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Abstract

Phase-contrast magnetic resonance imaging (PC-MRI) is a powerful tool for mea-
suring blood flow and has a wide range of cardiovascular applications. Simulation
of PC-MRI from numerical flow data would be useful for addressing the data qual-
ity of PC-MRI measurements and to study and understand different artifacts. It
would also make it possible to optimize imaging parameters prior to the PC-MRI
measurements and to evaluate different methods for measuring wall shear stress.

Based on previous studies a PC-MRI simulation tool was developed. An Eulerian-
Lagrangian approach was used to solve the problem. Computational fluid dynam-
ics (CFD) data calculated on a fix structured mesh (Eulerian point of view) were
used as input. From the CFD data spin particle trajectories were computed. The
magnetization of the spin particle is then evaluated as the particle travels along
its trajectory (Lagrangian point of view).

The simulated PC-MRI data were evaluated by comparison with PC-MRI mea-
surements on an in vitro phantom. Results indicate that the PC-MRI simulation
tool functions well. However, further development is required to include some of
the artifacts. Decreasing the computation time will make more accurate and pow-
erful simulations possible. Several suggestions for improvements are presented in
this report.
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Chapter 1

Introduction

1.1 Formulation of the Problem

Phase contrast magnetic resonance imaging (PC-MRI) is a tool for studying the
velocity of flowing tissues, e.g. blood. Clinically it is used mainly for accurate
volume flow measurements and can be applied anywhere in the human body.
Three-dimensional (3D) cine PC-MRI is a method for measuring 3D time-resolved
three-directional cardiovascular blood flow [1],[2] and has been used to describe
normal blood flow patterns in the heart and blood vessels [3],[4],[5],[6] and also in
some patient groups [7],[8]. There is a lot of evidence indicating that wall shear
stress (WSS) is involved in the creation of atherosclerosis [9], which is one of the
major causes of death in the western world. PC-MRI can simultaneously acquire
flow and anatomic data and is proposed to be suitable for assessing WSS [10]. Tur-
bulent flow is involved in the pathogenesis of several cardiovascular diseases [9].
Dyverfeldt et al. [11], [12] have studied the possibility of quantifying turbulence
intensity from three-dimensional three-directional PC-MRI measurements.

It is clear that three-dimensional three-directional PC-MRI have several applica-
tions. However, there are some factors which may affect the quality of PC-MRI
measurements. Spatial misregistration errors due to phase shifts from higher order
motion and flow related signal loss occur among other artifacts. The true flow in
the subject measured is unknown and therefore it is hard to determine the extent
of these limitations from only studying measurements.
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2 Introduction

1.2 Aim of the Thesis

The aim of this thesis is to develop a PC-MRI simulation tool that from compu-
tational fluid dynamics (CFD) data simulates three-dimensional three-directional
PC-MRI measurements. The CFD data consist of a numerically computed velocity
field.

When simulating PC-MRI the true flow is known and it would then be possible
to acquire better knowledge of how and when different artifacts occur in three-
dimensional three-directional PC-MRI and to optimize imaging parameters. This
would help in acquiring deeper understanding of how turbulent flow affects PC-
MRI measurements. The simulation tool would also be useful in the process of
evaluation and creation of different methods for assessing WSS from PC-MRI
measurements.



Chapter 2

Background

This chapter presents some relevant background theory on the topics of the thesis.
In section 2.1 the basics of Magnetic Resonance Imaging will be presented. Section
2.2 describes the basics of measuring flow with Phase Contrast Magnetic Resonance
Imaging.

2.1 Magnetic Resonance Imaging

Magnetic Resonance Imaging (MRI) is an imaging technique based on the Nuclear
Magnetic Resonance (NMR) phenomenon. MRI is used in medical imaging to
visualize the anatomy and physiology of the body. MRI produces high resolution,
high contrast images of 2D slices as well as 3D volumes. It is also possible to
use MRI to measure flow related quantities like velocity. For a more detailed,
but still basic, explanation of MRI, Hornaks e-book, The Basics of MRI [13],
is recommended. If you want to go deeper into the subject, the book Magnetic
resonance imaging: physical principles and sequence design [14] is recommended.

2.1.1 Spin Physics

NMR is based on the, for atomic particles, fundamental property called spin.
Electrons, neutrons and protons all have spin. In the human body there is an
abundance of hydrogen nucleus, e.g. in water, which consists of a single proton.
Due to that the proton is the most frequently used particle in MRI.

The spin of a proton can be seen as a small magnet. If the spin is placed in

3



4 Background

an external magnetic field, B0, the spin magnetization vector will align with the
magnetic field. There are two alternative alignments where the magnetization
vector either points in the direction of the external magnetic field or in the opposite
direction. The state when the magnetization vector point in the opposite direction
of the external magnetic field is the highest energy state. A transition from the
lower energy state to the higher energy state is possible if energy, that matches
the energy difference between the two states, is added.

B0 M

a. b.

µ

Figure 2.1: a. An illustration of the effect of an external magnetic field, B0, on a
particle with spin. The magnetic moment µ precesses around B0 with the Larmor
frequency. b. A net magnetization vector, M, representing all the spins in the
volume.

For simplification the spins are often looked upon as spin packets which represent
all the spins in a certain volume. Spin packets are often referred to as spins.
Each spin packet has a net magnetization vector, M (Fig. 2.1b). When not in
an external magnetic field the spins in the spin packet will align randomly and
not generate any net magnetization. However, if placed in an external magnetic
field, B0, they will cause a net magnetization in the direction of B0. Another
effect of the magnetic field is that it causes the particles with spin to precess at a
frequency, ν, known as the Larmor frequency (Fig. 2.1a). The Larmor frequency
can be calculated using the Larmor equation

