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Abstract 

To validate the Magnetic Resonance flow quantification by means of the phase difference 
technique, an in vitro flow simulator is used. The artificial arteries are constructed out of Agar 
gel. Agar gel generates MR signa! and is thus more suited to mimic human tissue than perspex 
or glass. With this phantom, the influence of several possible error sourees is studied separately 
with constant flow. lf the influence of the error sourees is minimized, the volume flow 
quantification at several flow rates showed an inaccuracy of about 2% or even less. 

The partial volume effect can cause large overestimations of the through-plane flux (mlls) (30-
100%). However, if the flow lumen contains more than 4 pixels per diameter, and the angle 
between the flow and the flow encoding axis is less than 10°, the induced flux error can be kept 
well below 10% up to a slice thickness of twice the vessel diameter. The results even suggest 
that the error will not increase any further if the slice thickness exceeds the vessel diameter 
times two. With perspex tubes, the partial volume errors are more distinct. The accuracy of the 
in-plane mean- and peak velocity quantification mainly depends on the slice thickness. Even 
with a resolution of 12 pixels per diameter and without misalignment of the flow- and the flow 
encoding direction, a slice thickness of 3 mm (vessel diameter 10) causes an underestimation of 
the mean and peak velocity of about 10%. 

Other error sourees like the default LPC-window size, the used gradient contiguration and the 
SNR of the images did not introduce any significant error in the performed experiments. 
However, due to gradient non-linearities, the in-plane vessel area (transverse slice) deercases if 
the offset position in the z-direction exceeds 8 cm (5% reduction at z=10 cm). The results also 
suggested that the underestimation of the flow quantification due to gradient non-linearity (Gz) 
is not limited to the edges of the maximum imaging volume (FH direction) but already starts at 
the iso center. This seems unlikely and should be further verified. 

To obtain accurate flux values with Partial Echo of Halfscan, a high spatial resolution is 
needed. With a resolution of 0.6 mm/pixel, flow quantification with HS and PE induces no 
additional error even if only 70% of k-space is sampled (error < 1 %). However, if the voxel 
size is increased till 2 mm (vessel diameter 8 mm), a PE- or HS factor of 0.7 causes a flux 
overestimation of about 15%. lf perspex tubes are used, the error is about 30%. 

To allow fast image acquisition, the accuracy of Turbo Field Echo, Echo Planar- and Spiral 
irnaging with respect to the volume flow quantification is studied. TFE, EPI (EPI factor < 9) 
and Spiral imaging (40-100 interleaves) can well be used to quantify the through-plane flow 
(error less than 5%) andreduce the scan time. In case ofpulsatile flow, the accuracy ofthe flux 
waveform obtained with TFE, EPI and Spiral imaging is mainly a function of the temporal 
resolution. To accurately quantify the wavefonn, at least 10 heart phases were required. 

To evaluate whether MR flow quantification could provide accurate estimates of the pressure 
drop across an obstruction, stenotic Agar tubes are created. Only preliminary experiment<; are 
performed. The pressure drop is calculated from the MR velocity data using the simplified 
Bemoulli equation. The deviations between the MR estimates and pressure recordings from 
catheterization could be mainly attributed to neglection of the upstream velocity and pressure 
loses from turbulence which are not accounted for in the simplified Bemoulli equation. 
Accurate pressure drops across an obstruction of 80% in diameter could not bc obtained with 
MR due to signalloss as a result of velocity gradients and turbulence. 
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1. Introduetion 

Magnetic Resonance Imaging (MRI) has the potential to provide information about both vessel 

geometry and blood flow velocities. This could be exploited to, for example, locate and 

evaluate obstructed arteries and aneurysma's. To accurately diagnose these vascular diseases, 

the velocity and the volume flow rate over the cardiac cycle are important parameters. But 

before MR flow quantification can be utilized as a diagnostic tooi, extensive research of the 

possibilities and its accuracy is necessary. 

The study of the effects of flow and motion on the nuclear magnetic resonance (NMR) signal 

has a history almost as long as the experimental studies of NMR itself. In 1946, Felix Bloch 

and Edward Pureeli individually discovered the NMR phenomenon, and were awarded for their 

work with the Nobel prize in 1952. Shortly after the discovery, the effect of motion on both 

amplitude and phase of the MR signa! was described and the possible use of MR for motion 

detection was investigated. In the following years a wide variety of flow measurement methods 

were developed. Flow quantification by means of the phase difference technique, also referred 

to as Phase Contrast Angiography (PCA), is one of them. This technique makes use of the fact 

that nuclear spins, moving in the direction of a magnetic field gradient, experience a phase shift 

proportional to their velocity. Specially timed gradient pulses are added to the irnaging 

sequence such that the relationship between phase and velocity is known. The phase of the MR 

signal can therefore be used to display the spin velocity as a function of their location in so 

called PCA images. 

The accuracy of the spin veloeities determined with PCA has been subject of research for years 

now. The use of an in vitro phantom model enables to isolate and study the individual error 

sources, and to compare the PCA results with reliable reference values. Once insight is gained 

in the possible sourees of error using phantom models, the results can be used to predict the 

reliability of in vivo flow quantification. Previous phantom studies performed at Philips 

Medica! Systems were accomplished with perspex and glass flow tubes 1 and with po rous 

vascular grafts2. A fluid having the properties of human blood was pumped through these 

tubes with a known velocity profile to simulate blood flow through an artery. Unlike human 

tissue, perspex and glass do not generate MR signa!. Consequently, the phase of the perspex or 

glass region surrounding the flow will be random because noise dominates the signa!. Even 

with porous vascular grafts, the water content of the graft wallis still too low to completely 
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elimillate this artifact. This can lead to errors in the determined flux or mean velocity when 

these random phase pixels are taken into the calculation. To solve this problem, part of this 

project is designed to improve the flow phantom. The artificial artery walls are made out of 

Agar gel which more closely resembles the in vivo situation because it generates MR signal. 

The main goal of this project is to utilize the improved phantom to study several potential error 

sourees that rnight influence the flow quantification. Although the flow through arteries is 

pulsatile, pulsatility is not always required to study individual error sources. Constant flow is 

even preferred, to avoid errors induced by acceleration and ghosting artifacts. Therefore, a 

major part of the experiments is performed using constant flow. The results of these 

experiments are used to study the accuracy of certain fast imaging techniques with respect to 

the quantification of pulsatile waveforms. Past imaging techniques are of interest to decrease 

scan time. Short scan times will reduce the probability of possible patient movement and will 

also enlarge the convenience of the patient 

In case of a stenosis, not only the velocity and the volume flow rate have diagnostic value but 

so does the pressure drop across the stenosis. The relationship between the pressure drop and 

the flux characterizes the resistance or impedance of the constriction. The pressure drop is 

often calculated using a simplified Bemoulli equation. The necessary flow information could be 

provided by MRA. It therefore seemed interesting to evaluate whether MR flow quantification 

can provide accurate estimates of the pressure gradient across an obstruction. Several stenosis 

which differ by the percentage area reduction are build using Agar gel. To compare the results 

with reference data, the experiments are set up in a way that allows simultaneous pressure 

recordings from catheterization. 

The experimentalset-up of both these blood pressure measurements and the PCA validation is 

described in chapter 3, preceded by a chapter about the relevant theory of MRI in general and 

the used PCA-technique in specific. Chapter 2 also covers the theory about the blood pressure 

calculation. Chapter 4 and 5 discuss the methods and results of the experiments performed 

with constant and pulsatile flow respectively. Chapter 6 deals with the pressure drop 

calculations across the stenosis. Conclusions and recommendations of the whole project can be 

found in chapter 7. 
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2. Theory 

To measure flow with MRI a wide variety of methods exist, which are generally categorized 

into two groups: inflow effects and phase effects. In this study, only flow quantification by 

means of the phase difference technique is considered. This technique is also referred to as 

phase contrast ahgiography (PCA) which belongs to the second category. 

In order to understand how the flow quantification is performed, it is essential to understand 

the basic MR theory itself. This theory is briefly explained in paragraph 2.1. The specific theory 

of phase contrast angiography and the possible error sourees can be found in paragraph 2.3, 

foliowed by paragraph 2.4 about cardiac synchronization. Several fast imaging techniques are 

described in paragraph 2.5. The chapter ends with paragraph 2.6 about the theory of the 

pressure drop calculation. 

2.1 Basic principles of Nuclear Magnetic Resonance 

2.1.1 Magnetic properties of nuclei 

Nuclear magnetic resonance (NMR) relies on the magnetic properties of the nucleons which 

make up atomie nuclei. Just as electrens possess intrinsic angular momenturn (spin) and 

associated magnetic moment, so do nucleons. As a general rule those nuclei with an odd 

number of protons and an even number of neutrons and vice versa will have a net nuclear spin. 

These are the nuclei of importance in NMR. The magnetic moment {l associated with this 

nuclear spin is given by3 

Jt=rl (2.1) 

where r is the gyromagnetic ratio and J the spin angular momentum, described as: 

lll=n.JIU+l) (2.2) 
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Here, h corresponds with Planck's constant hl2rr and I with the nuclear spin quanturn 

number. Since hydrogen is the most abundant element in human tissue and has excellent NMR 

characteristics4, most MR imaging is performed with the 1H nucleus. The lightest isotope of 

hydrogen has parameter values I= 1/2 and r = 2.65xl08 radff·s or r.=r /2rr =42.6 MHzlT. 

In a coneetion of nuclei, the magnetic moments of the individual nuclei (spins) will be 

randomly oriented in which case no net magnetization is present. In the presence of an applied 

magnetic field B , the spin veetors of the nuclei experience a torque which causes them to 

rotate around the direction of the field with random phase. This precession, called Larmor 

precession has a frequency ÖJ L defined as3: 

(2.3) 

Besides this classic approach, the resonance frequency can also be derived from a quanturn 

mechanica! point of view. An external static magnetic field B0 , pointing out in for example the 

z-direction, will cause the spins to assume discrete orientations which correspond to quanturn 

mechanica! energy states with energy3 

(2.4) 

where mi represents the magnetic spin quanturn number. Resonant transitions between these 

levels are only allowed such that ö.mi =±1, which results in the following relation between the 

resonance frequency m 0 and the applied field B0 : 

(2.5) 

In case of hydrogen the quanturn number mi can take the values + 1/2 and -1/2, allowing only 

two energy states. Assuming Boltzmann statistics for a coneetion of these nuclei3, a dynamic 

equilibrium exists with a relative preferenee for the low energy (i.e. parallel) state. This small 

excess creates a net magnetization M0 parallel to the applied external field. The behavior of 

the net magnetization in an external magnetic field is identical to that of an individual nuclear 

spin in that it precesses around the field axis. The amplitude of the net magnetization is a 

function of the number of spins, temperature and applied field strength. At room temperature, 

the actual difference in accupation is quite small, which explains the relative weakness of MR 

signals at room temperature. 
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2.1.2 Excitation and relaxation 

To obtain a measurable MR-signal which gives information about the present nuclei, a high 

frequent magnetic field B1 l. Ba with frequency mis supplied to the system to excite the spins. 

The net magnetization is only effected by this so called RF pulse if5 

(J) 

Ba-- < Bl 
r 

(2.6) 

lf the frequency m of the RF-pulse matches the Larmor frequency of the nuclei, the effect is 

maximaL The pulse then causes resonant transitions between the energy levels spaeed by the 

characteristic energy M. Under this condition, the motion of the net magnetization M during 

the excitation cao bedescribed by the Bloch equation5: 

and is visualized in figure 2.1. 

x 

sof 
............ --- M'~- - ........... 

