xijk − r)(∆x)3 = 1,

(3.44)

and,
X
(xijk − r)δh (xijk − r)(∆x)3 = 0,
ijk

(3.45)
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for all real shifts r. One such function was proposed by Roma et al. (1999),
and is given by

 
q
2
x
1

i
 3 1 + 1 − 3 ∆x
,
|xi | < ∆x

2 ,

 
r




φ(xi ) = 1
(3.46)
xi
xi 2
3∆x
1 − 3 1 − ∆x
, ∆x

6 5 − 3 ∆x −
2 ≤ |xi | ≤ 2 ,




0,
|xi | > 3∆x
2 .
φ is a function using 3x3x3 points for velocity interpolation and force spreading.
Interpolation of smooth functions is second order accurate in terms of the
spatial resoluton.
3.4.2. Membrane forces
The membrane forces are all assumed to be of elastic origin, and viscous losses
in the lipid bilayer are not considered. The total free energy, Etotal , is comprised
of the contribution from the cell membranes as well as cell-wall interaction,
X
X
X
Etotal =
ERBC,i +
Eplatelet,i +
Einteration,i
(3.47)
i∈RBCs

i∈platelets

i∈cells

where ERBC,i and Eplatelet,j is the membrane energy of RBC i and platelet
j, respectively, and Einteraction,i the interaction energy between cell i and the
wall. The force on a node, Xi , can be obtained through the principle of virtual
work as,
∂Etotal
.
(3.48)
F(Xi ) = −
∂Xi
3.4.2a. Red blood cells. As described in Section 2.3, the RBCs are able to take
up load from bending, shearing, and volume and area compression/expansion.
The total elastic energy stored in the membrane can hence be written on the
form,
ERBC = Ein−plane + Ebend + Evolume + Earea .

(3.49)

The model of Li et al. (2005) starts from the microstructure of the RBC,
and consideres the positions of the transmembrane proteins (actin complexes)
to which the cytoskeleton attaches. It is assumed that the spectrin proteins of
the cytoskeleton forms a triangular mesh on the surface. Let V = {Xi } be the
vertices, E = {ei } the triangle edges, T = {Ti } the triangles, and A = {Ai }
the set of triangles sharing an edge. A schematic of the RBC model is shown
in Figure 3.2(a).
Building on the work of Li et al. (2005), Fedosov et al. (2010) modelled
mechanical behavior of the spectrin proteins as the sum of an attractive Wormlike chain (WLC) model and a repulsive part. The total in-plane energy can

3.4. MESOSCALE MODELING
F = τxy L

nj

ni

29

γxy
Ai

Aj

L

ks kp

θ

(a) RBC model

(b) Stress-strain response

Figure 3.2. Schematic of the RBC model (a) and the stress
response to in-plane shear straining of the resulting membrane
(b).
then be written as,
Ein−plane =

X ks Lmax 3x2 − 2x3
kp
i
i
i
+ ,
4
1 − xi
Li

(3.50)

ei ∈E

where Li is the instantaneous length of the spectrin link ei , Lmax
its maximal
i
extension length, and xi = Li /Lmax
the
relative
extension.
The
strength of
i
the WLC and the repulsive force is controlled by kp and ks , respectively. The
equilibrium length depends on the relative size of these constants, and can be
obtained as the length at which the energy is minimal.
The area compression resistance is imposed through a local and global
contribution,
Earea =

kalocal
kaglobal (Atot − A0tot )2
+
2
A0tot
2

X
i∈triangles

(Ai − A0i )2
,
A0i

(3.51)

where kaglobal and kalocal are constants, related to the area compression modulus
as outlined below.
By considering a planar network of triangles, Li et al. (2005) related the
constants (kp , ks , kaglobal , kalocal ) to the shear and area compression modulus
of the resulting membrane. Including the correction to the area compression
modulus introduced by Fedosov et al. (2010), the relations state
√
√


3ks
x0
1
1
3 3kp
Grbc =
+
,
(3.52)
−
+
4L0
2(1 − x0 )3
4(1 − x0 )2
4
4L30
Krbc = 2Grbc + kaglobal + kalocal ,

(3.53)
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where L0 is the equilibrium length of a spectrin link, and x0 = L0 /Lmax the
relative extension at equilibrium.
Before discussing the bending energy and volume constraint, it is worth
examining the in-plane behavior more closely. A simulation of a lattice of
50x50 equilateral triangles deforming under a shearing force was performed,
where each vertex was assigned a small mass (see the inset of Figure 3.2(b)).
By varying the applied force, and letting the sheet relax to equilibrium, the
stress-strain curve of the membrane could be obtained. As can be seen in
Figure 3.2(b), the membrane has a linear stress response for small deformation
and is strain-hardening above a strain of around 0.6.
In order to evaluate the bending energy, each adjacent triangle pair is
0
assigned an equilibrium angle, θij
. Given two triangles, with normals ni and
nj , the instantaneous angle is given by θij = arccos(ni · nj ). The bending
energy is then set to depend on the angle deviation as,
√
X
3
0
Kb
[1 − cos(θij − θij
)],
(3.54)
Ebend =
2
i,j∈A

where Kb is the bending elastic modulus (in Joule), and the equilibrium angle
is set to,
!
√
3(N − 2) − 5π
0
−1
√
(3.55)
θij = cos
3(N − 2) − 3π)

where N is the number of vertices.
The volume constraint penalizes changes in total cell volume,
Evolume =