ν = −γB0 [Hz], (2.1)

where γ [Hz/T ], is the gyromagnetic ratio which varies for different atoms. Apply-
ing a oscillating magnetic field, rotating with the Larmor frequency in the plane
transverse to B0, will cause a transition of M toward the higher energy state. The
energy difference between the two states corresponds to the energy of a photon at
radio frequencey wavelengths, therefore the oscillating field is referred to as a radio
frequency pulse (RF-pulse). As seen in (Fig. 2.1) z is often used as the direction
of B0, the xy-plane is then referred to as the transverse plane. If the RF-pulse
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is applied during a certain time it is possible to flip down M to the transverse
plane (Fig. 2.2). When the RF-pulse then is turned off M will return (relax)
to its original direction (equilibrium state) and a time varying signal known as
the free induction decay (FID) will be induced into receiver coils that convert the
magnetization into a current. This current is the MR signal that will be used to
create the image. The two main factors that affect the relaxation are T1 and T2
relaxation times. Differences in T1, T2 and proton density will give the contrast
between tissues in the MR image. The rate at which the transverse magnetization
component, Mxy, decreases is described by T2, and the rate of recovery of the
longitudinal component, Mz, is described by T1. More about T1 and T2 relaxation
can be found in The Basics of MRI [13].

z

y

x

M0

M

Figure 2.2: The RF-pulse flips the net magnetization vector, M, down into the
transverse plane. M0 is the equilibrium magnetization.

2.1.2 Spatial Encoding of the MR Signal

By varying the magnetic field spatially the spins will experience different magnetic
field strengths and precess with different Larmor frequencies. This is done by
adding magnetic gradients to theB0 field (Fig. 2.3). The point where the magnetic
gradient fields always are zero is called the isocenter.

By adding a positive gradient in the z-direction the Larmor frequency increases
with z, when applying a RF-pulse only spins in a slice with matching precessing
frequency will flip down. This is called slice selection and it is possible to vary the
thickness of the slice by changing the bandwidth of the RF-pulse.

The dominating imaging principle today is called Fourier transform imaging [15]
and is often divided into two steps, frequency encoding and phase encoding. A
simplified model of the reality will be used to explain this imaging principle. Con-
sider a matrix of spins (spin packets) as in figure 2.4, representing a slice. Before
a RF-pulse is applied the spins align randomly, after the RF-pulse the spins will
align in the same direction. By adding a gradient field in the y-direction for a cer-
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z [m]

BGz [T/m]

0

-z0 z00

[T]B0

[Hz]γB0

B0 - BGzz0 B0 + BGzz0

γ(B0 - BGzz0) γ(B0 + BGzz0)

Figure 2.3: An illustration of a magnetic gradient. The gradient, that is applied
in the z-direction, results in that the Larmor frequency increases with z. The
uniqueness of the Larmor frequency at each position in z makes it possible to
excite spins in only a specific slice.

y

x

a. b.

Figure 2.4: An illustration of the alignment of spins before (a) and after (b) an
applied RF-pulse. The RF-pulse causes the spins to align in the same direction.
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tain duration the spins will start to precess with different frequencies depending
on their y-coordinate. When the gradient is turned off the spins will again precess
with the same frequency but with a known degree of phase difference depending on
their y-coordinate (Fig. 2.5). The final step in the encoding sequence is to add a
frequency-encoding gradient in the x-direction. The vectors will then precess with
different frequencies depending on their x-coordinate. Now all the magnetization
vectors have a different combination of frequency and phase, this makes it possible
to localize the origin of the spins.

y

x

Figure 2.5: A phase encoding gradient in the y-direction will generate a known
degree of phase difference between the spin magnetization vectors in different rows.

The signal is collected during the presence of the frequency-encoding gradient,
which is therefore also called readout gradient. The signal is in the frequency
domain, referred to as k-space. Taking the inverse Fourier transform of the k-
space image results in the magnetic resonance image (Fig. 2.6).

The k-space coordinates, kx and ky, are defined as

kx(t) = γ

2π

t∫
0

Gx(τ)dτ

ky(t) = γ

2π

t∫
0

Gy(τ)dτ.

(2.2)

By varying the strength and duration of the phase- and frequency-encoding gra-
dients it is possible to cover k-space in different ways.
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Figure 2.6: A MR image of the authors aorta and its Fourier transform, the
raw data in k-space. This image is an amplitude image from a Phase Contrast
Sequence. The k-space image depicts the magnitude values (logarithmic scale) of
the imaginary k-space data.

2.2 Phase Contrast Magnetic Resonance Imaging

Phase contrast magnetic resonance imaging (PC-MRI) [16] is a tool for measuring
the velocities in moving particles with spin, e.g. blood flow. The velocity can be
measured in all three spatial directions.

In PC-MRI, moving spins will accumulate a phase shift that is proportional to the
velocity of the spin. The phase shift is caused by adding a bipolar magnetic field
gradient (velocity-encoding gradient) (Fig. 2.7), which is composed by two equally
shaped gradients with different signs. For a stationary spin the phase induced by
the first part of the bipolar gradient will be canceled out by the second part.
However, if the spins are moving in the direction of the gradient, the experienced
gradient field strength will change and a phase shift will be induced. The phase
shift is proportional to how far the spin traveled during the bipolar and by dividing
by the time it is possible to acquire the velocity of the spin.

The velocity corresponding to a phase shift of 180◦, VENC (Velocity encoding
range), defines the strength and duration of the bipolar gradients. The velocity,
v, can be calculated from the induced phase shift, φ, as

v = V ENC
φ

π
(2.3)

There are different encoding strategies for creating the resulting velocity images
or volumes [16]. A straightforward encoding strategy for three-directional velocity
measurment is the simple four point method that will presented here. One refer-
ence scan is made where no velocity encoding is done, the velocity endocing is then
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G [T/m]

t [s]t1 t2 t3

Stationary 
spin:

Spin moving
in the 
direction of 
the gradient 
field:

t = t1 : t = t2 : t = t3 :

Figure 2.7: A bipolar magnetic field gradient induces a phase shift proportional
to the velocity. Stationary spins will accumulate no phase shift.
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done for all three directions separately. By substracting the reference phase, φ0,
from any of the three other segments, φx, φy, φz, a phase difference proportional
to the velocity is calculated. These phase differences are then used to calculate
the velocity as

vx = V ENC
φx − φ0

π

vy = V ENC
φy − φ0

π

vz = V ENC
φz − φ0

π
.