M) I 
' ---

Transverse----

y plane (xy) '------

x 
Longitudinal 
axis (z) 

(2.7) 

Figure 2.1: The precession of the magnetization under influence of a stationary magnetic field B0 and an 

oscillating field B1• The magnetization M can be viewed as having two vector components: M xy in the 

transverse and Mz in the longitudinal plane. 

After the RF-pulse, the net magnetization is deflected from its equilibrium orientation but still 

precesses about the main magnetic field Ba with the Larmor frequency. The angle of deflection 
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with respect to the z~axis (a), depends on the amplitude ( B1) and the duratioh ( -r) of the 

altemating field B1 ,'as described by the following equation5: 

(2.8) 

This angle is commonly referred to as the flip angle. Instead of being parallel to B0 , the 

magnetization now has two vector components: Mxy in the transverse and Mz in the 

longitudinal plane (fig. 2.1). Only the transverse component is detected, by measuring the 

current induced in the receiver coil by the time varying transverse magnetic field. The receiver 

coil is positioned along one of the transverse axis. The measured signa! strength depends on 

both the proton density and the relaxation times which all are tissue dependent It therefore 

gives information about the tissue under investigation. 

Mter excitation, the systems returns back to equilibrium. This takes place through two 

independent relaxation processes: longitudinal spin-lattice relaxation and transverse spin-spin 

relaxation. The coherent precession of the spins caused by the excitation reverts to random 

precession again (i.e. M xy vanishes) and Mz is restored to its original magnitude. Taking this 

interaction of the spins with the lattice and with each other into account, results in the 

following equations of motion for the magnetization, based on the Bloch equation5: 

Mz(t)=M0 -e-}f1 (M0 -Mz(O)) 

M (t) = M (0) · e-imr e-}f2 xy xy 

(2.9) 

A short pulse duration -r compared to the spin-lattice relaxation time~ and the spin-spin 

relaxation time T2 is assumed, i.e. no relaxation occurs during the excitation. 

While both relaxation processes occur exponentially, the relative relaxation rates depend on the 

specific molecular structure, physical state and temperature. Besides the spin-spin relaxation, 

field inhomogeneities also contribute to the dephasing of the spin vectors. The exponential 

decayin the transverse magnetization resulting from the combination of T2 -relaxation and field 

inhomogeneities is referred to as T2 • -relaxation, according to the effective transverse 

relaxation time T2 •. The current induced in the receiver coil is shown in figure 2.2. The 

oscillating shape of this so called free induction decay (FID) is aresult of the free precession of 
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the net magnetization and the transverse component. The gradual decay is caused by the 

relaxation mechanisms. 

S(t) 
T * 

1
2 T2decay 

1'-- I 
n ---~ ------
,,~~ --------------
~y/ --------------t 

V ------
/ ----

~----

FID 

Figure 2.2: The Free Induction Decay (FID) and its decrease due to T1 relaxation andfield inhomogeneities. 

2.2 Magnetic Resonance Imaging 

To reconstruct an image, it is necessary to eneode the emitted signals such that they can be 

related to the spatial position of the corresponding nuclei. This is realized by means of 

magnetic field gradients G(t) superimposed on the main field B0 : 

G(t) =V Bz (r, t) 

Bz(r,t)=B0 +BG(r,t)=B0 +G(t) · r 
(2.10) 

The linear gradient field BG is directed parallel to B0 , i.e. parallel to the z-axis but varies in 

amplitude as a function of position. The specific resonance frequency m L is therefor a function 

of spatial position too: 

(2.11) 

The applied gradient G(t) consists of three perpendicular components used for slice selection, 

phase encoding and frequency encoding respectively. The orientation of these components 

with respect to the physical axes may be arbitrary. The physical z-axis coincides with the main 

field. This direction is usually indicated as the Feet-Head direction, whereas the Left-Right and 

Anterior-Posterior direction denote the physical x- and y-axis respectively. 
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2.2.1 Slice selection 

To accomplish slice selection, a magnetic field gradient G perpendicular to the desired slice 

orientation is superimposed on the main field. Every plane parallel to this orientation then has a 

different resonance frequency, because according to equation 2.11, m Lis a function of local 

field strength. When the RF pulse is applied simultaneously, only the nuclei of which the 

Larmor frequency matches the frequencies of the pulse, will be excited. They experience 

resonant transitions between the energy levels. The excited slice thickness is thus controlled by 

the amplitude of the magnetic field gradient and the bandwidth of the RF pulse (fig. 2.3)6. 

co( RF) 

Band width 

~ .. z 
Slice 

Thickness 

Figure 2.3: The selected slice thickness as a tunetion of the amplitude of the magnetic gradient field and the 
bandwidth ofthe RF putse. 

Because the gradient field BG increases linearly with position (fig. 2.3), spins across the 

thickness of the selected slice will precess with slightly different frequencies. As a result, the 

spins start to dephase directly after excitation reducing the signal intensity. This can be 

compensated for by the use of a rephasing gradient of opposite polarity, to bring them back in 

phase (see for example fig. 2.4). 

2.2.2 Phase and frequency encoding 

To further eneode the signal, a magnetic field gradient G Y is applied along the y-axis of the 

image slice to change the precession frequency as a function of y-position. When this gradient 

is switched off, all spins turn back to the same precession frequency again. However, spins at 

different y-positions have cycled through different phase angles and are out of phase now. As a 
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result of this so called phase encoding, the relative phase l/J of an MR signal provides 

information a bout the y-position of the corresponding nuclei 1: 

6.1 

l/J = r f G y(t). y dt (2.12) 
0 

The time interval /:it represents the duration of the phase encoding gradient. 

To complete the spatial encoding, a third gradient is switched on perpendicular to the phase 

encoding gradient, i.e. along the x-axis. The precession frequency now varies with the position 

along the x-axis. During the time this so called read-out gradient is applied, the signal is 

sampled, acquiring the required data points. To create an image with a spatial resolution of Nx 

x Ny picture elements (pixels) which each contain the signal from a single volume element 

(voxel), data sampling is repeated Ny times with different values of the phase-encoding 

gradient. Using a 2D Foorier transform, the data set is resolved into its individual frequency 

components of which amplitude and phase are taken to calculate the signal intensity as a 

function of position. The signal intensity depends on both the spin density and the relaxation 

times of the tissue. 

2.2.3 Fast Field Echo (FFE) 

Usually, because of the time needed to spatial eneode the MR signal, the FID is not suited to 

o btain the necessary information to create an image. Therefore, pulse sequences are developed 

to create and sample a reappearance of the signal a fmite time after the decay of the initia! FID, 

a so called echo. Past Field Echo (FFE) imaging, also referred to as Gradient Echo imaging, is 

one of the techniques to create an echo (fig. 2.4). 
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RF-pulse 

....____, Echo 

1.----TE---.1 

G(t) rnBIDI=ttt@f=f-ffi ------:____ 

Figure 2.4: Generation of an echo signa! using the Gradient Echo technique. The first lobe of the gradient 
wavefarm G(t) causes the spins to dephase. The reversal ofthe gradient willlead to the rephasing ofthe spins 
into an echo. 

In the read-out direction, the gradient G(t) is balanced between the center of the excitation 

pulse t = 0 and the center of the stimulated echo t =TE 1: 

TE 

J G(t) dt =0 (2.13) 
0 

The frrst lobe of the gradient waveform causes the spins to dephase, due to their different 

precession rates which vary as a function of position. The reversal of the gradient willlead to 

the rephasing of the spins into an echo, which will be sampled. Figure 2.5 shows an example of 

an FFE sequence. The necessary repetition of the pulse sequence with different phase encoding 

gradients is represented by the various gradient values one above another. The repetition time 

is denoted as TR. 
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TR 

1 

... 

RF ---L-------------.------------------7r/--~ 

Gz<t) L--1-t---t--,----------+------------------------l u 

i!i----t------,1 
Gx(t) ---l-----+LJ----Ic----+----!----------------------1 

A B C 

S(t) --+---------..l.--1-t '"'n+tLI-+n+P-r\ __________________ 1 u L Ju 
I+- TE --------.1 

Figure 2.5: Example of a Fast Field Echo (FFE)-sequence. During excitation the slice selection gradient is 
applied followed by a replzasing lobe. For simplicity, the various plzase encoding gradients are depicted one 
above another. 

2.2.4 K-space 

An appropriate way to describe the MR-data acquisition is by means of K-space, the spatial 

frequency domain. During image acquisition, the raw data is collected as a function of spatial 
frequency. The coordinates of a data sample ( kx , ky) correspond to the frequencies of the 

sinusoidal waves that form the basis of the Fourier transform in the x- and y-direction 

respectively6. The spatial frequencies kx and ky are related to the gradients used for spatial 

encoding, according to the following equations 1: 

kx =r J Gx (t)dt =r Gx !l.tx 

ky =rf Gy(t)dt=rGytJ.ty 
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The right part _ of these equations is true only in case of a constant gradient strength, applied 

during a time interval 11t . 

Making use of these equations, the trajectory in k-space of a certain pulse sequence can easily 

be visualized. In figure 2.6, the trajectory of the FFE sequence represented in figure 2.5 is 

depicted. The relation between k-space and the field of view (FOV) or the resolution is also 

indicated here. 

B~.---------+------~---~~~tl~OVy 
'1111( )Ir 

1/Resolution x 

Figure 2.6: The trajectory through k-space during two phase- and frequency encoding steps of the FFE echo 
sequence shown in figure 2.5. The re lation between the dimensions of k-space and the FOV and resolution 
(mmlpixel) are represented by arrows. 

The trajectory starts at the center of k-space, before any phase or frequency encoding is 

performed. The phase encoding gradient, in combination with the dephasing part of the 

frequency encoding gradient, corresponds with the trajectory A-B of tigure 2.6. Data is 

sampled while the spatial frequency kx changes from left to right towards location C during the 

time interval 11t. By varying the y-gradient and acquiring additional k-trajectories, k-space is 

filled and sufficient information is acquired for 2D-Fourier transformation and image 

reconstruction. In this way, k-space actually consists of the acquired profiles or echoes one 

above another (fig. 2.7). The 2D Fourier transformation to calculate the signal intensity S(x, y) 

as a function of position can bedescribed as: 

S(x,y)= IJ S(kx,ky)ei(xk,+yky) dkxdky (2.15) 
Ny,Nz 

According to the procedure of Fourier transformation, one sample in k-space gives information 

about all the image pixels and visa versa. 
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Figure 2.7: The signal intensity S(kx, ky) as a function of spatial frequency of a typical 2D data set. The 

signal is symmetrie al in both the x- and y-direction. 

Instead of acquiring all the lines of k-space, it is also possible to scan only part of the spatial 

frequency domain by means of for example half scan and partial echo (§2.5.4). It should be 

kept in mind that generally speaking, the low spatial frequency region defmes the global 

contrast of the image7. Most of the signa! amplitude is concentrated here, because the peak 

intensity of the sampledechoes occurs at kx =0 (fig. 2.7). The high spatial frequencies on the 

other hand are more important to resolution, and therefore detail. 

2.3 Flow quantification 

So far, only stationary tissue is considered. Ho wever, blood flow may be the object of MR too. 

With MR it is possible to display both vessel geometry and blood flow velocities. The flow 

quantification can be used to calculate parameters like the volume flow and the mean velocity. 

As mentioned before, flow quantification by means of the phase contrast technique will be 

discussed here. This technique is basedon the FFE sequence as described in paragraph 2.2.3. 

Only flow encoding in one direction, usually the main flow direction, will be considered. The 

flow encoding is always perpendicular (through-plane flow) or parallel (in-plane flow) to the 

image slice. 