0 2
kv (Vtot − Vtot
)
.
0
2
Vtot

(3.56)

where kv is the energy per unit change in volume. A large value of kv =
1000Grbc /arbc is used throughout this work to enforce volume incompressibility.
It was verified in all simulations that the maximal relative change in total cell
volume was less than 0.1%.
In order to obtain the equilibrium shape of the RBC, an initial spherical
mesh is generated. The equilibrium lengths are obtained from each edge (L0i )
and the spring constant (kp and ks ) are specified such that the specified shear
modulus is obtained. The area compression constants are imposed from the
specified area compression modulus. The area of each triangle (A0i ) as well as
0
) is then
the total area (A0tot ) of the cell is computed. The total volume (Vtot
succesively reduced to 59% of the sphere volume over 100,000 iterations while
the vertices are under the effect of membrane forces.
3.4.2b. Platelets. The platelets have a more rigid cytoskeleton, as well as the
marginal band which gives a large reduction in deformability as compared to
the RBCs (see Chapter 2). A similar triangle network model is applied as in the
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RBC case. Instead of obtaining the equilibrium shape by energy minimization,
it is prescribed to being an oblate spheroid with a minor axis diameter of 1.5
µm and major axes diameters of 3 µm. This yields a cell volume of 7 fL, which
is similar to the values measured by Giles (1981) in healthy adults.
A triangular mesh is generated for the spheroidal surface, and the equi0
, is specified for each triangle pair
librium angles for the bending energy, θij
according to the triangulation. A higher shear modulus Gplatelet ∼ 50 µN/m
is used and the volume and area constraint constants are set to large values.
3.4.3. Cell-cell and cell-wall interaction
In the immersed boundary method, hydrodynamic interactions between cells
are only resolved down to the grid spacing, ∆x, which is constant throughout
the computational domain. Subgrid corrections based on lubrication theory has
been derived for spheres (Cox (1974)), spheroids (Janoschek et al. (2013)) and
for spheres interacting with a straight wall (Goldman et al. (1967)). A general
lubrication model has been developed for LBM (Ding & Aidun (2003)), but we
have found its use to destabilize the simulations of cellular blood, which has
previously also been pointed out by Reasor (2011).
In simulations of dense rigid particle suspensions, repulsive forces between
the particles must be included to avoid particle overlap. In IBM, this does not
occur unless the timestep is chosen to be excessively large. For an incompressible flow, streamlines do not cross and the membrane is updated based on an
interpolation of the ”fluid” velocity. Additional repulsive are thus not needed
to prevent cell overlap. We have however found it necessary to apply a weak
repulsive force to cells that are in the viscinity of the boundary (closer than
0.5 µm). This is primarily needed during the start-up phase of the simulations,
before the CFL has developed.

CHAPTER 4

Numerical methods
The Navier-Stokes equation, as presented in Chapter 3.1, is a non-linear partial
differential equation (PDE), and analytical solutions can only be found in rare
cases. It is therefore commonly approached via either perturbation theory, or
discretization methods. In the latter, the PDE is cast into a set of algebraic
equations, which can be solved with the aid of computational linear algebra.
The algebraic equations can be derived through either: Taylor-expansion based
approximation of the derivatives (finite difference method), expansion of the dependent variables in orthogonal basis functions (finite element method/spectral
methods), or from the conservative (integral) form of the PDE (finite volume
method).
A second class of methods stemming from statistical mechanics have been
adapted for simulating flow of fluids the last decades. The starting point for
the methods are the discrete descriptions themselves, subsequently shown to
approximate hydrodynamic behavior. The Lattice Boltzmann method (LBM)
and Dissipative Particle Dynamics (DPD) both adhere to this category, and
have both been used in mesoscale simulations of cellular blood flow (c.f. Fedosov et al. (2014); Aidun & Clausen (2010)).
In this the work, the Finite Volume method was applied for the macroscale
simulations and the Lattice Boltzmann method for the mesoscale. Each method
is described in some detail in this Chapter.

4.1. The Finite Volume method
The finite volume method starts by subdividing the physical domain, Ω, into
subvolumes, {Ωi }i , such that Ω = Ω1 ∪ ... ∪ ΩN . The Navier-Stokes equation
can be cast into conservative form by integrating over a control volume, Ωi ,
and applying the divergence theorem,
Z
I
I
I
Z
d
ρudV +
ρuu · ndA = −
pndA +
τ · ndA +
gdV.
dt Ωi
∂Ωi
∂Ωi
∂Ωi
Ωi
(4.57)
Here, the terms correspond to rate of change of momentum, the convective
flux, the force excerted by pressure, the diffusive fluxes due to viscous forces,
and the applied body forces, respectively.
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Assume that, Ωi , is a polygon with face set, Γi . The integrals can be
approximated to second order with the midpoint formula,
X
X
X
∂uc
(ρuu · a)f = −
pf af +
τ f · af + gic Vi
ρVi i +
(4.58)
∂t
f ∈Γi