(2.4)

It is also possible to create time resolved PC-MRI images. Three-dimensional time-
resolved three-directional cine PC-MRI, developed by Wigström et al. [2], [1], is a
powerful tool for cardiovascular imaging. By triggering on ECG (cardiac gating)
it is possible to create a collection of 3D images each covering different periods of
the cardiac cycle. This makes it possible to avoid artifacts from movement of the
heart and pulsatile flow.

2.2.1 PC-MRI Artifacts

There are several artifacts that could occur in PC-MRI, therefore a brief descrip-
tion of some of the most common artifacts is provided.

Velocity Aliasing
When there is velocities larger than VENC phase aliasing will occur. A velocity
of VENC results in a phase angle, φ, of 180◦ and a velocity of 1.5·VENC results
in a phase angle of 270◦. Because the latter angle is outside the allowed interval,
−180◦ < φ < 180◦, it will be interpreted as −90◦ which results in a velocity of
−0.5· VENC instead of 1.5· VENC.

Partial Volume Artefact
In voxels containing different tissues partial volume artifacts will occur [17]. The
voxel value will be a complex summation of the signals from the different tissues.
If a voxel contains both flowing blood and vessel wall the velocity of the blood in
that voxel will probably be underestimated.

Intravoxel phase dispersion
Intravoxel phase dispersion (IVPD) is another source of error. IVPD occurs when
a voxel contains spins with different velocities and higher orders of motion such
as acceleration. Vector summation of all the spin magnetization vectors, with
different phase, results in a lower magnitude in the voxel. IVDP occurs when
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turbulent flow is present and could therefore be used as a measure of the turbulence
intensity [12].

Displacement artifact
Displacement artifact or misregistration occurs because of the time difference be-
tween phase and frequency encoding. This artifact is notable when there is motion
oblique to the encoding gradients. Higher orders of motions also induce this arti-
fact.

Eddy Currents
When the magnetic gradient fields are turned on and off eddy currents are induced.
These eddy currents causes spatially varying velocity offsets in the image which
result in that stationary tissue is given a velocity.

Concomitant Gradient Field Effect
An applied gradient field results in additional gradient fields in the other directions
in accordance with the the Maxwell equations [18]. These fields generate an extra
spatially varying phase shift that will distort the velocity measurements.

Nonlinear Magnetic Gradient Fields
Differences between the actual and expected magnetic field gradients causes errors
in both the phase and amplitude image [19]. These nonlinear magnetic gradient
fields occur due to the finite size of the gradient coils. Both Maxwell effects and
nonlinear magnetic gradient fields result in errors that become more prominent in
voxels further away from the isocenter.





Chapter 3

Methods and Material

This chapter provides an explanation of how the theory was used to implement
and validate the PC-MRI simulations. Section 3.1 provides a thorough description
of how PC-MRI was simulated from CFD data. In section 3.2 the measurements,
PC-MRI simulations and CFD data, used for validation, are described.

3.1 Numerical Simulations of PC-MRI

To evaluate the magnetization of the spin packets the Bloch equations are solved
for a frame of reference moving along each spin packets trajectory, which is a
Lagrangian approach. The trajectories for spin packets distributed in the volume of
interest are computed. By taking the complex sum of the transverse magnetization
vectors, a MR signal is simulated. Velocity images are then created by taking the
inverse Fourier transform of the acquired k-space and calculating the velocities
from the different phase segments. A similar approach has been used in an article
by Lee [20]. The gradients used in the simulations are trapezoidal replicas of
gradients from the MRI-scanner pulse sequences. The RF pulse is created from the
RF amplitude envelope used by the MRI-scanner. The CFD data were computed
using the Large Eddy simulations technique on a structured mesh, see section 3.2.3
for more details on this.

3.1.1 Tracking the Particles

Particle trajectories are computed from the CFD data using EnSight 8.0 (Com-
putational Engineering International (CEI), Apex, USA). EnSight 8.0 computes

13



14 Methods and Material

the particle trajectories by integrating the velocity field over time using a Fourth
Order Runge Kutta algorithm and utilizing a time varying integration step. The
particles are uniformly distributed on planes transverse to the phantom which will
be presented later in section 3.2.1.

After creating the trajectories they are dumped in a text file, which is imported to a
Matlab (The Mathworks, Natick, USA) interface where the rest of the simulations
occur. The particle trajectories are interpolated to a desired time resolution. How
this time resolution is chosen is described in section 3.1.5.

If using the simulations to assess wall shear stress (WSS) it could be better to
release the particles from the CFD velocity field mesh. That mesh has higher res-
olution close to the edges, which is good when assessing WSS. When investigating
turbulent flow the amplitude of the centerline voxels of the phantom is of interest
[11] and therefore, contrary to assessment of WSS, a high particle density in the
center of the phantom is desirable. This can be achieved by emitting particles
from smaller planes in the center of the simulated object, e.g. the phantom used
in the measurements (section 3.2.2).

3.1.2 Pulse Sequence

To get a result that corresponds as good as possible to specific PC-MRI measure-
ments, the gradients and RF-pulse in the simulated pulse sequence should agree as
well as possible to the ones used in measurements. Data describing the gradients
and RF-pulse are exported from the MRI-scanner software. These data are used
to create a RF-pulse and trapezoidal replicas of the gradients which are then used
in the simulation. In the simulation it is assumed that there is no history between
the different excitations and therefore the rewinder gradients are not simulated.
The start magnetization is always the same with zero transverse magnetization
and no saturation.

To decrease the computation time for the PC-MRI simulation the field of view
(FOV) can be decreased in the phase and slice encoding direction. The FOV
describes the size and geometry of the area or volume measured in MRI. It is
necessary to be careful when changing the size of the FOV, so that the scanner
software does not change anything else, e.g. the echo time (TE), which is the time
between excitation and the FID.

A misregistration artifact can occur due to the time difference between phase and
frequency coding. If TE would change, this time difference could change and the
misregistration artifact would be incorrectly simulated.