2.3.1 Phase contrast angiography 

Phase contrast angiography (PCA) makes use of the fact that nuclear spins, moving in the 

direction of a magnetic field gradient, experience a phase shift proportional to their velocity. lf 
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the relationship between phase and velocity is known., the phase of the MR signal can be used 

to display the spin velocity as a function of their location. An example of a conventional 

magnitude image (FFE/M) and the so called PCNP image is shown in tigure 2.8. The intensity 

of each pixel of this later image corresponds with the velocity of the corresponding voxel. 

White indicates positive- and black negative flow with respect to the direction of flow 

encoding. 

Figure 2.8: Example of an FFEIM and PCA/P image oftheflow phantom used at Philips Medica! Systems. The 
intensity of each PCA/P pixel corresponds with the velocity of the voxel. White indicates positive- and black 
negative flow with respect to the direction of flow encoding. The intensity of the FFEIM pixels correspond with 
the magnitude ofthe received MR signals. The two upper tubes contain Agar gel, the lumen ofthe bottorn tube 
is surrounded by Perspex. Agar gel appears as a homogeneaus gray area in the PCA/P images. 

Consicter a main static field B0 in the z-direction, which has a small inhomogeneity b0 ("r) « B0 

that is assumed to be constant in time. Tagether with the superimposed magnetic field gradient 

G(t) (§2.2), this causes the frequency of precession m to vary as a function of time and 

position: 

m(r,t)=r B(r,t)=r(Bo +b0 (r)+G(t)·r) (2.16) 

After demodulation of the MR signal with the Larmor frequency m0 = y B0 , that is, after 

switching to a reference frame that rotates with that frequency, the relative phase l/J of the 

spins can be expressed as: 

TE TE 

l/> = l/J(TE) -l/>(0) = J (m(r,t) -(J)o )dt =r J (bo (r)+ G(t) · r(t))dt (2.17) 
0 0 

where t = 0 is defmed at the center of the RF-pulse and t =TE at the center of the echo 

(figure 2.4). 
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According to equation 2.16, the precession frequency of flowing spins will change when they 

move along, due to the position dependent field strength. When they move towards a stronger 

(weaker) magnetic field, they will experience a positive (negative) phase shift with respect to 

their stationary counterparts which precess with constant frequency. To come to a useful 

expression of these motion-induced phase shifts, they are expressed by means of gradient 

moments Mn [rad S0/m]. The nth gradient moment is defined as1: 

(2.18) 

in which texp represents the expansion point. 

Consider flowing spins with a spin displacement function r(t), that can be written as a Taylor 

expansion around t = texp: 

(2.19) 

Substituting these last two equations into equation 2.17 results in the following expression: 

(2.20) 

The con tribution due to field inhomogeneities l/> inh is given by: 

TE 

l/> inh = r I ho <r<t))dt (2.21) 
0 

In practice, it will be sufficient to describe the displacement function only by a lirnited number 

of summations, in which case equation 2.20 tums into: 

(2.22) 

where r(texp ), v(texp) and ä(texp) respectively describe the position, velocity and the 

acceleration of the spins at the expansion time texp. This equation shows that the sensitivity of 
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the phase to the nth derivative of position is determined by the nth gradient moment. Using a 

technique called gradient moment nulling, it is possible to make the phase insensitive to, for 

example, position or velocity. 

To eliminate the phase shift contribution from field inhomogeneities, two acquisitions with 

magnetic field gradients G1 (t) and G2 (t) are performed for each line of k-space (see for 

example fig. 2.12). The data sets of these two acquisitions are subtracted on a pixel-by-pixel 

basis which results in the following expression for the net phase shift óf/>: 

TE 

lll/>=l/>1 -l/>2 =r f(r<t)·llG(t)}it (2.23) 
0 

The phase shift contribution from field inhomogeneities is eliminated by the subtraction 

because the contribution is the same in both acquisitions (eq. 2.21). 

LlG 

Mo=O 
t 

Mo=O 
t 

Mo=O 
t 

Figure 2. 9: Two examples of a bipolar gradient difference function. The phase shift caused by bipolar gradient 
junctions is independent of position but does depend on velocity and higher orders of motion. The phase shift 
due to the so called 'flow compensated' gradient function is flow independent in case of a constant velocity 
profilewithno or negligible higher orders ofmotion. 

The mentioned gradient moment nulling is applied by designing both the gradient functions 

such that the gradient difference function óG(t) = G1 (t)- G2 (t) is bipolar (fig. 2.9). In that 

case, óM0 = 0 and óM1 constant. The resulting phase shift is therefore independent of the spin 

position r(texp) as expressed in equation 2.24: 

(2.24) 
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The behavior of the relative phase during a bipolar gradient is expressed in figure 2.10. The 

curves of flowing spins with various veloeities (-20 to 20 crn/s) and stationary spins at different 

positions ( -0.4 to 0.4 mm) are presented The phase of stationary tissue equals zero after a 

bipolar gradient, because their phase only depends on position. The background signalis thus 

suppressed very effectively in PCA images. 

30 1t 
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Figure 2.10: The relative phase shift </> as a fitnetion of time due to a bipolar gradient function Git). The 

curves of jlowing spins with various veloeities (-20 to 20 cmls) and stationary spins at different positions (-0.4 
to 0.4 mm) are presented. After the bipolar gradients the relative phase shift depends only on velocity and not 
on position. 

As a fmal step towards flow quantification, a constant spin velocity v is assumed. In practice, 

blood flow is not constant but pulsatile. The condition of constant spin velocity can therefore 

only be met using cardiac triggering (§2.4). Based on the assumption of constant velocity, the 

net phase shift is directly related to the spin velocity: 

(2.25) 

A corresponds with the area under the gradient lobe (fig. 2.9) and ó.t with the time between 

the centers of the two lobes of the gradient difference function. 

Because of the perioctic nature of the phase shift, which oscillates between -;c and n radians, 

there is only a limited range of veloeities that can be reproduced unambiguously with the 

phase-to-velocity mapping. To set this range, a velocity encoding parameter Vene is introduced. 

The V ene is defmed as the velocity that produces a phase shift of 1t radians. This parameter is 
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set by the user, usually just above the expected maximum velocity in the vessel of interest. lf 

the velocity of the spins exceeds the vene (or- venJ, the corresponding phase shift will behave 

as shown in tigure 2.11 . This is referred to as aliasing or phase wrap. As a result, the spins will 

appear to move in the opposite direction at a decreased rate. 

- - - - laminar velocity profile 

xf --- measured velocity profile 

-2~ 
1t 

Figure 2.11: The relative phase shift as a tunetion of spin velocity. lf the velocity exceeds the V:ne , aliasing 

occurs. For example, inslead of velocity A, the corresponding pixel will contain velocity B. The right part of 
the figure shows the impact of aliasing on a laminar velocity profile in a vessel with radius R. 

The introduetion of the vene fmally leads to the following expression for the velocity of the 

flowing spins obtained with MR ( vMR ): 

(2.26) 

It is also possible to design the gradients such that the (net) phase shift is not only insensitive 

to position but also to the velocity. This so called flow compensation is realized when the (net) 

gradient function consists of two bipolar gradients of opposite strength (fig. 2.9). Both dM0 

and 11M1 are equal to zero. According to equation 2.24, the phase shift is flow independent 

then, in case of a constant velocity profile with no or negligible higher orders of motion. 
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Figure 2.12: Example of a PCA-sequence to quantify through-plane flow. The flow sensitive gradients are 
designed according to tlze so called two-sided configuration. The slzaded area of these gradients corresponds 
with tlze flow compensated part to which a bipolar gradient is added or subtracted. Tlze arced area of the read 
out gradient Gx(t) also corresponds with a flow campensaled gradient. For simplicity, the various phase 
encoding gradients are depicted one above anotlzer. 

Figure 2.12 shows a pulse sequence making use of the described PCA technique to quantify 

through plane flow. The flow encoding gradients therefore are applied in the slice encoding 

direction. The parameter flow compensation is set to yes for the represented configuration. 

This means that, in the first acquisition, a bipolar gradient is added to the basic flow 

compensated gradient (the shaded area). The same bipolar gradient is subtracted from the basic 

gradient in the second acquisition. This is often referred to as the so called two-sided gradient 

configuration8. In the one-sided configuration, one of the acquisitions will be flow 

compensatcd like the first example of figure 2.9. 

2.3.2 Error sourees 

The PCNP images created with the previously described technique can be used to calculate 

parameters like the volume flow or the mean velocity through a vessel of interest. However, 

the precision of the flow quantification can be disturbed by a number of factors. This chapter 
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will give an overview of the error sourees relevan~ to t~ study, to start with the random phase 

error. More information about these and other factors influencing the flow quantification can 

be found in a number of text books6,7,9 and articlesl0,11,12,13. 

Random phase error 

Noise in the MR signalis mainly aresult of thermal noise generated by the patient. Noise due 

to the electrical resistance of the receiver or the RF transmitter is small compared to this noise 

form the body. Using the theory of error propagation, it can be shown that any statistica! noise 

in the measured MR signal will lead to random variation of the phase angle of a single 

acquisition. The standard deviation (J v of the average velocity of a single image pixel, obtained 

with the phase difference technique, will then be14: 

2 v ene 1 
(J = ·-----

V ~2- t 7r SNRM 
(2.27) 

in which SNRM represents the signal to noise ratio the way it is determined in this study1. It is 

defmed as the ratio between the intensity of the signal from stationary material and the 

standard deviation of the background signal both obtained from the conventional modulus 

(FFE/M) image. lt is assumed that the noise of the real and imaginary signal components is 

uncorrelated, equal and independent of signal intensity14. 

Consictering a blood vessel with an in-plane vessel area A that consistsof N image pixels with 

an in-plane area A.x- 2, which all have the same standard deviation (J v. The standard deviation 

of the mean velocity v and the volume flow Q can then be described as: 

1 2 !Vene 1 
(J _ =(J - - = -----

V V JN ~2-!f JN 7r SNRM 

(J Q = NA.x2 (J _ = 2 ..fii(A.x-)2 Vene 1 
V ~2-!f 7r SNRM 

2 AVene 1 ----
~2-t JN 7r SNRM 

(2.28) 

This equation shows the dependenee of the standard deviation on the number of pixels within 

the vessel lumen, the Vene and the SNR. The SNR itself depends on the number of signals 

averaged (NSA), pixel size and the used MR configuration. The magnitude of the noise is 

related to the volume of the receiver coil. While only the selected slice contributes to the MR 
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signal, noise is generated by the whole body volume inside the detection volume of the coil. 

Coils like the Knee coil, which have a smaller detection volume compared to the body coil, 

provide therefore a better SNR. 

Eddy currents 

Due to the Faraday-effect, currents are produced in a static conductor if it experiences a 

changing magnetic field. In an MR-scanner, these so called eddy currents are induced in the 

metallic structures inside the cryostat by the switching magnetic field gradients. Measurable 

effects are generally considered to persist for several seconds after a gradient pulse15. The 

field inhomogeneities caused by the eddy currents do not only have a time-varying character 

but also vary spatially. Their strength depends on the gradient pulse form and amplitude and 

on the mechanical and electrical construction of the MR scanner. Unlike the static field 
inhomogeneities (b0 (r) ), the inhomogeneities resulting from eddy currents are not completely 

corrected for by the phase difference method. Because the two gradient sequences are not 

identical, they cause different eddy currents that are not canceled out by the subtraction. As a 

result, the net phase shift of the static spins will not equal zero and the flowing spins will 

receive an additional phase shift. lf this phase error due to eddy currents fi</> e is taken into 

account, equation 2.25 will change into the following expression: 

(2.29) 

in which fi</> v represents the relative phase shift due to the true velocity v0 and v e the velocity 

error due to eddy currents. 
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Figure 2.13: Schematic representation. ofthe phase correction due to the Local Phase Correction (LPC) filter. 
The line profile shows the obtained relative phase diJterenee l':!l/J. as a tunetion of position. The offset due to 

eddy currents is clearly visible. The phase offset l/J offset found using a low pass filter, is subtracted from the 

image as depicted at the bottorn of the figure. Both the flow profile and the noise stay unaffected if the LPC 
window is large compared to the diameter ofthe vessel. 