f ∈Γi

f ∈Γi

where the superscripts c and f denote that the quantity is evaluated at a cell
and face center, respectively. The volume of Ωi is denoted by Vi and af = Af nf
the area scaled normal of face f .
The time derivative is evaluated with a second order backward difference
approximation,
3uci (tn+1 ) − 4uci (tn ) + uci (tn−1 )
∂uci
≈
(4.59)
∂t
2∆t
where ∆t is the time step and tn = n∆t.
The flux integrals involve quantities at the cell faces, that must be obtained
from the values at the cell centers. The choice of interpolation scheme as well
as the structure of the computational mesh impacts the stability and accuracy
of the resulting discretization. For instance, consider the first-order upwind
scheme for convective fluxes,
(
uc0 , ṁf ≥ 0,
f
f
(ṁu)F OU = ṁ
(4.60)
uc1 , ṁf < 0,
where ṁ = ρuf · af is the mass flow rate over the face, and subscripts 0 and
1 relate to quantities pertaining to the cells on either side of the face. The
approximation error of this scheme can be shown to behave similar to diffusion
(”false diffusion”) (c.f. LeVeque (2002)). Moreover, since the flux is evaluated
based on the velocity at the cell center, the scheme loses accuracy if the face
normal is not aligned with the local flow direction. Despite its limitations, the
upwind scheme is unconditionally bounded and the additional diffusion can act
stabilizing on the numerical scheme.
The numerical diffusion can be reduced by applying a second order upwind scheme. Here, the velocity is linearly interpolated to the face from a
reconstruction of the velocity gradient at the cell center:
(
uc0 + (xf − x0 ) · (∇u)c0 , ṁf ≥ 0,
f
(ṁu)SOU = ṁf
(4.61)
uc1 + (xf − x1 ) · (∇u)c1 , ṁf < 0,
While this scheme is less diffusive, it is conditionally bounded.
The central-difference scheme uses linear interpolation to evaluate the face
velocity,
(ṁu)fCD = ṁf (βuc0 + (1 − β)uc1 )
(4.62)
where β = (xf − xc1 )/(xc1 − xc0 ). Unlike the upwind scheme, the leading order
approximation errors are of dispersive nature, and the scheme preserves kinetic
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energy. The central-difference scheme can, however, give rise to unphysical
oscillations.
Knowing the strengths and limitations of the aforementioned schemes, a
compromise can be reached where the central difference scheme is applied as
long as it is remains bounded, and otherwise switch to an upwind scheme is
applied. A criterion for boundedness can be stated in terms of a normalized
variable, ξ, obtained from the cell value and its upstream and downstream
neighbors (see e.g. LeVeque (2002) for details). For the renal arteries, a Sweby
flux limiter (Sweby (1984)) is applied to blend between the central difference
and the upwind scheme,
h
i
(ṁu)f = (ṁu)fF OU + ψ(ξ) (ṁu)fCD − (ṁu)fF OU
(4.63)
where ψ is the limiter, taking a value between 0 and 1.
For the LES simulations of the components of the ECMO system, a blended
central difference scheme is applied,
(
(1 − φ(ξ))(ṁu)fSOU + φ(ξ)(ṁu)fCD , 0 ≤ ξ ≤ 1
f
(ṁu) =
(4.64)
(ṁu)fF OU ,
ξ < 0 or ξ > 1
where φ is a monotonously increasing function of ξ, between 0 and 1.
The momentum diffusion flux term involves terms on the form, (µ∇u · a)f .
The simplest approximation would be (µ∇u · a)f = µf a · (uc1 − uc0 )/kxc1 − xc0 k
which works fine for orthogonal meshes where the face normal, af , is aligned
with the vector between the cell centers. For the non-orthogonal meshes used
in this study, an explicit correction term is included to take cross-diffusion into
account, which would otherwise have a destabilizing effect. The applied scheme
has the form:


 f f
af · af
a ·a
c
c
f
f
f
f
(u − u0 ) + (∇u) · a −
∆x
(4.65)
(µ∇u · a) = µ
∆x · af 1
∆x · af

where ∆x = xc1 − xc0 is the vector between the cell centers, and (∇u)f the
reconstruted gradient at the face center.
For an incompressible flow, the pressure is not defined explicitly through
an equation of state, but takes the role as a Lagrange multiplier imposing
continuity for the velocity field,
I
u · ndA = 0.
(4.66)
∂Ωi

A predictor-corrector approach is taken (via the PISO algorithm) to evaluate the pressure and velocity field. The discrete Navier-Stokes equation is
first solved with an initial guess for the pressure resulting in a predicted velocity field, not necessarily fulfilling continuity. A segregated approach is taken,
where each velocity component is evaluated one after another. An algebraic
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multigrid solver with a Gauss-Seidel smoother is applied for the equation system. A Poisson equation is then solved for a pressure correction, after which
the pressure and velocity fields are updated. The PISO algorithm is applied
iteratively such that the relative error in continuity is reduced below a defined
threshold (typically 1-2 orders of magnitude).

4.2. The Lattice Boltzmann method
The Lattice Boltzmann method (LBM) has its roots in kinetic theory of gases.
Originally developed to remedy issues in the Lattice Gas Automata. It has
subsequently been shown to correspond to a discretization of the Boltzmann
equation (He & Luo (1997)). In LBM, the state of the flow is described by a
discrete distribution function, fα (xijk , t) (α = 0, ..., q − 1). A discrete velocity,
eα , is associated with each component of the distribution function, and the
component’s value can be thought of as being proportional to the probability
that a molecule at xijk at time t has velocity eα . The distribution function is
related to the macrostate of the flow through the two first statistical moments,
X
X
f
,
ρ(xijk , t) =
fα (xijk , t), ρ(xijk , t)u(xijk , t) =
eα fα (xijk , t) +
2∆t
α
α
(4.67)
where f is the sum of applied external forces, and ∆t is the timestep used in
the simulation.
The set of discrete velocities is constructed such that if xijk is a point on
the lattice, so is xijk + ∆teα , for α = 0, ..., q − 1. The distribution function is
updated following a stream-force-collide rule:
fα (xijk + ∆teα , t + ∆t) = fα (xijk , t) + ∆tΩα {fα (xijk , t)} + ∆tFα

(4.68)

where Ωα is an operator modeling the redistribution of momentum due to
molecular collisions and Fα a forcing term depending on the applied external
forces.
A Bhatnagar-Gross-Krook collision operator formulation is used, where
(eq)
the distribution function relaxes towards an equilibrium distribution, fα , at
a single timescale

1  (eq)
Ωα =
fα (ρ(xijk , t), u(xijk , t)) − fα (xijk , t)
(4.69)
τ
The relaxation time, τ , is related to the fluid viscosity through ν = (τ −
0.5)∆x2 /(3∆t). A spatially varying viscosity can be obtained by setting different relaxation times at different positions on the lattice. In our case, the RBC
cytosol has a different viscosity than the blood plasma. In order to identify the
lattice points that constitute the plasma and the cytosol, raytracing in the zdirection of the lattice is employed. A lattice position, xijk , is determined to be
part of the blood plasma if the ray from (xij0 , yij0 , zij0 ) to (xijk , yijk , zijk ) intersects an even number of times with the RBC surfaces, and part of the cytosol
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otherwise. For the plasma lattice points, a relaxation time of τplasma = 1 · ∆t
has been employed throughout this work. The relaxation time for the cytosolic
points is, τrbc = 0.5 + λ(τplasma − 0.5), where λ is the viscosity ratio.
The equilibrium distribution is taken as a Taylor expansion of the Maxwell
distribution, truncated at second order


kuk2
eα · u (eα · u)2
+
−
(4.70)
fα(eq) (ρ, u) = wα ρ 1 +
c2s
2c4s
2c2s
√
where wα are lattice dependent weights and cs = ∆x/( 3∆t) is the lattice
speed of sound.
The forcing term due to Guo et al. (2002a) is applied:




eα · u
1
eα − u
+ 9 4 eα · f .
(4.71)
Fα = 1 −
wα 3
2τ
c2s
cs
where f is the sum of membrane forces as evaluated with the immersed boundary method (see Chapter 3.4.1) and other volume forces.
The remaining (stationary) boundaries in the simulations could also be
taken into account with an immersed boundary-like method (see for instance
Wu & Shu (2009)). A more efficient approach, however, is to impose the velocity
Dirichlet condition directly on the distribution function. For this, the second
order accurate extrapolation method due to Guo et al. (2002b) is applied.
The set of discrete velocities used, {eα }α , defines the applied lattice. Lattices are defined following the DdQq convention, where d is the spatial dimension and q the number of discrete velocities. If the lattice has sufficient
symmetries, the weakly compressible Navier-Stokes equation can be recovered
through the Chapman-Enskog expansion (c.f. Succi (2001); Chen & Doolen
(1998)):


∂u
ρ
+ (u · ∇)u = −∇p + µ∇2 u + f ,
(4.72)
∂t
∂ρ
+ ∇ · (ρu) = 0,
(4.73)
∂t
p = c2s ρ
(4.74)
In the current work, a D3Q19 lattice is used, with corresponding weights w0 =
1/3, w1−6 = 1/18, and w7−18 = 1/36.
It should be noted that the error in LBM scales with the square of the so
called lattice Mach number, Ms = U/cs , where U is a characteristic velocity
scale. The lattice speed of sound, cs ∝ ∆x/∆t, depends on the spatial and
temporal resolution and it can thus be seen that Ms ∝ U ∆t/∆x is similar to the
Courant number in conventional CFD. LBM is an explicit scheme describing
a hyperbolic problem, and the convection during a timestep must be lower
than the grid spacing (the CFL condition). A further restriction on the Mach
number, and thus the timestep, is imposed by the continuity condition. In order

4.2. THE LATTICE BOLTZMANN METHOD

37

for the weakly compressible NS equation to approximate its incompressible
counterpart, a low Mach number must be maintained.
Unlike the Navier-Stokes equation, the non-linear terms (collision operator
and forcing term) are local and the non-local term (streaming) is linear. Similar
to FVM, mass and momentum is conserved. Since the scheme is explicit and
each lattice node only has a small dependency domain (its nearest neighbors)
an excellent parallel scalability can be obtained (c.f. Aidun & Clausen (2010)).
Moreover, even though the method has an associated time step restriction, the
computational work per timestep is rather small.
The Lattice Boltzmann scheme, as presented above, requires a regular,
Cartesian grid. For our purposes, this requirement is shared with the immersed
boundary method. Methods for local grid refinement (Chen et al. (2006)) and
curvilinear coordinates (Hejranfar & Ezzatneshan (2014)) have been proposed
in the literature.

CHAPTER 5

Selected results
In the following chapter, the main results of this thesis are summarized. The
results are divided into sections related to the different blood flows under consideration. First, we discuss the flow in different components of the ECMO
circuit, followed by the pulsatile flow in the abdominal aorta and the renal
arteries and finally we consider the behavior of the cells in a straight arteriole.

5.1. The ECMO circuit
5.1.1. Verification and validation
A numerical study will always have associated uncertainties and errors, manifesting mainly as modelling uncertainties and numerical errors associated with
discretization of the variables and the modeling equations. The former uncertainties/errors are due to differences between the applied model (governing
laws, boundary conditions, geometry), and the modeled scenario. Discretization errors arise when the continuous model equations and variables are cast
into a discrete form.
To assess the magnitude of truncation errors, a mesh sensitivity study was
performed for the different cases studied in the thesis. For example, for the
different ECMO components three meshes were used, generated by successive
mesh refinement by a factor of 1.3 in each direction. Each refinement leads to
roughly doubling the cell count in the refined grid. The total cell count for the
considered meshes, as well as the mean cell size for the ECMO components, is
shown in Table 1.
In order to confidently apply LES, the mesh resolution must be fine enough
to include a non-negligible part of the inertial subrange. Far away from walls,
the smaller turbulent scales are isotropic and Komogorov’s theory predicts a
decay in turbulent kinetic energy as a power of -5/3. The turbulent spectra
evaluated at some probe points in each component is depicted in Figures 5.1
using the three meshes. As can be observed, around one order of magnitude
of the inertial subrange is resolved in each of the geometries. As the Reynolds
number in these cases is relatively low, also the inertial subrange is very much
limited. Hence, one may assert that the simulations are very close to DNS as
almost all, if not all the scales in these flows are well resolved. This effect can
also be seen in the small differences that for the higher frequencies.
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Case
Pump (3500 rpm)
Drainage cannula
Reinjection cannula
Tubing connector

Coarse
0.28 mm
0.63 mm
0.53 mm
0.55 mm

Medium
Fine
(4M)
0.22 mm (8M)
0.17 mm
(1.1M) 0.50 mm (2.0M) 0.39 mm
(1.3M) 0.45 mm (2.5M) 0.33 mm
(1.6M) 0.44 mm (3M)
0.37 mm
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(16M)
(3.7M)
(5.6M)
(4.9M)

Table 1. Average cell size, defined as (V̄cell )1/3 where V̄cell
is the average cell volume for the mesh dependece study in
each ECMO component. The value in parenthesis indicates
the total number of cells.