The RF envelope is also given by the MRI-scanner software and is interpolated to
the chosen time resolution. Figure 3.1 shows an example of the pulse sequence for
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one excitation could look like, where the different gradient components are added
together.

It is important that the readout is centered on the echo time. To assure that
this is the case, the simulator calculates where the integral of the gradients in
the readout direction is zero. The readout is then centered on this time. If the
readout is not centered, a shift in the readout direction will occur. According to
the shift theorem a shift, ∆k, in k-space will result in phase shift, ∆φ, varying in
the readout direction, x according to

∆φ(x) = 2π∆kx (3.1)

If the k-space shift is the same in the reference segment and the other segments
no resulting phase shift will occur when using the simple four point encoding
strategy. However, if the k-space shift differs between the reference segment and
any of the other segments a resulting phase shift will create an underlying ramp
function in the phase difference image. To avoid this phase shift difference in the
phase and slice directions, the pulse sequence are corrected by small changes of
the phase-encoding gradients for the slice and phase segments.

3.1.3 Solving the Bloch Equations

To obtain the transverse magnetization that will give the simulated MRI signal
the Bloch Equations are solved. The Bloch equations for a frame rotating with
the Larmor frequency, −γB0, with a fix origin can be written as

δMx
δt

+V · ∇Mx = γ(MyBGz −MzB1y)−
Mx
T2

,

δMy
δt

+V · ∇My = γ(MzB1x −MxBGz)−
My
T2

,

δMz
δt

+V · ∇Mz = γ(MxB1y −MyB1x)−
Mz −M0

T1
.

(3.2)

For a reference system moving along a particles trajectory, V = 0, equation 3.2
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Figure 3.1: An example of how the pulse sequence for one excitation could look
like.
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can be written as

δMx
δt

= γ(MyBGz −MzB1y)−
Mx
T2

,

δMy
δt

= γ(MzB1x −MxBGz)−
My
T2

,

δMz
δt

= γ(MxB1y −MyB1x)−
Mz −M0

T1
.

(3.3)

The 4th order Runge Kutta algorithm, with constant time step size, is used to
solve equation 3.3 numerically. The equations are solved as the spins move along
their trajectories.

3.1.4 Creating the Image

The simulated MRI signal is created by taking the complex sum of the transverse
magnetization,

∑
(Mx + iMy), during readout. The signal from one readout is

divided into nm pieces, where nm is the number of voxels in the readout direction.
The sum of one piece is one k-space value. By taking the inverse Fourier transform,
using the fast Fourier transform algorithm, of the K-space volume a complex valued
volume describing the spatial distribution of the spins is acquired. The simple four
point method is used to calculate all three velocity components for all voxels.

3.1.5 Accuracy

The time resolution is proportional to the phase resolution which is proportional
to the velocity resolution as described in the background, section 2.2. By compar-
ing simulations with different number of time steps per revolution it is possible to
choose a time resolution that is sufficient for a specific simulation. When the dif-
ference between two simulations with a higher respectively a lower time resolution
is neglectable the lower time resolution can be seen as sufficient. In the presence
of turbulent flow a higher density of spins is necessary to obtain a more accurate
simulation of the IVPD effect.

3.2 Validation

This section describes the experiments used to validate the simulations. In section
3.2.1 the phantom, used both for CFD calculations and PC-MRI measurements,
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is described. Section 3.2.2 describes the PC-MRI measurements that are used for
validation. Section 3.2.3 describes the CFD simulations of the flow in the phantom.
Section 3.2.4 present the parameters used in the simulation that were evaluated
against the measurements.

3.2.1 Flow Phantom

An in vitro flow phantom, consisting of a perspex tube with a cosine shaped
stenosis with an area reduction of 75%, was used for the PC-MRI measurements.
The inner radius of the tube, r0 is 7.3 mm, the inner contour of the phantom is
described by

r =

{
r0(1− (1 + cos(zπ/(2r0)))/4) −14.6 < z < 14.6[mm]
1 |z| > 14.6[mm]

(3.4)

where r is the radius and the z-axis is in the same direction as the tube with origo
in the middle of the stenosis (Fig. 3.2). The flow in this phantom was simulated
in the CFD calculations. In order to achieve fully developed flow the entrance
length was 1.5 m. Downstream of the stenosis the length of the phantom was
0.5 m. The same phantom was used in an article by Dyverfeldt et al. [11]. The
stenosis will cause the flow to be turbulent, which makes the PC-MRI simulation
more challenging.

Figure 3.2: To the left, a schematic image of the phantom stenosis and to the
right, a photo of the phantom stenosis.

The fluid used in the experiments was a 63% glycerol 37% water solution with a
temperature of 33◦C, resulting in a viscosity of 0.12 cm2/s. A computer controlled
pump was used to maintain a steady flow trough the phantom. The temperature
of the solution was often slightly (around 1/2 ◦C) below 33◦C due to cooling of
the fluid when going trough the phantom and connecting tubes. To get a higher
signal a Gadolinium contrast agent (Gadovist, Schering, Germany) was added to
the solution. The concentration of contrast agent in the solution was 0.117 g/l.
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3.2.2 PC-MRI Measurements

PCMRI measurements were carried out using a clinical 1.5 T MRI scanner (Philips
Achieva; Philips Medical Systems, Best, The Netherlands). A fast field echo se-
quence (FFE), using a non-symmetric MPS (simple four point) acquisition method,
was used to image a 3D-velocity volume of the phantom. Some small bottles with
the same solution as in the phantom were placed beside the phantom to increase
the signal strength and to facilitate the compensation for eddy current effects. The
flow had a Reynolds number of 1000 upstream of the stenosis. The VENC was
4 m/s and the slice-direction was parallel to the flow. The FOV was 160 mm x
69 mm x 150 mm with an acquisition matrix of size 108 x 46 x 100 voxels. The
echo time, TE, was 2.7 ms and the repetition time, TR, was 5.9 ms. The resulting
image volume is an average of 8 measurements.