To correct for these phase errors, a spatial high pass filter can be used, the so called Local 

Phase Correction (LPC)-ftlterl. For each pixel of the PCNP image, the average phase 

difference of the surrounding area (the LPC window, default 60x60 mm) is calculated, using a 
constant weighing factor. This average value is called the phase offset lfJ offset. For every pixel, 
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f/> offset is subtracted from the measured phase difference ~f/J (fig. 2.13). The corrected phase 

difference of each pixel is thus defmed as ~f/J c~rr . (r) = ~f/J(T)- f/> offset (r) . However, because the 

algorithm makes no distinction between pixels containing flow and background tissue, the LPC 

fllter may affect the velocity proflle. Only the phase of pixels with a signal intensity smaller 

than two times the standard deviation (SD) of the background noise, is weighted such that 

their contribution is smallor even zero (random phase). 

lf the average phase error due to eddy currents ~f/> e is positive, the velocity induced phase 

shiftwillenlarge (reduce) the average phase of the LPC window in case of positive (negative) 

flow. This results in an overestimation (underestimation) of the determined phase offset which 

will reduce the absolute velocity content of the vessel. The LPC window size should therefore 

be large compared to the cross-section of the vessel. The larger the ratio between LPC 

window size and vessel diameter, the smaller the underestimation of the absolute veloeities 

I v I will be. This is also true if the phase errors ~f/> e are negative. However, if the LPC 

window is large, even global variations of the back ground phase errors ( ~f/J e) as a function of 

position are not encountered in the local phase offsets f/> offset : the variations in the back ground 

tissue are averaged over the complete window. Local phase errors might therefore still be 

present after reconstruction with thc LPC filter. To campromise between complete elimination 

of background phase error variations and underestimation of the velocity content, the default 

LPC window is set at 60x60 mm. 

In case of cardiac triggering, the phase correction can be performed for each heart phase 

individually or for the frrst heart phase only1. In the latter case, it is assumed that the offset 

does not show any, or negligible, time dependence. Once calculated for the frrst heart phase, 

the offset can be subtracted from each image. This will reduce the reconstruction time. 

Because usually there is little flow during the frrst heart phase, the offset will hardly be 

influenced by the velocity induced phase shift. But, when the phase errors of the remaining 

heart phases do differ from the frrst, mistakes could be made. This is likely to happen when 

prospective triggering is used. Due to the interruption of the acquisition at the end of each 

trigger interval (§2.5), the steady state of the gradient system is also interrupted. The eddy 

currents might therefore differ between the first heart phase and all the other heart phases. 
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Intra-voxel phase dispersion 

The flux through a vessel is calculated by performing a velocity-area summation, actding up all 

the products of pixel area and pixel velocity of all pixels within the vessellumen. This strategy 

is based on the assumption that the phase of a pixel, which is directly related to velocity, 

reflects the average spin velocity within a voxel. However, the measured transverse 

magnetization of a voxel equals the vector sum of all the individual magnetization veetors of 

the contributing spins. The true average voxel phase only equals the phase of this vector sum 

when the phase distribution is symmetrie and the modulus of the individual veetors is 

identical16. This can easily be demonstrated by looking at an example of three spin 

magnetization veetors in three different situations (fig. 2.14). Both the true average phase and 

the phase of the vector sum are depicted to reflect the influence of phase distribution and signal 

amplitude. 

a 

evector = 45" 
e =45" ,_ 

b 

e = 55" vector 

emean = 60" 

c 

e = 50" vector 

e =45" 
"..., 

Figure 2.14: Derrwnstration of the difference between the average voxel phase Bmean and the phase of the 
vector sum (}vector: a) Symmetrical phase distribution and equal modulus, b) asymmetrical distribution with 
equal modulus and c) symmetrical distribution but different modulus. 

The symmetry of the phase distribution in a voxel is partially determined by the used 

resolution. If the number of pixels per diameter increases, the distribution within a voxel will be 

more symmetrie and the intra voxel phase dispersion less pronounced. Furthermore, the 

symmetry within a voxel will also increase with the ratio Vene I V max. 

In case of a laminar flow profile, the range of veloeities within a voxel will be small. Intra

voxel phase dispersion will then lead only to a small error in the flow quantification, in the 

order of one percent or less15. Turbulent flow however, can lead to a partial or even a 

complete flow void. A flow void occurs if spins with opposite veloeities are present within the 

samevoxeland cancel each other. The modulus of the vector sum will then be very smallor 

even zero, in which case noise will dominate the signal. Consequently, the phase will be 

random, and the flow information useless. To eliminate the random noise, a threshold filter can 
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be used. lf the signal magnitude of the FFE/M image is below a certain threshold, the phase of 

the corresponding pixel is set to zero. In the PCNP images, these pixels appear as 

homogenous gray areas with absolutely no noise. lf these pixels belang to the vessel, their flow 

information is still useless. 

Partlal volume effects 

x 

f:::,,,,,,,,,,,,,J Flowing spins 
b·:::::$::1 Static spins 

..--- Vessel wall 

EDGEPIXEL 

x=R-f~ x=R 

Figure 2.15: Example of an edge pixel of which only one dimension (x) is considered. The pixel of width 
L\x and radius R has aftaction f ft/led withjlowing spins. 

If a voxel contains flowing blood as well as stationary tissue, a phase error referred to as 

partial volume effect occurs. The partial volume effect can be thought of as a special form of 

intra voxel phase dispersion, that effects all voxels at the edge of the blood vessel. Consicter a 

voxel partially occupied by flowing and static spins as pictured in tigure 2.15. The 

magnetization veetors of these spins are displayed in tigure 2.16. 

---m.------ tlln--
.-------~-----~.---------=----~ 

Figure 2.16: Visualization of the partial volume effect. The jlowing and static spins of the edge voxel have 
experienced the gradient junelions of ftgure 2.9. The magnetization after the first and second acquisition is 
depicted as M1 and M2 respectively, which equal the vector sum of the static spin magnetization (m,) and the 
magnetization of the jlowing spins (m11. 2). In both situations, the measured phase angle 8 deviates from the 
true velocity induced phase shift q,. 
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The two examples correspond with the gradient functions of tigure 2.9. For sirnplicity, the 
magnetization of the moving spins ( M 1 ) and static spins ( M s) are treated as single veetors for 

each of the two acquisitions used in the phase contrast technique. Figure 2.16 clearly shows 

that because of the presence of static spins, the measured phase shift (} differs from the velocity 

induced phase shift l/J • 

The phase errors of all edge voxels willlead to an error in the volume flow quantification, an 

estimate of which is given by16: 

(2.30) 

Poiseuille flow is assumed and the number of edge voxels is supposed to be Ne = 2nR/.1X. Here, 

f represents the average fraction of flowing spins of the Ne edge voxels, g the ratio of 

magnetizations, Ax the in-plane voxel dirnension and v P the peak velocity of a vessel with 

radius R . 

The partial volume error increases with increasing difference in magnetization amplitude. In 
genera!, the error is small if the amplitudes M 1 and Ms do not differ substantially. Due to the 

refreshment of flowing spins during the acquisition, the so called inflow effect, M 1 is usually 

larger than Ms. Stationary tissue stays in the image volume and receives more than one 

excitation pulse during the acquisition. lf the TR is not long enough to restore the longitudinal 

magnetization before the next pulse, the MR signal drops due to the saturation. and Ms will 

be smaller than M 1 , i.e. g > 1. lf the condition Ax < 3R is also met, the error e Q is positive 

and the partial volume effect leads to an overestirnation of the flux. Equation 2.30 makes also 
clear that the partial volume error e Q decreases with resolution. A better resolution will 

decrease Ax and therefore the flux error. Furthermore, the error depends on the fraction of 
the voxel covered by the vessel ( f ) , the magnetization ratio ( g ) and the peak velocity ( v P). 
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lf only the relation between partial volume error E Q and vessel diameter is of interest, equation 

2.30 could be reduced to a more simple equation. Suppose the average fraction of flowing 
spins of the edge voxels ( f ), the peak: velocity ( v P) and the ratio of magnetizations ( g) are 

similar for vessels of different diameter. lf each vessel contains the same number of pixels per 

diameter (A), equation 2.30 can as well be expressed as: 

(2.31) 

in which the parameter C does not depend on vessel diameter. 

Thus, under the made assumptions, the partial volume error E Q is a function of pixel size. 

Because the vessels were supposed to contain the same number of pixels per diameter, the 

vessel area Ax 2 is a function of vessel diameter. 

The edge pixels partially occupied by flowing and static spins also affect the mean velocity. 

They will overestimated the vessel area expressed as the number of pixels containing flow 

times the pixel area. Although the velocity of the edge pixels is overestimated due to the partial 

volume effect, their velocity is still small in case of a laminar flow profile. The overestimation 

of the vessel area is therefore of more significanee and the mean velocity will be 

underestimated. This is easy to imaging if parts with zero velocity are added to the calculation. 

Misalignment of flow encoding 

lf the spins are not moving completely parallel to the velocity encoding gradients, i.e. their 

direction of motion is angled compared to the flow encoding axis, the partial volume effect 

becomes more prominent. In case of an infmitely thin slice, the measured volume flow stays 

unaffected. The in-plane vessel area increase by a factor 1/cosa while the velocity along the 

gradient deercases by a factor cosa at the same time (fig. 2.17). 
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Fig ure 2.17: Visualization of possible misalignment between the flow- and the flow encoding axis. lf the image 
slice is injinitely thin, the measured volume flow stays unaffected. The increase of the in-plane vessel area by a 
factor 1/cosa is compensated by the decrease ofthe velocity along the gradient by a factor cosa. 

Ho wever, in case of a fmite slice thickness, the number of pixels that will be partially occupied 

with flowing spins increases with angulation and slice thickness as can be seen in figure 2.18. 

As a result, the overestimation of the flux · quantification also increases with angulation and 

slice thickness. As for the slice thickness, it is the ratio between slice thickness and vessel 

diameter that actually determines the error. The vessel diameter and slice thickness of 

themselves are insignificant. 

varying misaligment angle varying slice thickness 

Figure 2.18: Representation of the influence of misalignment and slice thickness on the number of pixels 
containing bothflowing as welt as stationary tissue. 

Apart from the intravoxel dephasing, the velocity value of a pixel corresponds with the average 

velocity of the contributing voxel. Figure 2.19 shows an example of a transverse- and a 

longitudinal image slice with respect to the flow direction. 
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Figure 2.19: Representation ofthe influence ofmisalignment on the relative slice thickness of a single pixel in 
both a through-plane flow situation and an in-plane situation. The relative slice thickness represents the range 
of veloeities over which the flow profile will be averaged within a voxel. 

The velocity range inside a pixel is related to the relative slice thickness perpendicular to the 

flow direction. If the transverse image slice is rotated with respect to the flow direction, the 

relative slice thickness increases and so does the velocity range inside a pixel. Apart from the 

factor cosa, the peak velocity at the center of the vessel therefore decreases due to velocity 

averaging across the slice17. This will become more prominent if the slice thickness or the 

angle of misalignment increases. On the contrary, the velocity range of a coronal image pixel 

will be maximal without any misalignment. The underestimation of the velocity at the center of 

the vessel due to velocity averaging across the slice will be maximal then. With increasing 

angle a, the relative slice thickness decreases. Table 2.1 shows the relative slice thickness as a 

function of the actual slice thickness at an angle a = 45°. As can be deduced from this table, 

the ratio Tff' increases with slice thickness. 