The influence of mesh resolution is further studies by comparing the mean
velocity along selected lines of interest in each component. The results are
shown in Figure 5.2. The maximal relative difference between the medium and
the fine mesh are typically of the order of a few percents. A slightly larger error
can be observed downstream of the reinjection cannula and in the center hole
of the ECMO pump.
5.1.2. Flow structures and platelet activation
5.1.2a. Tubing connector. The tubing connector is composed of a conical shaped
end to fit into the ECMO tubing. This arrangement is efficient for quick setup
of the ECMO circuit, but leaves a forward and backward facing step at the
upstream and the downstream parts of the connector, respectively (see Figure
5.3a). Two unsteady flow separation regions are found at each ”end” of the
connector, with a smaller one at the upstream side. The downstream separation bubble is associated with high velocity fluctuations and correspondingly
high level of stress. The recirculation region implies also a prolonged residence
time. These two parameters (stress and residence time) both contribute to the
faster rate of increase in PAS. Figure 5.3a depicts the averaged axial velocity
in the pipe connectors, showing clearly a larger region with backflow. The
middle frame shows clearly the elevated levels of fluctuation due to the shear
layer. The bottom frame depicts the paths of several platelets. The paths
are colored by the PAS value predicted with the Nobili model (see Equation
(3.26)) for each individual platelet. As seen, platelets that enter the separated
flow region, has a higher probability of activation in this region. Note also
that the length of the separation bubble is longer than the segment depicted
in the figure. Details of the results are given in Paper 2, showing the elevated
risk for thrombus formation downstream of the tubing connector. Indeed, this
location has been observed clinically to be site where thrombus may be detected (observed visually, by using a flashlight and noting the darker color of
the thrombus).
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(a) Reinjection cannula

(b) Drainage cannula

(c) Tube connector

(d) Pump

Figure 5.1. Kinetic energy spectra at selected positions in
each considered component of the ECMO circuit. The probe
position is marked in the inset of each frame.
5.1.2b. Cannulae flow. The drainage and reinfusion cannulae carry the same
amount of fluid as systematic circulatory circuit (i.e. 4-6 l/min). The cannulae
have a size depending on the vessels to be used for cannulation. A usual size
is of the order of about 6-9 mm in diameter. The head of the cannula may
have small holes to distribute the draining and the reinjection into a larger
segment of the cannula and thereby reducing the stresses acting on the walls
of the vessels. Figures 5.4 and 5.5 depict the reinfusion and drainage cannulae,
respectively. These cannulae are placed in a larger vessel (here corresponding
to a typical vena Cava size).
The reinfusion cannula carries the oxygenated blood from the ECMO system into the patents vein or artery depending on the ECMO configuration. The
flow behaves as a confined jet. The Reynolds number, based on the cannula
diameter and main flowrate, is of the order of 103 . There is a co-flow in the
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z

x

z

x

Figure 5.2. Comparison of mean velocity profiles for different
mesh resolutions along lines of interest in each component.
The flow across the planes marked in the figures are related to
the connector (top), drainage and reinfusion cannula (middle
frames) and the centrifugal pump (bottom).
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(a)

(b)

(c)

Figure 5.3. Tubing connector flow: Average axial velocity
(top), magnitude of RMS velocity (middle), and pathlines of
the platelets in the max acquired PAS percentile (bottom) in
the tubing connector. Note the separation region downstream
of the tubing connector.
outer vessel, with a volume rate half of that in the cannula. The time-averaged
flow and the fluctuation levels near the cannula are depicted in Figure 5.4a-b.
The shear layer of the jet generates fluctuations that leads to strong fluctuations just downstream of the cannula exit. The cannula flow entrains blood
from the co-flow stream. This entrainment leads to more efficient mixing of the
oxygenated and de-oxygenated blood, as is seen on the motion of platelets that
were released at the outer edge of the cannula. Yet, one may observe that the
platelets have relatively short residence time. The PAS value of the simulated
platelets (see Figure 5.4c) remains low in absolute values and as compared to
the other components of the ECMO circuit. One may also note that only a
small fraction of the incoming flow exits through the smaller holes (< 5% in
terms of average flow rate).
The flow in the drainage cannula is summarized in Figs 5.5a-b. The flow in
the cannula is opposite to the flow direction in the outer vessel. The flow rate
in both vessels is the same as in the reinfusion cannula. The role of the small
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(a)

(b)

(c)

Figure 5.4. Reinfusion cannula flow: Average axial velocity (a), magnitude of RMS velocity (b), and pathlines of the
maximal PAS percentile platelets (c).
holes at the tip of the cannula may be observed as the flow is divided among
the different holes, leading to lower levels of shear and thereby lower platelet
activation risk. Yet, by following platelets over a longer period of time, one
finds that a relatively small number of platelets reach larger PAS values near
the side holes and the separated regions that are formed around them (Figure
5.5c). Fluctuations within the cannula are generated by the shear layer formed
by the reduction of the cross-sectional area within the cannula. An elevated
risk for formation of thrombus in the drainage cannula has also been observed
clinically.
5.1.2c. Centrifugal pump. The flow field and the coherent structures in the
ECMO pump is described in detail in Paper 1, and only the main results will
be summarized below. The phase averaged velocity field is shown in Figure
5.6a-b, with arrows indicating the general flow directions. The flow enters the
pump from the top, and is partly deflected outwards radially by the impeller
motion (region (V) in Figure 5.6). The majority of the incoming flow enters
the cylindrical magnet hole, recirculates at the bottom (Region (I) and (II)),
and is carried back into the volute along the magnet walls.
The narrow gap between the rotating cylinder and the pump housing (Region III) has similarities to the Taylor-Couette flow. Indeed, undulating TaylorCouette-like vortices were found, as shown by the instantaneous λ2 -surfaces in
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(a)

(b)

(c)

Figure 5.5. Drainage cannula flow: Average axial velocity
(a), magnitude of RMS velocity (b), and pathlines of the 1%
max percentile platelets (c)

Figure 5.6d. The number of vortices remained constant with increasing rotation rate and when the width of the gap was increased from 0.5 to 1 mm. A
narrow planar gap is also found at the bottom of the pump (Region IV). The
flow in this gap is driven mostly by the rotational of the magnet house. The
flow is outward closer to the rotating wall and is inward near the stationary
wall. Both narrow gaps lead to stronger shear and the vortices have a tendency
to capture and platelets platelets within the vortex cores, leading to long residence times. The residence times noted in these regions can be as long as over
1 s which amounts to over 40 impeller rotations (running at 2500 rpm).
The flow in the region between the impeller blades and the roof of the pump
house (Region V) is characterized by the outward flow near the pumping blades
and backflow along the roof of the pump house. The flow recirculation leads to
short or intermediate residence times for different platelets varied between less
than 80 ms (less than 2 impeller rotations) to about 0.8 s (about 20 impeller
rotations). The pathlines of two typical platelets in Region V, are depicted in
Figure 5.5e-f. As noted the platelet with longer residence time (f) indicates a
larger PAS as compared to the platelet with shorter residence time (e).
Details of the platelet activation in the above listed ECMO components
may be found in Paper 2. Paper 3 focuses on the sensitivity of different platelet
activation models to uncertainties and errors in the variables employed by the
models and the model parameters derived from experiments.
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(V)