Parameter Value
Flip angle 25◦
Echo time (TE) [ms] 2.7
Repetition time (TR) [ms] 5.9
VENC [m/s] 4
NSA 8

Table 3.1: Imaging parameters used in the PC-MRI measurements. NSA is the
number of measurements averaged over.

Notice that there is no significant signal from the perspex tube or the surrounding
air. This resulted in that no partial volume effects, due to stationary spins, occured
in the measurements.

3.2.3 Computational Fluid Dynamics Calculations

Computational fluid dynamics (CFD) calculations, using Large Eddy simulation
(LES) [21], of the flow in the phantom (Fig. 3.3) were made. CFD calculations use
numerical methods and algorithms to solve problems that include fluid flows. The
velocity field in the phantom for a given entrance profile is calculated by solving
the Navier Stokes equations.

A time step size of 5 · 10−5s was used for the calculations. The structured mesh
used for the phantom contain ca 6 millions cells, where the largest and smallest
cell volumes are 9.7 · 10−11m3 respectively 2.9 · 10−14m3. To avoid problems with
tracking particles close to the wall a mesh that was finer closer to the wall was
used. The entrance profile was a fully developed laminar profile that was disturbed
by a 10% turbulence intensity at the entrance. The turbulence intensity peaked
around where the slice-coordinate was 150.
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Figure 3.3: A schematic image of the phantom used in the CFD simulations.

3.2.4 PC-MRI Simulation Parameters

This section present the parameters used for simulation of the PC-MRI measure-
ments described in section 3.2.2. The simulations were performed on different
parts of the phantom. This was done to save time and because it was convenient.
Different parameters were used for the different parts.

Jet-stream
The jet-stream appearing downstream of the stenosis was simulated. A FOV of
162 mm x 40.5 mm x 51 mm and a matrix size of 108 x 27 x 34 were used. Notice
that this FOV was smaller, in the phase- and slice-encoding directions, than in
the measurements. This was done to decrease the computation time. To acquire
a particle density of 20 particles/voxel a plane density of 1/0.3 planes/mm and 4
particles/pixel were used, resulting in 170 planes. A tube with a inner radius of 7.3
mm has an inner cross section area of 7.32 ∗ pi ≈ 168mm2. A particle density of 4
particles/pixel corresponds to ca 1.8 particle/mm2 which results in a total of 299
particles/plane. The resulting amount of particles will then be ca 299·170 = 50830
particles. A slightly higher resolution was used in the simulation and a total of
67 000 particles were released in the volume of interest. The spin particles were
released forward and backwards in time at the center of the sequence. The time
resolution was chosen so that a minimum of 40 time steps per revolution were
made and the VENC was 4 m/s.

The TE and TR used were the same as in the measurements, 2.7 ms respectively
5.9 ms. The relaxation times T1 and T2, in the simulation, were 0.5 s respectively
0.027 s. As it is the phase, and not the absolute signal strength that is interesting
in the simulation, these relaxation times are not very important.

The Laminar Part Upstream of the Stenosis
A simulation of the part upstream of the stenosis in the phantom was made. Here
the flow had a laminar character. A FOV of 162 mm x 40.5 mm x 30 mm, a
matrix size of 108 x 27 x 20 and a VENC of 4 m/s were used. The spin particles
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were released on an uniform mesh with a particle density of 10 particles per voxel.
The spin particles were released forward in time at the beginning of the sequence.
The time resolution was chosen so that a minimum of 30 time steps per revolution
were made.

Stenosis
A simulation of the stenosis of the phantom was made. A FOV of 162 mm x 40.5
mm x 30 mm, a matrix size of 108 x 27 x 20 and a VENC of 4 m/s were used
together with a time resolution of 30 time steps per revolution. The spin particles
were released on an uniform mesh with a particle density of 10 particles per voxel.
The spin particles were released forward and backwards in time at the center of
the sequence.

The Turbulent Part Downstream of the Stenosis
A simulation of the turbulent part downstream of the stenosis in the phantom was
made. A FOV of 162 mm x 40.5 mm x 30 mm, a matrix size of 108 x 27 x 20 and
a VENC of 4 m/s were used. The spin particles were released on an uniform mesh
with a particle density of 10 particles per voxel. The spin particles were released
forward and backwards in time at the center of the sequence. The time resolution
was chosen so that a minimum of 30 time steps per revolution were made.

Velocity aliasing simulation
To demonstrate the velocity aliasing a VENC of 1 m/s, instead of 4 m/s, together
with a FOV of 162 mm x 40.5 mm x 9 mm and a matrix size of 108 x 27 x 6
was used to image the flow upstream of the stenosis. The spin particles were
released on an uniform mesh with a particle density of 10 particles per voxel. The
spin particles were released forward and backwards in time at the center of the
sequence. The time resolution was chosen so that a minimum of 20 time steps per
revolution were made.

Misregistration simulation
To demonstrate the misregistration effect a VENC of 4 m/s together with a FOV
of 100 mm x 25 mm x 21 mm and a matrix size of 68 x 17 x 14 were used to
image the flow upstream of the stenosis. The coordinate system was rotated 20◦
around the phase axis. The flow is then oblique to the encoding gradients which
should lead to a misregistration artifact in the simulations. TR and TE was 4.7
s respectively 2.7 s. The spin particles were released on an uniform mesh with a
particle density of 10 particles per voxel. The spin particles were released forward
and backwards in time at the center of the sequence. The time resolution was
chosen so that a minimum of 40 time steps per revolution were made.

Turbulence
To demonstrate the IVPD artifact and the effect of turbulence in the center of the
tube, a particle density of 100 particles per voxel was used for better statistics.
The particle density was uniform in the center of the TE. The particles were only
released from the 4 voxels in the center of the tube. The time resolution was
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chosen so that a minimum of 20 time steps per revolution were made. A FOV of
162 mm x 40.5 mm x 150 mm and a matrix size of 108 x 27 x 100 was used. To
acquire higher velocity sensitivity a VENC of 1.5 m/s was used instead of 4 m/s.
The spin particles were released forward and backwards in time at the center of
the sequence.



Chapter 4

Results

This chapter presents the main achievements of the work presented in this thesis.
The simulated PC-MRI data are compared to the PC-MRI measurements and to
the CFD data.