T(mm) T'a=45" (mm) T'ffa=45" 

5 4.36 0.87 
8 6.48 0.81 
10 7.90 0.79 
15 11.43 0.76 
20 14.97 0.75 

Table 2.1: The relative slice thickness T' and the ratio Tff' as a tunetion of the actual slice thickness T at an 
angle a= 45°. The ratio Tff' increases as ajunetion ofthe actual slice thickness. 
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Acceleration induced velocity error 

In order to derive a relation ship between the motion induced phase shift and the velocity of 

the flowing spins, the spin velocity was assumed to be constant (eq. 2.25).Higher orders of 

motion were neglected. However, when it comes to strongly pulsatile flow and stenotic 

regions, the acceleration of the spins can no longer be neglected. 

If the acceleration is assumed to be constant between the time of the RF excitation and the 

echo, the motion induced phase shift (eq. 2.24) can bedescribed as: 

An accurate velocity determination is only attained if AM2 (texp) = 0. 
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Figure 2.20: Representation of the jirst three gradient moments of a simple bipolar gradient diJterenee 
tunetion .tlG(t) as a tunetion of the expansion point texp. An accurate velocity determination ( AM2 (texp) = 0) 

can be achieved if the expansion point texp coincides with the center of the bipolar gradient diJterenee 

tunetion texp =t2 • 
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As shown in tigure 2.20, this can be achieved if the expansion point texp coincides with the 

center of the bipolar gradient difference function texp=t2 • However, this leads to certain 

difficulties15: 

If the time at which the spatial information is acquired (t=TE) does not coincide with the 

time at which the velocity is estirnated (t=texp), the velocity associated with a particular 

position is actually the velocity at a different point in time (t=texp). 

The center of the bipolar gradient difference function is a function of the timing and 

amplitudes of the applied velocity-encoding gradients and can vary with a number of scan 

parameters like the FOV and the Vene· As a result, flow quantification performed with the 

same TE but with a different center caused by changed parameters, will provide a different 

velocity value due to acceleration. 

Therefore, to accomplish consistency with spatial encoding and 'reproducibility', velocity 

determination is required at t=TE. The measured velocity v(TE) canthen bedescribed as: 

M1 (TE) 
v(TE) = v(t2 )-a--=-2 

--

M!I 
(2.33) 

It can be shown that the acceleration induced error increases proportional with the time 

between the center of the gradient difference function and the echo 15. 

Gradient linearity 

In equation 2.10 it is assumed that the magnetic gradient field BG due to a constant gradient 

G increases linearly with the distance from the iso-center of the gradients coils. However, in 

gradient coil design, there is a trade-off between the self-inductance of the coil and the region 

of gradient linearity7. Near the edges of the gradient coils, the gradient profile deviates from a 

linear ramp as depicted in tigure 2.21. 
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BGz=G.·z 

Figure 2.21: Schematic representation of the magnetic gradient field BG as a fitnetion of position relative to 
the iso-center ofthe coil. Near the edges ofthe gradient coil, the gradient profile deviatesfrom a linear ramp. 

The departure of the gradient field from the expected gradient field will cause errors in the 

spatial encodings as well as the velocity encoding near the edges of the coil. It can be deduced 

from equations 2.12, 2.23 & 2.25, that the absolute coordinates as wellas the absolute velocity 

values will get underestimated. The relative underestimation equals the relative 

underestimation of the corresponding field gradient G. Because the volume flow is a function 

of both vessel area and mean velocity, the effect on the volume flow is three-fold. However, 

the non-linearity of the longitudinal and transverse gradients as a function of position are not 

necessarily the same. To free space for the patient, the geometry of the x- and y-gradient coils 

differs from the geometry of the z-gradient coil. Their behavior with respect to linearity is 

therefore likely to differ. 

Contour detection 

To quantify the flow through a vessel, all the pixels that belong to the in-plane vessel cross 

section should be taken into account. In general, a contour is positioned around the vessel to 

select a Region of Interest (ROl) (fig. 2.22). All pixels of the ROl ( N) are involved in the 

calculation of the volume flow Q and the mean velocity v of the vessel of interest: 

(2.34) 

Here, V; represents the velocity of a single pixel and A the pixel area. Positioning of the ROl is 

often performed by the user, which leads to inter-user variability of the calculated parameters. 
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Figure 2.22: Example of a PCAJP image from a Perspex tube, including a ROl from which parameters like the 
volume flow and mean velocity are calculated. 

In theory, it can be assumed that the phase of the static material outside the vessel equals zero. 

The size of the ROl will then introduce no additional flux error as long as it contains all the 

flowing spins. As can be deduced from equation 2.34, pixels with zero velocity don not 

contribute to the flux. However, due to random noise and field inhomogeneities caused by 

eddy currents, in practice, the phase of the surrounding material does not equal zero. 

Including these pixels willlead to an error in the calculated flux value. But, if the phase error 

due to eddy currents is small (by use of the LPC-ftlter) and the SNR is relatively large, the 

error in the volume flow caused by a slightly oversized ROl will be small. However, even a 

slightly overestimated ROl will reduce the calculated value of the mean velocity. As can be 

deduced from equation 2.34, an overestimated number of pixels N will decrease the mean 

velocity if the phase of the additional pixels (almost) equals zero. Besides, the size of the ROl 

should always be minimized because additional noise will be added to the measurement if more 

pixels are included. 

lf in vitro validations are performed with perspex flow tubes, the phase of the surrounding 

material will be random ( +1t,-1t). Because Perspex does not generate MR signal, the signal is 

dominated by noise. Consequently, the phase of the perspex boundary will be random 

(fig.2.22). Including these random phase pixels with a slightly oversized ROl may lead to 

substantial errors, especially if the in-plane vessel cross sectien contains only a few pixels. On 

the contrary, the vessel contrast in the FFE/M image is high due to the black perspex boundary 

(fig. 2.22). This might simplify the contour detection. To eliminate the random noise, a 

threshold filter can be used. lf the signal magnitude of the FFE/M image is below a certain 
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threshold, the phase of the corresponding pixel is set to zero. In the PCNP images, these 

pixels appear as homogenous gray areas with absolutely no noise. The threshold filter might 

ho wever reduce the velocity content of the vessel if the SNR is low or the threshold too high. 

The flux quantification will therefore be more reliable without usage of the threshold filter, but 

a correct ROl size is of importance then 1. 

In case of cardiac triggering, it is possible to defme a ROl only in one of the heart phases and 

copy it to the others. But it is also possible to adjust its position and shape for each of the 

acquired images throughout the cardiac cycle. The frrst option is based on the assumption that 

the position and in-plane area of the vessel do notchange during the cardiac cycle. In case of 

for example highly pulsatile flow, the second option is preferred to obtain a reliable flow 

quantification 

2.4 Cardiac synchronization 

With cardiac synchronization, the image acquisition is coupled to a trigger signal based on the 

ECG signalof the heart. The trigger signal used almost always corresponds with the R-peak: of 

the ECG signal. Cardiac synchronization limits image acquisition to portions of the heart cycle 

only. It can be used to either reduce artifacts due to pulsatile flow and cardiac motion or to 

obtain temporal information about the blood flow during the heart cycle. However, if there is 

no data acquisition during certain periods of the heart cycle, for example during end diastole, 

scan time is prolonged. With the conventional FFE sequence, three types of cardiac 

synchronization can bc used which are described in the next paragraphs. 
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2.4.1 Prospective triggering 
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Figure 2.23: Representation of the non-interleaved implementation of prospective triggering. After each 
detected R-peak, data is acquired during several heart phases. After that, the acquisition stops and waits for 
the next trigger signa! to start again. During each heart beat, only one phase and velocity encoding is 
performed. 

Prospective triggering is the most conventional type of cardiac triggering based on the 

electracardiogram (ECG). The ECG depiets the changes of electrical field strength caused by 

the activation of the heart. It shows a peak due to the depolarization of the ventricles, the so 

called R-peak. Aftereach detected R-peak, data is sampled during several predefmed periods 

of the heart cycle, the so called heart phases (fig. 2.23) 18. After that, the acquisition stops and 

waits for the next trigger signal to start again. Usually, during each heart phase, only one line 

of k-space is sampled every heart beat as depicted in figure 2.23. Due to the natural variation 

of the cardiac frequency, it is not possible to cover the complete heart cycle: the acquisition 

period should be smaller than the average heart beat interval. This means the end-diastolie 

period is skipped. Another drawback of this type of triggering is formed by the so called 

lightning artifact: spins will produce more signal during the first heart phase than during the 

succeeding heart phases. This is a result of the longer time interval preceding the RF pulse of 
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the first phase compared to the other pulses. The spins therefore have more time to relax and 

hence the restored longitudinal magnetization will be larger. 

The current implementation of prospective triggering in combination with PCA uses a non

interleaved scheme: the different gradients required to eneode the velocity are used in 

successive heart beats during which the phase-encoding gradient stays the same (fig. 2.23). 

The phase-encoding step is incremented once all velocity encodings have been acquired. The 

velocity-encoded-echoes of each heart phase are therefore acquired at the sametime relative to 

the trigger signal. More heart phases can be measured this way compared to an interleaved 

scheme, but at the cost of scan time. With an interleaved implementation, the required velocity 

encoding gradients are applied one after another for every heart phase. The phase-encoding 

gradient is then incremented on each detection of the trigger signal. The influence of the 

waveforrn variability is reduced this way, but the velocity-encoded echoes are acquired at 

different tirnes relative to the R-top. This willlead to temporal averaging or blurring artifacts. 

2.4.2 Retrospective triggering 

The mentioned disadvantages of prospective triggering are overcome with the use of 

retrospective triggering. The acquisition is no longer triggered by the ECG signal, but steadily 

continues acquiring data during predefmed retrospective intervals which can start at any point 

of the heart cycle (fig. 2.24). During a retrospective interval, the phase encoding gradient stays 

constant. The ECG signal is simultaneously recorded, and is used to reorder the data acquired 

during each interval. Because of the cardiac frequency variability, slightly more than an average 

heart beat should be sampled during each interval (default 1.2 times the average RR interval). 

The data is reordered such that the average heart beat is completely covered. As shown in 

figure 2.24, the various phase and velocity encodings are acquired at different moments 

relative to the R-top, which may cause temporal averaging. As for the combination with PCA, 

the current implementation of retrospective triggering makes use of interleaved gradients: all 

the gradients necessary for flow quantification are applied one after another. 
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Figure 2.24: Representation of the interleaved implemen/ation of retrospective triggering. The acquisition 
steadily continues acquiring data during predefined retrospective intervals. During a retrospective interval, 
the phase encoding gradient stays constant. The ECG signa[ is simultaneously recorded, and is used to reorder 
the data acquired during each interval. To obtain the desired time points of the cardiac cycle, the data is 
resampled to 8 data point in this example. 

Mter all raw data has been collected, the data is reconstructed by ftrst grouping all acquisitions 

with the sarne phase- and velocity-encoding and then reordering the data within each group, 

according to their delay with respect to the R-top of the ECG signal19. Since the data is 

acquired asynchronously with respect to the R-top, the retrospective implementation requires 

interpolation of the acquired data, foliowed by a resampling operation to generate the desired 

time points of the cardiac cycle. The resampling itself can be controlled by the user through 

the choice of the interpolation interval. This way, the number of reconstructed heart phases 

can be selected relatively independent of the temporal resolution of the acquisition as set by the 

repetition time TR (see fig. 2.24). It is thus possible to reconstruct fewer heart phases than 

acquired to increase the SNR. The phase subtraction of the PCA-technique is performed not 
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until after the resampling operation, such that the various velocity encodings now have the 

same delay relative to the R-top. 