(V)

(VI)

(I)
(III)

(a)

(III)

(II)
(IV)

(IV)

(b)

(c)

(d)

(e)

(f)
Figure 5.6. Phase averaged velocity field in the centrifugal
pump at a rotation rate of 3000 rpm (a-b). Different regions of
interests are marked by capital Roman letter. Arrows indicate
flow or rotation direction. Vortical structures in the narrow
gaps are shown in (c) and (d). Pathlines of two representative
platelets passing through Region V only are depicted in the
two bottom frames. Note the longer residence time in and
higher PAS of the platelet in the right frame.

5.2. Pulsatile blood flow in the descending aorta and the
renal arteries
Formation of arteriosclerosis and arterial stenosis is related indirectly to the
formation of thrombus. The two processes have widely different time-scales,
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with the former taking years and decades whereas the latter may occur with
seconds and minutes. Yet there are some relations between the mechanism leading to the pathologies when it comes to details at cellular level. For thrombus
formation it is the platelets that plays a central role (along with the immune
system), whereas for arteriosclerosis it is the endothelial cell that has the corresponding role (along with the immune and inflammatory systems). The very
short life-time of the platelets and their structure differ significantly from that
of the endothelium. In the literature one may find several criteria suggested to
be indicative for formation of stenosis. These criteria are based essentially on
expressions containing the wall shear stress (WSS).
Our approach to the formation of stenosis was to assume that the blood
flow in the healthy and young individual may lead ultimately to the formation
of stenosis. We use a case of renal artery stenosis using CTA data. The stenosis
was then removed using segmentation techniques described in some detail in
Paper 4. The reconstructed renal artery is shown in Figure 5.7 . The presence
of the stenosis is noted by the severe area reduction at a distance of about
1.2 cm downstream of the bifurcation of the renal artery from the aorta. By
using Voronoi reconstruction one removes only stenosis but maintains the poststenotic dilatation. By adding mesh sweeping a monotone area change could
be achieved such that both the stenosis and the post-stenotic dilatation are
both removed. The different segmentations are assessed with respect to the
following common WSS indicators:
• The time-averaged wall shear stress (TAWSS):
Z
1 T
kτw kdt.
T AW SS =
T 0
• The oscillatory shear index (OSI):
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(5.75)

(5.76)

(5.77)

Here, τw = τ · nw is the wall shear stress, where nw is the wall normal vector.
Figures 5.8 depict the aorta and the two renal arteries using the three
segmentation techniques depicted in Figure 5.7 . The left column corresponds
to the original segmentation (original geometry). The mid-column is related to
Voronoi segmentation, removing the stenosis but maintaining the post-stenotic
dilatation. The right most column is related to the smoothed segmentaion
without the stenosis and the arterial dilatation. The TAWSS gives a strong
signal indicating the presence of the stenosis, but also the irregularity when
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Figure 5.7. Cross-sectional are of the renal artery: original, stenoted artery (blue), Voronoi segmentation removing
the stenosis (red) and the artery after further smoothing, removing also the post-stenotic dilatation(green)
the post-stenotic dilatation is not smoothed out. The OSI is sensitive to the
non-smoothness of the CTA data. When considering only the affected renal
artery, the OSI indicates the stenosis but cannot be used for predicting future
development of stenosis. Similarly, the RRT result indicate the shortcoming of
this indicator as well.
With this respect further work must be done in order to develop new
indicators that could have a predictive ability. A reasonable direction could
be using non-averaged WSS based indicators related to the respose time-scales
of the endothelial cells and the response time of the inflammatory system.

5.3. Cell transport in the microcirculation
5.3.1. Validation
In order to determine the required resolution to resolve the red blood cell dynamics, a mesh sensitivity study was performed and compared to experimental
data. Two cases for which experimental data can be found in the litterature
are shown here below.
Mills et al. (2004) performed RBC stretching experiments where beads
were attached to RBCs which were forced by an optical trap. The experimental conditions are simulated by considering an RBC immersed in a periodic
box, with forces applied to the 1% left/right-most vertices. The applied force
was increased from 0 to 200 pN in increments of 5 pN. After each increment,
the membrane was relaxed for 40,000 iterations to obtain the equilibrium conformation.
Mesh resolutions of ∆x = 1, 0.5, and 0.25 µm was considered for the
fluid grid, and for the triangulation of the RBCs. The RBC deformation was
evaluated by computing the length in the forcing direction, Dx, and in the
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(a)

(b)

(c)

Figure 5.8. The flow in three segmentations of the aorta and
the renal arteries. Original shape (left column); Voronoi (midcolumn) and smoothed variant (righ column). Three indicators are used: Time averaged wall shear stress, TAWSS (top),
oscillatory shear stress, OSI (middle) and relative residence
time, RRT (bottom).
transversal direction, Dr. Each
p respective length was computed by Dx =
2 maxi |∆Xi | and Dr = 2 maxi ∆Yi2 + ∆Zi2 , where ∆Xi = (∆Xi , ∆Yi , ∆Zi )
is the distance to the center of mass.
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The mechanical properties of the considered RBC is G = 6 µN/m, K =
300µN/m, and Kbend = 4 · 10−18 J. The resulting deformation is shown in
Figure 5.9(a). The deformation in the forcing direction (Dx) matches well
with the experiments, and a slight deviation in the cross-forcing (Dr) direction
can be noticed.
F

Dx

F

DT

F

Dr

DA

F

(a)