4.1 Simulated Data

Simulations on different parts of the phantom were made. An overview of the
results is presented in figure 4.1, showing the simulated PC-MRI velocity data
together with the CFD data and the measured velocity in slice direction. The
field of views for the simulations is showed over the CFD data in figure 4.1b.
Notice that the CFD data images in this chapter are downsampled to the same
resolution as the simulated and measured images.

Figure 4.2 shows an amplitude image from the measurements on the flow phantom.
Three bottles with stationary fluid were placed besides the flow phantom. The
turbulent flow after the jet stream causes the amplitude to drop.

An image from the simulation of the laminar part, upstream of the stenosis in
the phantom, is shown in figure 4.3. Figure 4.4 shows the simulated velocity,
CFD data and measured velocity in slice-direction in one slice of the laminar
part, upstream of the stenosis. Notice that there is velocity noise in the PC-MRI
measurements, whereas there is no noise in the simulations and CFD data. The
noise is visible outside the phantom where the signal amplitude is low. Figure
4.5 shows the simulated velocities in readout-, phase- and slice-direction in one
slice of the laminar part. The velocities in phase- and readout-direction were low,
especially in the parts of the phantom with laminar flow.
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Figure 4.1: a. The measured velocity in slice direction. b. The CFD data velocity
in slice direction. c. The simulated velocity in slice direction. The positions of the
simulated field of views are marked in the CFD image.
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Figure 4.2: An amplitude image from the measurements.

Figure 4.3: a. The simulated velocity in slice direction in the laminar part, up-
stream of the stenosis, of the phantom. b. The CFD data in the same part. c.
The simulated velocity minus the CFD data.
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Figure 4.4: The simulated velocity, CFD data and the measured velocity in slice
direction in one slice of the laminar part, upstream of the stenosis.

Figure 4.5: The simulated velocities Vx (readout), Vy (phase) and Vz (slice) in
one slice of the laminar part, upstream of the stenosis, of the phantom.
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Figure 4.6 shows the simulated velocity and CFD data of the stenosis. The sim-
ulation of the jet-stream downstream of the stenosis is shown in figures 4.7, 4.8
and 4.9. In figure 4.8 the simulated velocity, CFD data and measured velocity
are compared in one slice of the jet-stream, downstream of the stenosis. Both the
jet-stream and the surrounding backflow can be seen in the figures. Figure 4.10
shows the simulated velocity and CFD data of the turbulent part, at the end of
the jet-stream. Velocity aliasing occurred in one of the voxels.

Figure 4.6: a. The simulated velocity in slice direction in the stenosis. b. The
CFD data in the same part. c. The simulated velocity minus the CFD data.

Figure 4.7: a. The simulated PC-MRI velocity in slice direction downstream of
the stenosis. b. The CFD data c. The simulated velocity minus the CFD data.

Figure 4.11 shows an example of a simulation with the VENC set to 1 m/s. The
low VENC resulted in velocity aliasing. The largest negative value in this slice is
-0.9941 m/s, which if unfolded corresponds to a true velocity of 1.9941 m/s. The
simulated flow in figure 4.12a is displaced in the readout-direction, in relation to
the CFD data in figure 4.12b. Some fold over artifacts have occurred in this image.
The displacement can also be seen in figure 4.13.
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Figure 4.8: The simulated velocity, CFD data and the measured velocity in slice
direction in one slice of the jet-stream, downstream of the stenosis.

Figure 4.9: The simulated velocities Vx (readout), Vy (phase) and Vz (slice) in
one slice downstream of the stenosis.
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Figure 4.10: a. The simulated PC-MRI velocity in slice direction of the turbulent
part, at the end of the jet-stream. b. The CFD data c. The simulated velocity
minus the CFD data.

Figure 4.11: The simulated velocity in slice direction in one slice of the laminar
part, upstream of the stenosis, of the phantom, with the V ENC set to 1 m/s.
The largest negative value in this slice is -0.9941 m/s.



30 Results

Figure 4.12: a. The simulated velocity in slice direction in the laminar part of the
phantom, upstream of the stenosis, the coordinate system is rotated 20◦ around
the phase axis. b. The CFD data. c. The simulated velocity minus the CFD data.

Figure 4.13: The simulated velocity and CFD data in slice direction in one slice
of the laminar part, upstream of the stenosis, of the phantom.
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The simulation made to demonstrate the effect of turbulence is presented in figures
4.14 and 4.15. The sum of the 9 central voxels amplitude, as a function of the
slice-coordinate, is shown. The amplitude for all four segments are presented and
in figure 4.15 they are normalized with the reference amplitude. Notice that the
amplitude values should only be seen as relative values, as the absolute value has
no content.

Figure 4.14: The simulated amplitude along the centerline of the phantom, for all
4 segments.



32 Results

Figure 4.15: The simulated amplitude along the centerline of the phantom, for all
4 segments, normalized with the amplitude of the reference segment.
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To determine a sufficient time resolution, the difference between the simulation of
the laminar part, upstream of the stenosis, using a time resolution of 30 respec-
tively 60 time steps per revolution, was computed (Table 4.1).

Velocity direction Max absolute difference Mean absolute difference
readout 3.5 · 10−4 m/s 4.2 · 10−7 m/s
phase 6.7 · 10−4 m/s 5.8 · 10−7 m/s
slice 4.5 · 10−3 m/s 1.3 · 10−5 m/s

Table 4.1: The difference between simulations using 30 respectively 60 time steps
per revolution. The simulations were made on the laminar part, upstream of the
stenosis.





Chapter 5

Discussion

In this chapter the results will be interpreted and discussed. Possible fields of
application and future improvements will also be presented.

The Eulerian-Lagrangian approach have previously been used [20],[22] to simulate
through-plane PC-MRI measurements of a bypass graft geometry. The work pre-
sented in this thesis has extended the former work to simulate a three dimensional
three directional PC-MRI measurement. In previous work only measurements of
the through-plane velocities for one slice at the time where simulated. The method
of creating the pulse sequence in these simulations is more flexible and truthful
than the one use by Lee et al. [20], where boxcar shapes was used to approximate
the gradients. The parameters from a measurement on the scanner can easily be
extracted to create a copy of the pulse sequence. This makes it easier to compare
measurements and simulations with each other.