In general, linear interpolation is used, in which a continuous function is derived from the initial 

sampled data by drawing straight line segments between adjacent data points19. The estimated 

continuous function will then be resampled. But, because the acquisition interval is slightly 

Jonger than the average cardiac cycle, the temporal spacing of the successive data points will 

be uneven after reordering of the data, instead of even. A part of the reordered data will be 

oversampled compared to the initia! sampling frequency (fig. 2.24). The position of the 

oversampled region within the cardiac cycle will vary for different phase encodings. Therefore, 

since the sampling density is variable, the interpolation is not time invariant which makes 

analysis difficult. However, a worst case scenario can be looked at in which the retrospective 

interval only covers a single cardiac cycle19. The condition of evenly spaeed data points holds, 

so the frequency response is equivalent to a low-pass ftlter8. This can substantially alter the 

frequency content of the velocity estimates, suppressing the high frequency content of the 

velocity spectrum. As a result of the reduced response at higher frequencies, retrospectively 

triggered flow measurements may underestimate the velocity or volume flow rate, especially 

with very pulsatile flow waveforms. The degradation in the frequency response is minimized 

by selecting the interpolation window width at minimum. 

2.4.3 Cardiac gating 

Cardiac gating limits the data acquisition to a specified interval of the heart cycle (gate), 

determined by the user-defmed gate delay and gate width (see figure 2.25). Although the data 

acquisition is limited to this predefmed gate, the RF pulses and gradients continue throughout 

the entire heart beat to achieve a steady state mode18. Cardiac gating is also referred to as the 

gated sweep technique, because multiple phase encoding steps are taken each heart beat, 

sweeping through k-space each time. In successive heart cycles, the intermediate lines of k

space are acquired. The number of lines sampled per gate depends on the gate width and the 

TR. When cardiac gating is combined with PCA, the different flow sensitivities may be 

interleaved within every gate, as is the case in the current implementation. The period over 

which the velocity estimate is averaged equals the gate width. 
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Figure 2.25: Representation of the interleaved implementation of cardiac gating. The data acquisition is 
limited to a specified interval of the heart cycle (gate), determined by the user-defined gate delay and gate 
width. The RF pulses and gradients continue throughout the entire heart beat to achieve a steady state mode. 
The whole spatial frequency domain is traversed during each gate The intermediale k-lines are acquired in 
succeeding heart beats. 

Usage of the described implementation of cardiac gating is only useful if image formation 

should be reduced to for example diastole. However, with the new Philips software release 5.1, 

it is also possible to obtain multiple gates. The number of proflies measured during each gate is 

limited by the gate width and the TR. 

2.5 Fast image acquisition 

To optimize image quality and imaging speed to accommodate clinical requirements, many 

scan techniques and parameters can be selected in order to fmd the most appropriate balance. 

However, to achieve the optimum condition, tradeoffs are required, including consideration of 

imaging time. Because the SNR, spatial resolution, contrast, the number of artifacts and scan 

time are closely linked, the impravement of one often goes at the cost of another. For 

example, increasing the slice thickness will improve the SNR but reduces the spatial resolution 

perpendicular to the slice. Furthermore, cardiac triggering will reduce artifacts due to pulsatile 
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flow and cardiac motion, but will increase scan time. To reduce scan time, there are several . 

fast imaging techniques available. The techniques relevant for this study are described in the 

following paragraphs. 

2.5.1 Turbo Field Echo (TFE) 

Turbo Field Echo (TFE) allows gradient echo imaging with very short repetition times. The 

basic image sequence equals that of FFE imaging (fig. 2.5), only the required phase encodings 

are divided in multiple shots. With each shot, the whole spatial frequency domaio is traversed 

and the intermediate k-lines are acquired in succeeding shots18 (see fig . 2.27 in case of cardiac 

triggering) . In case of the phase difference technique, the flow sensitivity only changes 

between shots and stays constant during one. The number of phase encodings per shot thus 

equals the scan matrix size divided by the number of shots. 

Because the data acquisition system (BDAS) can notkeep up with the TFE imaging speed, a 

dummy 'sequence' is added to the end of each shot. No RF pulse or gradients are applied to the 

system during this sequence. Due to these interruptions, no steady state will arise. This means 

that the reduction of the magnetization along the z-axis caused by the RF excitation does not 

equal the T 1 relaxation during each time interval TR. Each proftie thus reflects a different set 

of initia! conditions which could introduce ghosting artifacts. With TFE, the approach to 

steady state can be highly oscillatory. To counter this problem, a technique called Flip Angle 

Sweep (fig. 2.26) is applied to each shot. 

Flip angle 
a 

# excitations 

Figure 2.26: Demonstration of the Flip Angle Sweep technique. The flip angle is incremented for successive 
excitations up to an pre-specified angle. 

Iocrementing the flip angle with each successive proftie will smoothen the approach to steady 

state and minimize artifact generation6. The implemented flip angle sweep is only designed to 

compensate for the interruption due to the dummy sequence. When TFE is used in 
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combination with prospective triggering, a startup shot is needed to reduce the effect of the 

interruption of the steady state at the end of each heartbeat (§2.4.1). During this shot just after 

the trigger delay, no data is sampled. 
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Figure 2.27: Representation of the non-interleaved prospective triggered TFE sequence. A series of phase
encoding steps is performed for each heart phase. With each shot, the whole spatial frequency domain is 
traversed. Tlze intermediale k-lines are acquired in succeeding heart beats. During a shot, the flow sensitivity 
stays constant. 

Unlik:e FFE, the combination of TFE with triggered PCA offers the possibility to measure a 

series of phase-encoding steps for each heart phase or shot (see fig. 2.27). This will reduce the 

scan time, usually at the costof temporal resolution. Because of the way k-space is traversed, 

triggered TFE shows great similarity with multiple gating except for the timing of the flow 

encodings: they are not interleaved. In the software release 4.5 and earlier versions, both the 

number of shots and the number of heart phases are user defmed. The relation between those 

two heavily depends on the cardiac frequency. Therefore, in the new software release 5.1, an 

'automatic mode' is introduced to facilitate usage of TFE in combination with triggered PCA. 

In this mode, the user defmed number of heart phases fully determines the timing with respect 

to the cardiac cycle. Knowing the heart phase interval and the TR, the possible number of 

phase encoding steps per heart phase, the turbo factor, is ftxed. This factor determines the 
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number of shots cq. heart beats necessary to complete the image._ When the automatic mode 

is selected, the sequences are designed such that no delay will occur between consecutive 

shots. To achieve this, the sequence base is slightly stretched such that the TR will not exceed 

the minimum TR of the BDAS. Consequently, the flip angle sweep has become redundant. 

However, one startupshot has still to be performed at the beginning of each heart cycle. TFE 

using retrospective triggering does not yet belong to the possibilities. 

2.5.2 Echo Planar Imaging (EPI) 

TR TR 

RF 
Flow encoding gradient G 1 Flow encoding gradient G 2 

I 

Figure 2.28: Example of an EPI sequence. After a single RF pu/se, a train of gradient echoes with different 
phase encodings is sampled. The phase encoding is perjormed by so called b/ips of the phase encoding 
gradient G Y every time the re ad out gradient is reversed. The number of phase encoding steps after each RF 

pulse, tlze EPifactor equals 5 in tlzis example. 

Echo Planar Imaging (EPI) enables the coneetion of a train of gradient echoes with different 

phase encodings aftera single RF pulse (fig. 2.28)6. Using single shot EPI, it is even possible 

to provide complete spatial encoding after one single excitation. This significantly reduces 

scan time. Therefore, the principle advantage of single shot EPI is the ability to freeze motion. 
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Cardiac triggering might even be unnecessary if the image time is short enough to complete the 

data acquisition within a fraction of the cardiac frequency. To obtain such short image times, 

resolution should be low. 

ky 
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Figure 2.29: The k-space trajectory of an EPI sequence. The trajectory shows a 'sawtooth'-like pattem . The 
upward shifts of constant strength are achieved by so called blips of the phase encoding gradient G Y every 

time the read out gradient is reversed. As infigure 2.26, the EPI factor equals 5. 

The k-space trajectory, as depicted in tigure 2.29, shows a 'sawtooth'-like pattern, going back 

arid forth. The upward shifts of constant strength are achieved by so called blips of the phase 
encoding gradient G Y every time the read out gradient is reversed. This technique requires 

high gradient amplitudes, fast switching gradients and a high speed data acquisition system to 

measure all data before the transverse magnetization is substantially reduced by T 2 • relaxation. 

To improve the SNR, EPI can be executed in two or more shots instead of one to map the 

whole k-space. To do so, the number of phase encoding steps aftereach RF pulse, the EPI 

factor, can be set by the user. In case of high image resolution, multiple shot EPI is necessary 

to reduce the interval of the applied gradients to avoid a large amount of T2 • decay. 

The effective TE using EPI corresponds with the time between the excitation and acquisition 

of the ky = 0 profile. This profile is acquired rather late when full matrix acquisition and a 

linear profile order is used. As mentioned in paragraph 2.2.4, the signal intensity of profiles 

with small ky values determine the global image contrast. Segmentation will therefore improve 

contrast, for effectively, k-space is traversed faster with multiple shots. However, if the value 

of T2 is large compared to the echo time TE, segmentation will have little effect on the global 

contrast. In case of cardiac synchronization, segmentation is usually used to allow the 

acquisition of more heart phases. The shots needed to obtain all profiles are performed in 
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successive heartbeats. Both prospective triggering and cardiac gating are currently available in 

combination with EPI. 

Aow quantification with EPI takes only a fraction of the FFE scan time. At least two shots are 

necessary to achleve non-interleaved flow encoding, as in conventional FFE methods. A 

problem using EPI to quantify flow is that the images are not accurately flow compensated in 

the read-out direction. Aow-related phase shifts are canceled on theeven echo's of the EPI 

echo train but they are not on the odd echoes. As a result, there may be substantial dephasing 

at high flow veloeities which causes loss of flow information20. This problem can be avoided 

by using the Spiral irnaging technique which shows a scan time reduction similar to EPI. 

2.5.3 Spiral Imaging 

kx 
(a) (b) 

time 

Figure 2.30: Example ofthe k-space trajectory of a Spiral sequence (a) and the gradient as ajunetion oftime 
(b). Insteadof sampling horizontallines, samples are taken on multiple spirats through k-space Only afew of 
the spiral arms necessary to sample k-space are shown. The center of k-space is measured directly after each 
RF-putse. To take the samples on multiple spirals through k-space, G x and G Y are manipulating during 

continuous data sampling. 

As with EPI, spiral imaging methods are very fast because the entire k -space is mapped after 

one, or a few, excitations (fig. 2.30a). Spiral imaging is therefore suited for cardiac imaging for 

example. Insteadof sampling horizontallines, samples are taken on multiple spirals through k
space (interleaves). This is realized by manipulating Gx and G Y during continuous data 

sampling (fig. 2.30b). The spiral arms used to segment k-space are rotated with respecttoeach 
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other. -As can beseen in tigure 2.30, the center of k-space is measured directly aftereach RF

pulse. Errors due to T2• and motion are therefore minimized. This is an important advantage 

of Spiral imaging over the techniques discussed so far. Since the data points are not sampled 

like a Cartesian 20-grid, interpolation into a rectangular 20-grid is necessary before a 2D 

Fourier transfarm can be performed6. The actual reconstruction algorithm is quite complicated 

because the exact position of the sample points is only known if the exact magnetic field at any 

point of time and position is known. This includes magnetic field components due to eddy 

currents and field inhomogeneities. 