(b) Shear flow

Figure 5.9. Comparison of RBC stretching to the stretching
experiments by Mills et al. (2004) (a), and the deformation in
shear flow by Yao et al. (2001).
To further test the fluid-solid coupling, a single RBC with the same mechanical properties was exposed to a simple shear flow. An RBC mesh resolution of ∆x = 0.5 µm was applied. The far-field velocity distributions
is ushear = (γ̇z, 0, 0) where γ̇ is the shear rate. This distribution was imposed as boundary conditions at the top and bottom of a box with dimensions
(4Drbc , 4Drbc , 4Drbc ), where Drbc is the RBC diameter. The x- and y-directions
were treated as periodic. The RBC minor axis was initially aligned with the
z-axis and its deformation was tracked over time.
The results for the shear flow are compared to the experiments by Yao
et al. Yao et al. (2001), for which the viscosity ratio was λ = 8.48. In the
experiments, a dilute suspension of RBCs in a plate-and-cone rheometer were
considered. The major and medium axis lengths were measured for the RBCs
that were aligned with their minor axis perpendicular to the shear direction.
The results were reported in terms of the deformation index,
DI =

DA − DT
,
DA + DT

(5.78)

where DA and DT are the major and medium axis lengths, respectively. The
results are shown in Figure 5.9(b). An excellent agreement is found between
the simulations and experiments.
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Figure 5.10. Instantaneous distribution of RBCs (red) and
platelets (yellow) flowing in a straight, cylindrical vessel. The
time average of axial velocity is shown to the right. The mean
velocity in the vessels are ū = 0.4 (top), 1.1 (middle) and 2.4
mm/s (bottom).

5.3.2. Blood rheology from mesoscale simulations
Simulations of a 30% volume fraction suspension of RBCs in a straight, cylindrical vessel are performed. Results on the transport of platelets, and the effect
thereon by the size distribution of the RBCs and flow rate is presented in Paper
5. Here, the focus here will be on blood rheology with the aim of comparing
the viscosity model used in the renal artery simulations (the Quemada model)
with the effective viscosity obtained from our mesoscale model.
The diameter and length of the considered vessel is 50 and 100 µm, respectively. Periodicity is imposed in the axial direction, and the flow is driven
by a body force corresponding to a pressure gradient, ∆p/L. By varying the
imposed pressure gradient, different mean velocities, ū, can be obtained.
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Figure 5.11. Radial distribution of hematocrit (a) and shear
rate (b).
Snapshot of the cell distribution and the average axial velocity is shown
for ū = 0.4, 1.1 and 2.4 mm/s in Figure 5.10. The mean of the other velocity
components (radial and azimuthal) are negligibly small. A cell free layer can
be noticed near the vessel walls for all flow rates. Moreover, an increasing
elongation of the RBCs in the flow direction is observed with increasing flow
rate.
The radial distribution of shear rate and hematocrit is computed by dividing the vessel into annular sections (ri < r < ri+1 ). The value of a field
(hematocrit or shear rate) at radial position r is evaluated as the average over
all grid points within the annulus. The hematocrit distribution is displayed in
Figure 5.11(a). No notable difference can be spotted between the considered
flow rate cases. A local peak in hematocrit occurs at the edge of the CFL
(r/R ≈ 0.9). We believe that this is due to the combined effect of the inward
flux arising from the RBC-wall interation, and the outward flux induced by the
RBC concentration gradient (see Chapter 2). Furthermore, the RBC concentation can be seen to increase toward the vessel axis for all cases. The shear
rate (Figure 5.11(b)) decreases rapidly in the CFL.
We can now obtain the effective viscosity of the suspension, µef f , by balancing the viscous stress and the pressure gradient:
−

∆p
1 d
=
(rµef f γ̇xr )
L
r dr

(5.79)

By integrating once and rearranging we arrive at an expression for the effective
viscosity:
r ∆p
(5.80)
µef f = −
2γ̇xr L
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Figure 5.12. Comparison between the relative viscosity predicted by the Quemada model with constant and varying
hematocrit, and the result from a momentum balance.
The result from the momentum balance is compared with the viscosity predicted by the Quemada model with the shear rate and hematocrit obtained
above. A further comparison is made to the case where the hematocrit is set
to a constant value (α = 0.3). The result is depicted in Figure 5.12
The Quemada model with hematocrit-dependent viscosity and the simulations both results in the viscosity reverting to that of the blood plasma in
the CFL. Moreover, a local peak in viscosity can be seen at the edge of the
CFL. These two effects are due to hematocrit variations, and are not captured
when assuming a constant hematocrit. A further effect of assuming a constant
hematocrit can be seen near the vessel axis, where the hematocrit increases
above the average (30%), due to the depletion of cells near the vessel wall.
This hematocrit dependency is most likely not as substantial in larger vessels
where the cell-free volume account for a smaller part of the lumen.
Comparing the viscosity obtained from the microscale simulations and the
Quemada model, a relative difference as large as 100% can be seen. The difference is especially large in the low shear regions (toward the vessel center).
Note that no aggregation model have been included in the simulations. The
net effect of cell aggregation is an increase in viscosity at lower shear rates (see
Chapter 2), and the actual difference might be larger than our computations
show.
It should finally be noted that the simulated flow scenario is highly idealized. Arteriolar flow is pulsatile, and the vessels are curved. Further studies are
thus required to elucidate the effect of these flow features on blood rheology.