An Eulerian approach has been proposed by Jou et al. [23],[24] to simulate time
of flight (TOF) MR images from CFD data. They numerically solved the Bloch
equations for a fix mesh instead of solving them for particle trajectories. This
method is less expensive computationally due to that no particle trajectories are
created. To account for the misregistration artifact they transform the mesh. In
this works the misregistration is automatically accounted for and extra calculations
are not needed. Both the Eulerian and Eulerian-Lagrangian method have been
reviewed [25] and it was reported that the Eulerian-Lagrangian method suffers
from problems when tracking particles close to the wall. The mesh used in the
CFD calculations was very fine close to the wall and therefore the errors from
tracking particles near the wall are avoided. The Eulerian approach suffers from
not being valid at high Reynolds numbers [23],[24].

Lee et al. [20] also points out that the particle traces give the spins spatial history
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and distribution during the simulation. This may help in the understanding of
some flow induced artifacts, especially in the presence of turbulent flow. Particles
with different magnetic properties can also be studied using this method.

Taking these considerations into account, the Eulerian-Lagrangian method [20]
was therefore used in this work to simulate 3D three-directional PC-MRI. Mis-
registration, velocity aliasing and intravoxel phase dispersion (IVPD) artifacts are
simulated using this method. The accuracy of the simulation of IVPD depends
on the number of spin particles per voxel. It is also possible to simulate the effect
of partial volume artifacts, a suggestion on how that could be done is presented
in section 5.2. Background noise could be simulated by adding Gaussian noise to
both transverse magnetization components.

5.1 Interpretation of the Results

In the 3D measurements simulated, the whole 3D volume was excited. The po-
sition in slice-direction was encoded with a phase-encoding gradient. This phase
encoding gradient is in this section referred to as the slice selection gradient, not
to be confused with the gradient active during the excitation. Overall, the results
indicate that the basic functionality of the simulation tool is good.

In the PC-MRI simulation of the laminar flow (Fig. 4.3), upstream of the stenosis,
the simulated velocity measurements were slightly lower than the CFD data in
some places. This phenomenon was most prominent close to the phantom walls
where the velocities were lower.

The black voxels, in the lower part of the simulated image (Fig. 4.3), are a result
of the way the particle traces were released. The traces were only released in the
FOV, moving forward in time. The center of the slice selection gradient occurred
ca 2.4 ms after the start of the pulse sequence for one excitation. During this
time a particle with a velocity of 1.6 m/s travels 3.8 mm. This is more than 1.5
mm, the voxel size, and therefore particles starting in the black voxels could be
in the voxels above when slice selection occurs. This result in low amplitude and
the voxels were set to zero when masking with the amplitude. This is avoided in
the simulation of the jet stream (Fig. 4.7) where the traces where released both
forward and backwards in time. It is also possible to release particles in an area
larger than the FOV to avoid this problem.

The noise in figures 4.4 and 4.8 can be removed by masking with the amplitude
volume. In figures 4.5 and 4.9 the velocities in readout- and phase-direction are
very low, as they should be, and it is hard to draw any more conclusions from
them.
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In the simulation of the stenosis of the phantom (Fig. 4.6), the velocities in the
bottom center of the image are larger than anticipated. This could be due to
fold over artifacts in the slice direction. The velocity in the jet stream in this
simulation was around 3.6 m/s. The time between excitation and the center of the
slice selection gradient was 1.9 ms. During this time a particle in the jet-stream
can travel 6.84 mm. The particle could then be outside the FOV when excited,
causing fold over in the slice direction. The results are indicating that there are
particles around 7.5 mm (5 voxels) outside of the FOV when slice selection is done.
These foldover artifacts also occurred in the simulation of the laminar part with
rotated coordinate system (Fig. 4.12). The particles here seems to have been
3 mm (2 voxels) outside the FOV when excited and calculations also tell that
they should have traveled 3 mm. In the scanner these fold over artifacts in slice
direction is sometimes avoided by taking some extra slices outside the FOV.

The results indicate that the simulation of the velocity aliasing artifact (Fig. 4.11)
is accurately implemented into the simulations. The accuracy of the velocities
in the velocity aliasing simulation may not be very high because of a low time
resolution and proton density. In figure 4.12 a displacement, to the left, of ca
1.0-1.4 mm can be observed. The anticipated displacement can be approximated.
The particles in the center of the laminar part travel with a velocity of ca 1.6 m/s
in the direction of the phantom. A particle travels from A to B in figure 5.1, with
a velocity of 1.6 m/s. The time it takes for the particle to travel between A and B,
1.7 ms, is the time between the center of the readout gradient and the center of the
slice selection gradient. The particle travels 0.93 mm in negative readout-direction
during this time, thus the shift in the simulation corresponds fairly well with the
theoretically approximated value.

In figure 4.10 velocity aliasing can be seen in one voxel where the simulated velocity
is -3.94 m/s, which corresponds to 4.06 m/s if unfolded. However, there are no
velocities larger than the VENC in the CFD data. It is possible that the turbulence
resulted in less accurate results. The simulations made were not fully adapted
to studying the effect of turbulence. However, the results in figures 4.14 and
4.14 indicate that the effect of turbulence is present in the simulations. In this
simulation a higher number of spins per voxel was used. The turbulence intensity,
for the CFD data, peaked around 150 mm and here the difference between the
reference segment and the three other segments was the largest. An amplitude
drop, relative to the reference segment amplitude, in the segments with velocity-
encoding gradients is expected. This amplitude drop is clear in the slice-direction
segment but not in the 2 other segments. In the measurements the amplitude
drop was most prominent in the slice-direction segment, but there was also an
amplitude drop in the 2 other segments. The CFD data used for the simulations
only contained one timeframe. In the presence of turbulence there are changes in
the flow over time. Thus, using more timeframes will lead to a better simulation if
studying turbulent flow. It is also possible that better accuracy is necessary. This
could be achieved by using a higher time resolution and a higher spin density.