In case of rectangular sampling, field inhomogeneities cause displacement artifacts. But due to 

the sample technique used, Spiral imaging is more sensitive to field inhomogeneities which 

cause blurring artifacts. To correct these artifacts, a deblurring technique is optional when 

delayed reconstruction is performed21 . lf Spiral is used in combination with PCA, one of the 

acquisitions to eneode flow will be flow compensatcd if the parameter flow compensation is set 

to yes (the one-sided gradient configuration,§2.3.1) . This acquisition is used to accomplish 

the deblurring operation, because field inhomogeneities cause phase shifts which can be located 

when flow induced phase shifts are not present. To realize deblurring, the reconstruction is 

performed a number of times with different frequency offsets. The most optimal frequency 

offset for each region of the image is then used to create the final image. 

To perform Spiral imaging, the number of spiral interleaves Nh the acquisition time per 

intedeave T and the angular frequency m(t) can be set by the user. These parameters are 

related toeach other according to the following equation21 : 

()=Jl+I·nN O<<T mt ~ _f_ 

N;TVl+À~ 
(2.35) 

Here, N represents the scan matrix and À a user defmed factor which determines the 

variability of the angular frequency over time. lf À = 0 the angular frequency m is constant. 

The maximum advised value equals the number of tums per spiral À= NfiN
1 

21 . 

A large number of interleaves reduces the number of turns per spiral and thereby reduces the 

gradient strength and slew rate. However, scan time is proportional to the number of 

interleaves and will increase. Furthermore, a variabie angular frequency deercases the needed 
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gradient strength and switching rate compared to constant frequency Spiral imaging. To make 

use of the full capacity of the system, a smaller acquisition time is allowed then for a given 

nurnber of interleaves and visa versa. This will subsequently reduce scan time. 

Spiral imaging can be combined with cardiac gating and prospective triggering. With cardiac 

gating, k=O is measured throughout the whole gate due to the successive spiral arms which all 

start at the center of k-space. This may lead to blurring artifacts is the flow varies within the 

gate. Instead, with prospective triggering, the interleaves are obtained during successive heart 

beats. Multiple gating is not yet possible, because currently, Spiral imaging is only available 

using software release 4.3 and the Spiral patch21 . The mentioned problem of spin dephasing at 

high flow veloeities with EPI can be reduced using Spiral imaging. Because the earliest data 

samples are acquired with the weakest gradients (fig. 2.30b), there is very little flow-related 

dephasing near the center of k-space20. Since data acquired at the center of k-space 

determines flow contrast (§2.2.4),there is little lossof flow information due tospin dephasing. 

2.5.4 Partial Echo and Halfscan 

Full Echo 
(256 matrix) 

Partial Echo 0.75% 
(256 matrix) 

a 

b 

Figure 2.31: Representation of the read out gradient with Full Echo (a) and Partial Echo (b) sampling. The 
last 75% of the echo is sampled. The missing part wil/ be reconstructed on the basis of the scanned part. With 
Partial Echo the applied read out gradient and thus the echo time is shortened. 

To shorten the applied gradients and thus the minimum echo time, the Partial Echo technique 

can be used. With this technique, only the last part of the echo is sampled (fig. 2.31). Because 

the minimum TE is reduced, the minimum TR is reduced as well, thus allowing a (slight) 

reduction in total scan time. The intravoxel phase dispersion is also reduced because the read 

out gradient is applied for a shortened period. Partial Echo has therefore the potential to 
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reduce flow void artifacts, as will be discussed in paragraph 2.6.3. Similar to Partial Echo, the 

Halfscan technique also acquires only an asymmetrie fraction of the data set (fig. 2.32). Using 

Halfscan, the reduction of scan time is proportional with the halfscan factor used, because of 

the decreased number of proftles. Figure 2.32 shows the maps of k-space sampled with the 

Partial Echo (PE) as well as the Halfscan (HS) technique. The techniques can not be used 

simultaneously. 
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Figure 2.32: The maps of k-space sampled with the Partial Echo and the Halfscan technique. The Partial 
Echo- and Halfscan factor correspond with the scan percentage. 

The technique used to fill the remaining part of k-space to complete the image can well be 

thought of as mirroring the scanned part. This is suitable because the data sampled with a 

negative value of the phase- or frequency encoding gradient is identical to the data sampled 

with the corresponding positive value with the exception of the phase of the MR signal6 (fig. 

2.7). Because noise is also mirrored, the noise of the total image will be less random. The SNR 

of both PE and HS is therefore reduced with the root of the PE- or HS-factor22. A phase 

correction algorithm is used to correct for small, inherent phase errors which vary slowly 

through k-space. Just over half of the totalk-space provides sufficient data for execution of 

this phase-correction algorithm. However, the algorithm can notcorrect for the arbitrary phase 

errors due to magnetic field inhomogeneities. 
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In Gase of flow quantification, the phase is no longer a smooth function and there is no 

information available about the unwanted component. Image reconstruction is therefore 

performed without any phase correction. This seems rather unfavorable and that is why usage 

of Partial echo or Halfscan in combination with PCA is usually dissuaded. However, because 

both techniques do measure the low spatial frequency region, the low-frequency part of the 

flow proftie is well quantified. Only the sharp transitions, i.e. the high spatial frequencies will 

be disturbed as is pictured in tigure 2.33. The shape of the disturbance does not necessarily 

look like the one drawn, but depends on the flow profile, the resolution, the inflow effect and 

the Partial Echo- or Halfscan factor used. The disturbance will be shaped asymmetrically with 

respect to the x- or y- axis respectively as could be deduced from the real reconstruction 

algorithm. 

+ 
~ 

Figure 2.33: Schematic representation oftlze high and low frequency component of plug flow and the injluence 
of Partial Echo. Because bath PE and HS do measure the low spatialfrequency region, the low-frequency part 
ofthejlow profile is welt quantified. Only tlze sharp transitions wilt be disturbed. 

2.6 Pressure drop across a stenosis 

Magnetic Resonance Imaging has the potential of providing information about both vessel 

geometry and blood flow velocities. Using MRI to trace and evaluate obstructions seems 

therefore possible. To determine the severity of an obstruction, the pressure drop is often 

calculated using a simplified Bemoulli equation. The necessary flow information could be 

provided by MRI. Only, the loss of signal due to separation of the flow and turbulence 

complicates the calculation. 
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2.6.1 Bernoulli equation 

The relation ship between fluid velocity ( v ) and pressure ( P) is basically described by two 

laws: the law of mass conservation and the law of energy conservation which are both 

integrated in Bernooili's law23. With an extra term added to count for viscous loses (R ), the 

Bernoulli equation can be written as24: 

(2.36) 

Here, x1 [m] and v1 [mis] represent the position and velocity in front of the obstruction, x2 

[m] and v2 [mis] the position and velocity at the center of the obstruction and p the density of 

the fluid [kg/m3
]. 

If steady flow is assumed and viscous loses are small, the last two terms at the right hand side 

of this equation may be neglected. The second assumption might hold if the maximum velocity 

at the center of the vessel is considered24. Furthermore, if the upstream velocity is assumed to 

be low compared to the velocity at the center of the obstruction, the Bernoulli equation is 

reduced to its most simple form often used in Doppier Ultrasound: 

[mmHg] (2.37) 

The right hand side of equation 2.37 is true if p = 1.06 ·1 0 3 kg/m3
, as in blood. 

As can be deduced from equation 2.37, the kinetic energy of the fluid is increased at the 

expense of the potential energy (pressure). Any possible overestimation of the pressure drop 

due to neglection of the upstream velocity depends on the ratio of the cross-sectional areas. 

This is expressed in the continuity equation: 

(2.38) 

Here, A1 and A2 represent the vessel area in front and at the throat of the constriction 

respectively. 
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To assess the pressure drop across the obstruction, the assumption is made that distal to the 

stenosis the pressure remains constant with position and thus equals P2 • This leads to an 

overestimation of the pressure drop across the obstruction, for in practice part of the pressure 

recovers25. The amount of pressure recovery depends on the velocity at the center of the 

obstruction and on the ratio between the cross-sectional area at and distal to the stenoses. 

However, if high levels of turbulence are present distal to the throat of the stenosis, the 

stenosis severity will be underestimated. Turbulence causes an irrevocable pressure loss that is 

not accounted for in the simplilled Bemoulli equation and continuespast the stenosis26. The 

actual pressure drop across the obstruction will therefore be larger than calculated when using 

equation 2.37. 

To account for the dependenee on severity, several studies introduce a loss coefficient K in 

the simplilled Bemoulli equation to replace the factor 426·27. The value of this coefficient 

depends on stenosis severity and should make the non-invasive pressure measurements using 

equation 2.37 more accurate. U se of the loss coefficients requires accurate knowledge of the 

diameter reduction. This can be achieved with MR because accurate images of the vessel 

diameter can be obtained. The severity-based loss coefficients obtained by J.N. Oshinski et 

al. 26 are represented in table 2.2. The shape of the stenosis can also cause errors in the 

pressure gradient estimates of the simplilled Bemoulli equation26. A sharp edged orifice-type 

stenosis will behave differently then a smoothly-varying stenosis with respect to pressure 

recovery and the occurrence of turbulence. 

Stenosis severity (%) Loss coefficient K (mmHg·s2/m2
) 

50 2.3 
60 2.9 
70 4.2 
80 4.3 
90 4.9 

Table 2.2: The severity-based loss coefjicients obtained by J.N. Oshinski et al. 26. The value of this coefjicient 
depends on stenosis severity (%diameter reduction) and should make the non-invasive pressure measurements 
using the simplified Bemoulli equation more accurate. 
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2.6.2 Flow voids 

To measure the velocity profile inside an obstruction with MRI, several aspects should be 

considered. First, because of the often very small cross-section at the center of the stenosis, 

the partial volume effect will be more pronounced. However, this won't influence the pressure 

drop calculation if the throat contains more than two pixels per diameter and only the velocity 

at the center of the vessel is considered. Furthermore, because of the high velocities, signalloss 

due to intravoxel dephasing becomes more prominent. In some situations, the large spatial or 

temporal variation of veloeities within a voxel (both direction and amplitude) even results in a 

complete flow void (§2.3.2). This most likely occurs downstream the throat near the vessel 

walls where the large pressure gradient has reversed the flow. In these separation regions, (fig. 

2.34), eddies containing recirculating fluid appear if the Reynolds number exceeds a certain 

critical value. The Reynolds number Re is defined as: 

Re 2pRv 
11 

(2.39) 

in which p represents the fluid density, v the mean velocity in the unobstructed tube of 

diameter R and 11 the viscosity of the fluid. Due to higher pressure gradients from higher flow 

rates, the separation region will become larger if the flow rate increases. 

Flow direction 

Figure 2.34: Axis-symmetric constriction with unobstructed diameter R and throat diameter RrhroaJ· Eddies 
containing recirculating jluid are present downstream the throat where laminar separation takes place. 