CHAPTER 6

Concluding summary and outlook
6.1. Concluding remarks
The thesis has a central theme of simulating blood flow and in particular under
pathological conditions. The aim has been to identify flow structures and
relating these to pathology. Blood flow itself is truly of multiscale character.
Blood contains cells and macromolecules along with small solvent molecules in
the range from nm to µm, with flow length scales that depend on the geometry
under consideration (mm-cm). The time scales relevant to blood flow, blood
clotting and/or bleeding vary from a second to minutes. The biochemistry at
cell level may have a response time below 1 ms, whereas the development of
arteriosclerosis and stenosis is of the order of tens of years. A key component of
this thesis work has been to introduce simplifications for each of the considered
flow scenarios.
A good understanding of the flow structures in the ECMO pump, cannulae
and pipe connectors was established. Recirculation regions, where an increased
platelet residence time could be expected, were identified in the pump and the
connector. By applying phenomenological platelet activation models, potentially thrombogenic regions were localized. The predicted locations for platelet
activation was novel and was found to be in line with clinical experience. The
CFD tools thus enabled us to explain clinical findings related to thrombosis in
bedside ECMO circuits.
Any physical model has associated uncertainties, and a critical evaluation of platelet activation models was carried out based on the simulations.
Three variants of platelet models were analyzed in terms of their sensitivity
to errors/uncertainties in model parameters or in the quantities that drive the
activation process themselves. The strength and weaknesses of platelet activation models was discussed and new insight into the shortcoming of the models
were identified. Possible remedies to some of the problems with the platelet
activation models was proposed.
A framework was set up for computing blood flow in patient specific geometries, while assessing the effects of uncertainties. The blood flow in the
renal arteries of a patient with renal artery stenosis was computed and used as
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a test case. By artificially ”removing” the stenosis, an assessment of the predictive capability of commonly applied stenosis indicators could be made. It was
found that neither the oscillatory shear index (OSI) nor the relative residence
time (RRT) showed a significant indication of development of arteriosclerosis.
Moreover, the sensitivity of the stenosis markers to stenosis removal method
was found to be of the same order as the influence of the applied rheology
model for blood. This work lays the foundation for future work on predicting
formation of stenosis in arteries years before clinical manifestations.
The general goal of the research becomes clear when considering the need
for models with high fidelity in order to be able to answer medical issues. Reliable models are needed when sensitive questions, like the tendency of a component in an artificial organ may constitute a thromboembolic risk. Similarly,
the accuracy of the simulation should be adequate so that the fluid mechanical
data can be used to assess and derive new models of phenomena where the
fluid mechanics plays an essential role. For this purpose, blood rheological effects were studied using detailed blood flow simulations in a small vessel, while
resolving the RBC and platelets. The rheology of the flowing blood was determined and compared to Quemada model. The simulations predicted a relative
difference as high as a factor two, elucidating the need for continued work on
blood modeling.

6.2. Outlook
Blood pumps and other artificial devices tend to activate the coagulation system in spite of heparin treatment. There is a need, in the short term, to reduce
the number of complications. The use of computational studies for medical
assist devices, such as those performed in this thesis, have seen increased use
over the last decades. We believe that CFD, in combination with experiments,
will serve as an excellent resource in development of clinical guidelines and in
thrombogenicity optimization of circulatory support devices. This does, however, call for improved thrombus formation models, which in turn necessitates
further research on the underlying processes. There is also a continued need
for model assessment in terms of uncertainties, and for validating experiments.
Being able to predict a priori the development of arteriosclerosis, and the
localization of stenoses for an individual patient many years in advance is a
challenging goal. To make such predictions, the modeling tools should include
the major mechanisms that are engaged in the process. This includes varying
blood flow, the patient specific geometry and activities and its impact on the
immune, inflammatory and coagulation systems. In this sense, tools based on
CFD combined with biochemical modeling could possibly in the future provide
assistance in risk assessment. The end goal should be applicability for diagnosis
itself, for which reliability is the main priority. Objective tools to reliably convert the morphological and mechanical properties of the patient specific arterial
tree into a physical model are thus needed, as well as continued assessment of
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the effects of uncertainties and errors. Moreover, the computations performed
in this thesis work have a runtime on the order of days to weeks. In order
for CFD to see on-line use for diagnosis, the lead time must be reduced which
calls for simplified models. Thus, there needs to be a continuous ascending and
descending of the ladder of scales where simplified models are developed from
fundamental research.
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procedures were implemented by NB. Further data analysis and writing the
manuscript of the paper was done by GF, with input from NB, LPW and
LMB. GF was also responsible for the communications with the editor.
Paper 3 Modeling sensitivity and uncertainties in platelet activation modelling
G. Fuchs (GF), N. Berg (NB), L.M. Broman (LMB), L. Prahl Wittberg (LPW)
Submitted to Nature communications
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The paper considers two different platelet activation model and a third one
which is just a parametric variant of one of the two models. The sensitivity
of the models to uncertainties/errors in the model parameters or the variables
used by the model is assessed using three different approaches: By computing
the derivative (linear sensitivity) of the Platelet Activation State (PAS) with
respect to the model parameters, or by computing the relative importance
of the different terms in the model or by assuming random fluctuations with
normal distribution and assess the median and extreme variations in PAS. Some
possible improvements to these classes of models is suggested.
The paper is based on LES data for the ECMO pump, computed by NB.
The sensitivity analysis of the models was done by GF after initial testing
by NB. GF also wrote the paper which was revised by the other co-authors
(NB, LPW and MB). GF was also responsible for the communications with
the editor.
Paper 4 Blood flow simulations of the renal arteries - effect of segmentation
and stenosis removal
N. Berg (NB), L. Fuchs (LF), L. Prahl Wittberg (LPW)
Under review in Journal of Flow, Turbulence and Combustion (Special issue:
CFD for health)
The paper concerns the effects of segmentation on the wall shear stress in
the stenoted and reconstructed renal artery. It is shown that the post-stenotic
dilatation is also important for the elevated wall shear stress and the parameters
based on it for predicting the location of future stenosis. The sensitivity to
uncertainties in vessel geometry was further found to be of the same order as
the choice of rheology model.
The paper is based in the computation and programing work of NB, who
also wrote the paper with help from the co-authors. NB was also responsible
for the correspondence with the editor.
Paper 5 The influence of red blood cell polydispersity on blood rheology and
cell transport
N. Berg (NB), L. Fuchs (LF), L. Prahl Wittberg (LPW)
Paper draft
A hybrid immersed boundary-Lattice Boltzmann method is applied to study
blood flow in the microcirculation. The influence of RBC polydispersity is
investigated. A minor increase in effective viscosity (a few percent) was found.
The effect on platelet transport was low for low and high flow rates, whereas
an increase in diffusivity and platelet trapping in the cell free layer was found
in the intermediate range.
The numerical algorithm was implemented by NB, who also wrote the of
the paper with help from the co-authors.
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