38 Discussion

Figure 5.1: A spin particle that travels from A straight to B with a velocity of 1.6
m/s.

A time resolution of 30 time steps per revolution was decided to be sufficient for
the simulation of the laminar part, upstream of the stenosis. This test of accuracy
should have been done with all simulations, but due to the long computation times
this small study was decided to be sufficient for this work.

5.2 Future Work

This section contains some suggestions for future work and improvements of the
simulation tool.

For a simulation of the partial volume artifact stationary spins, representing the
vessel wall, can be added. The differences between proton densities for the flowing
tissue and the stationary tissue must then be taken into account. This is important
if the simulation tool is going to be used to evaluate methods for assessing wall
shear stress (WSS). This can be implemented by adding a stationary velocity field
outside the velocity field used in the simulations.

In MRI the signal is measured through a quadrature detector that gives the real
and imaginary parts of the signal. Assuming that the noise in each channel is Gaus-
sian with zero mean [26], it is possible to simulate the noise by adding Gaussian
noise to both transverse magnetization components. Further calculations must be
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done to acquire the correct amount of noise.

Artifacts from Maxwell effects, nonlinear magnetic fields and Eddy currents are not
simulated. However, there are no theoretic obstacles for implementing nonlinear
magnetic fields in the simulation. Eddy currents may be harder to implement due
to that they depend on the object measured.

For better accuracy a closer investigation of how to compute the traces in the
best way could be done. The time consuming calculations is also a bottleneck
for achieving better accuracy, by decreasing the computation time a finer time
resolution could be used without generating unreasonable computation times.

The amplitude of the simulation depends on how the particle traces behave. If the
particle traces were released from an uniform mesh, the amplitude was uniform
when the sequence started. However, after the traces are released the particles
move around and the amplitude depends on the velocity field. The particle density
is not uniform during the whole simulation, and therefore the absolute amplitude
is incorrect. However, if the same traces are used for different sequences, e.g. the
different phase segments, the relative amplitude can be used to compare them to
each other. The CFD data used in these simulations only contained one timeframe.
Using more timeframes would not only make the simulations more realistic, but
it would also be possible to release new particles for every timeframe, resulting
in a close to uniform particle density during the whole sequence. If using the
same timeframes for every point in k-space, vectorization and parallelization is
still possible. A more accurate simulation of the amplitude may also be acquired
by just adding more spins. In reality the excited spins also have a slightly non-
uniform distribution in the fluid.

5.2.1 Computation Time

The main problem with the simulations is that they are very time consuming.
Some suggestions for decreasing the computation time will be described in this
section.

First of all the computation time increases with the number of voxels, the size of
FOV, the length of TR and the number of spins and it is recommended to keep
these factors as small as possible. One time consuming process in the simulations
are the solving of the Bloch equations. The simulator now uses a 4th order Runge
Kutta method with constant time step length. By using a differential equation
solving algorithm with variable time step length the simulations could become less
slow. However, that is not the main problem. There are for loops over k-space in
phase- and slice-direction and over all the spins, and for-loops in matlab equals
bad performance. All those computations are independent of each other and could
therefore be vectorized. Vectorization would probably decrease the computation
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time a lot but is hard to implement due to that the current implementation of the
Runge Kutta solver, implemented in C++ as a .mex file, can not be used with
vectorization. The simulations of the four segments are independent of each other
and could be computed parallel. It would also be possible to implement the for-
loops in a compiled language, e.g. C++, for improved performance. As mentioned
before, decreased computation time makes it possible to acquire simulations with
higher accuracy without generating unreasonable computation times.

5.3 Possible Fields of Application

There is a lot of evidence indicating that wall shear stress (WSS) is involved in
the creation of atherosclerosis [9], which is one of the major causes of death in
the western world. PC-MRI can simultaneously acquire flow and anatomic data
and is proposed to be suitable for assessing WSS [10]. The developed simulation
tool can, if improved, be used to evaluate different methods for assessing WSS. By
adding a simulation of the partial volume artifact, e.g. the difference between the
velocity profile for the CFD data and the simulated data can be studied in order
to evaluate different methods for assessing WSS.

Turbulent flow is involved in the pathogenesis of several cardiovascular diseases [9].
Dyverfeldt et al. [11], [12] have studied the possibility of quantifying turbulence
intensity from three-dimensional three-directional PC-MRI measurements. The
simulation tool can be used to acquire deeper understanding of how turbulent flow
affects PC-MRI measurements. However, a very high particle density is needed
for a more accurate simulation of the turbulent flow, and therefore it is recom-
mended to improve the performance before using the tool in studies of turbulent
flow. Clinically, the possibility to measure turbulence in patients may offer new
approaches for evaluation of different surgical procedures such as valve repair or
implantation of prosthetic heart valves.

Other artifacts and phenomena, occurring in PC-MRI measurements, can also be
studied using the simulation tool as it is possible to compare the CFD data, that
acts as the true flow, with the simulation data, that acts as the measured data.
In PC-MRI measurements, the true flow in the subject measured is unknown and
therefore it is hard to determine the extent of different artifacts from only studying
measurements. If developed further the tool can be very useful for many different
studies, e.g. the creation and evaluation of new pulse sequences and parameter
tweaking.
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5.4 Conclusion

The main achievement of the work presented in this thesis was the creation
of a functional PC-MRI simulation tool that from CFD data simulates three-
dimensional three-directional PC-MRI measurements. The tool makes it easier to
compare PC-MRI measurements with CFD data and is possible to use for several
purposes. However, there are still some improvements needed to make the tool re-
ally useful. Several ideas for improving the PC-MRI simulation tool are presented
in this work. Without too much work being done the tool could be adjusted to
suite the investigation of many artifacts and phenomena occurring in PC-MRI.

The main challenges for the future development of the tool would be too decrease
the computation times, use time resolved CFD data, and implement more artifacts,
e.g. partial volume artifact and nonlinear magnetic gradient fields.
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