With further increased Reynolds numbers, the flow downstream the separation point becomes 

turbulent and no localized region of separated flow can be distinguished. The specific values of 

the Reynolds numbers at which these transitions appear, strongly depend on the geometry of 

the obstruction27. lf flow voids appear immediately downstream the center of the stenosis it 

will look as if the throat of the stenosis occurs more downstream, and the severity of the 

obstruction will be overestimated. 
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The presence of flow voids will trouble the determination of the pressure drop across the 

stenosis. As explained in paragraph 2.3.2, the intravoxel dephasing reduces with decreasing 

voxel size and increasing ratio VencfV max· Signal loss can also be reduced by reducing the 

duration of the gradients in the direction of flow28•29. In case of bipolar or flow compensated 

gradient configurations, the velocity induced phase shift will stay unaffected if the product of 

gradient area and gradient duration stays constant (eq. 2.25). However, as can be deduced 

from equation 2.18, the phase sensitivity to higher orders of motion depends on higher powers 

of time (t). lf the gradient duration is reduced, the phase sensitivity to higher orders of motion 

therefore reduces and so does the phase varlation within a voxel. Reduction of the gradient 

duration can be accomplished with the use of high gradients and partial echo sampling. When 

the voxel size is reduced, part of the aimed effect will be countered by the increased gradient 

duration. The use of flow compensated gradients also reduces the amount of signalloss. The 

amount of intra voxel dephasing due to flow components perpendicular to the main flow 

direction is reduced. 
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3. Experimental setup 

An in vitro MR study is performed to examine the flow quantification by means of the phase 

difference technique. This chapter describes the experimentalset-up and starts with paragraph 

3.1 about the flow phantoms. Paragraph 3.2 deals with the blood- and tissue mimicking 

properties of the used materials, foliowed by paragraph 3.3 about the pump. Paragraphs 3.4 

and 3.5 deal with the calibration- and blood-pressure equipment respectively and the chapter 

ends with paragraph 3.6 about the data analysis. All MR experiments are obtained on a 

Philips Gyroscan ACS-NT 1.5 Tesla scanner (Power Trak 1000) with Release 4.5 software, 

unless mentioned otherwise. The Knee coil (Quadrature Bird-cage) is used as the receiver coil 

to obtain an optimal signal to noise ratio (SNR). 

/ 
Controlurut ~ 

Sc•nncr con,.;;;-~ Patient table 

Console room RF- room 

Figure 3.1: Schematic representation of the overall setup. Bath the pump and tlze MR scanner are positioned 
inside an RF shielded room. The conneetion between the pump and the control unit passes through an RF filter 
box. 

3.1 Phantoms 

When designing a phantom to study the MR blood flow quantification, it must resembie the in 

vivo situation as much as possible. The matcrials used must therefore mimic the tissues 

occurring in the human body. Previous studies performed at Philips Medica! Systems were 

accomplished with perspex flow tubes1 (fig. 3.2) and porous vascular grafts2 (GoreTex®). 
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Unlike human tissue, perspex does not generate MR signa!. Consequently, the phase of the 

perspex region surrounding the flow · will be random because noise dominates the signa!. Even 

with porous vascular grafts, the water content of the graft wall is still too low to completely 

eliminate this artifact. This can lead to errors in the determined flux or mean velocity when 

these random phase pixels are enclosed by the ROl (§2.3.2). In this study, the artificial artery 

walls are made out of Agar gel which more closely resembles the in vivo situation because it 

generates MR signa!. 

Ring with two holes to fill ~ 

600mm 

Figure 3.2: Schematic representation of a perspexflow tube. The campartment between the two perspex tubes 
contains stationary jluid (water + MnCl2). A fitting is mounted on both ends of the tube to conneet to shut of! 
valves. The shut offvalves on their turn will be conneered to hoses to andfrom the pump. 

3.1.1 Straight tubes 

To create an artificial blood vessel out of Agar gel, a steal pipeis positioned at the center of a 

perspex tube (fig. 3.3). The perspex tube bas an inner diameter of 18 mm. The steal pipes 

have diameters of 4, 6, and 8 mm (tolerance 0.05 mm) which correspond with the size of the 

final "vessel" lumen. The remaining space between the steal pipe and the perspex tube is filled 

with hot, liquid Agar gel. Mter the gel is cooled down and solidified, the steal pipes are 

removed, leaving a cylindricallumen with a known and constant diameter. Consequently, the 

Ag ar wall surrounding the lumen bas a thickness of 7, 6, or 5 mm. 
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Perspex tube 

500mm 

Figure 3.3: Schematic representation of flow tube created out of Agar gel. After remaval of the steal pipe, a 
cylindrical vessellumen is left surrounded by Agar gel. A fitting is mounted on bath ends ofthe tube to conneet 
toshut offvalves. The shut offvalves on their turn wiJl be connected to hoses to andfrom the pump. 

As shown in figure 3.3, both ends of the perspex tube are mounted with fittings which conneet 

to a shut-off valve (1/4" LPC series, Colder Products Company). The shut-off valves on their 

turn can be connected to hoses to and from the pump. The fittings are designed with notches 

at one end to fixate the gel around. The lumen of the fittings is of the same size as the created 

Agar lumen, to obtain a continuous transition. An 0-ring is used between the perspex tube 

and the fitting to prevent leakage from air and fluids. 0-rings are also used to close the ftlling 

holes airtight. This is necessary because Agar gel exposed to air will start to dry out and 

putrefy. 

3.1.2 Stenosis 

The same procedure as described in the previous paragraph is used to create artificial blood 

vessels with an obstruction. The steal pipe however is replaced by a more elaborate 

construction as shown in figure 3.4. The brass stenosis mould consists of two identical parts 

to make removal at both ends of the perspex tube possible. They are fixed into hollow steal 

tubes with an outer diameter of 10 mm, which equals the unobstructed size of the final Agar 

lumen. A small pin is used to keep the two parts in line with each other . Several moulds are 

designed to create stenoses with an obstruction of 40, 50, 60, 70, and 80 percent by diameter. 

The totallength of the stenosis is chosen equal to twice the unobstructed diameter (20 mm). 

Unlike the area reduction and general shape, this parameter doesnothave much effect on the 

pressure drop across the stenosis as studied by D.F. Young et a1.27 To build stenosis with 

known sizes, care should be taken that air bubbles will not stick to the brass mould during the 

solidification of the gel, because they will influence the shape of the stenosis. 
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Pin to keep both 
parts together Brass stenosis mould 

Figure 3.4: Schematic representation of the stenosis construction. The brass stenosis mould consists of two 
identical parts. They are fixed into hollow steal tubes with an outer diameter of 10 mm. A small pin is used to 
keep the two partsin line. 

To allow pressure measurement by means of catheterization, an additional coupling is designed 

with catheter access. It fits into the fitting present at each end of the perspex tube (fig. 3.3). 

As shown in figure 3.5, the position of the shut-off valve is shifted upwards to create a straight 

path for the catheter. A metallic connector with Luer-lock is used to conneet a hemostatic 

valve (Vygon) which tightly closes around the catheter. Even when no catheter is put through, 

it prevents the leakage of fluid. 

Fitting 
Coupling with 
access for a catheter conneet a hemostatic valve 

Figure 3.5: Schematic representation ofthe coupZing with catheter access. The position ofthe shut-offvalve is 
shifted upwards to create a straight path for the catheter. A metallic connector with Luer-lock is used to 
conneet a hemostatic valve. 

3.1.3 Cylinder 

To easily interchange and position the straight and stenotic tubes in the Knee coil, a large 

acrylate cylinder with three cylindrical cavities (fig. 3.6) is used. The dimensions of the 

cylinder (outer diameter 15 cm) are such that the Knee coil is almost completely filled. The 

inner volume of the cylinder is filled with Agar gel of which the true velocity should be zero. 

The phase of the MR signal generated by this static material can therefore serve as a measure 

of the phase cq. velocity offset due to for example eddy currents (§2.3.2). 
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Figure 3.6: Schematic representation ofthe cylinder used to position the flow tubes intheKnee coil. Tlze inner 
volume ofthe cylinder is filled witlz Agar gel. 

A foam mat is placed between the Knee coil and the phantom to damp the vibrations of the 

scanner. These vibrations are caused by Lorenz forces induced by switching currents in the 

gradient coil. In vivo, these vibrations are damped by the soft tissue of the patient and the 

mattress on the scanner bed. 

Black pixel contains perspex if: 
sina·T> (18-D)/2 

D=8 & T=16: a>l8° 
D=6 & T=l2: a>30° 

Figure 3. 7: Schematic representation of the angle a at wlzich the edge pixels of an angled slice might contain 
perspex. The angle is ajunetion ofvessel diameter D and slice thickness T 

The previous described cylinder is used in all experiments performed with image slices 

perpendicular to the flow direction. But, if the image slice is angled with respect to the flow 

direction, the edge pixels of the flow region rnight contain perspex. The angle a at which this 
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occurs depends on the used slice thickness (T) and the diameter (D) of the vessel lumen as 

depicted in tigure 3.7. To makesure that the edge pixels will not contain perspex even with a 

slice thickness of twice the vessel diameter and an angulation of 45°, a new cylinder is designed 

(fig. 3.8). Steal pipes with diameters of 4, 6, 8 and 10 mm are positioned into the cylinder to 

create four cylindricallumen of that size. The remaining space is entirely filled with Agar gel. 

Special designed fittings (fig. 3.8) are mounted to the cylinder to conneet the artificial arteries 

to shut-off valves. 

Figure 3.8: Schematic representation ofthe Agar cylinder. The inner volume ofthe cylinder is filled with Agar 
gel. After renwval ofthe steal pipes, Jour cylindrical vessellumen are left surrounded by Agar gel. Fittings are 
nwunted to the cylinder to conneet toshut offvalves. 

3.2 Blood and tissue mimicking properties 

As mentioned in the previous paragraph, the materials used to create an in vitro flow situation 

must closely resembie the in vivo situation. Apart from the spin density, the longitudinal and 

transverse relaxation times ~ and T2 are the most important MR properties that differentiate 

the various tissues. The ~ and T2 of the blood mimicking fluid and the Agar gel are therefore 
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set to the values of the corresponding tissues in the human body. Table 3.1 shows the 

relaxation times of the relevant tissues9. 

Tissue Tt (ms) T2 (ms) 

Blood 1400 250 
Fat 300 50 
Muscle 900 120 

Table 3.1: The longitudinal (T1) and transverse (T2) relaxation times ofthe relevant tissues. 

3.2.1 Tissue rnimicking Agar gel 

To fill the phantoms described in paragraph 3.1, an Agar gel solution is heated until a clear 

liquid is obtained with a low viscosity. Air bubbles should be avoided, because once embedded 

in the solidilled gel, they result in areas withno MR signa!. The used solution consists of Agar 

powder (A6924 high gel strength, Sigma Chemica! Company) in demineralized water with 

MnCh and NaCl added to it. The NaCl (5.85 g/1) is added to create an appropriate 

conductivity whereas the MnCh is added to adjust the ~ value of the gel30. A higher 

concentration MnCh will result into a smaller ~ value. From table 3.1 it follows that fat has a 

~ of 300 ms and muscle a ~ of 900 ms (at 1.5T). Because tissue surrounding arteries 

consists of both fat and muscle in most cases, a weighted average of ~ = 700 ms seems an 

appropriate value. Empirically, an MnCh concentration of 0.07 mmolil Agar gel solution is 

found to produce that ~ value. 

Furthermore, the concentration of Agar powder determines the transverse relaxation time T2 

and the stiffness of the gel30. It is found that a concentration of 3 percent by mass results in a 

frrm gel of desired strength. A frrm gel is necessary to reduce phase errors caused by 

vibrations due to gradient switching and to maintain a constant vessel diameter especially when 

pulsatile flow is used. The T2 of this Agar concentration has a value around 50 ms, which is 

somewhat too low. Because the performed scans are ~ -weighted (short TR), this is of minor 

irnportance as long as the echo time TE stays well below this T2 value. An increase of the T2 

value will be at the expense of the gel strength and is not desirable. 

Because of the porous structure of the gel, the fluid that is pumped through the tubes will 

diffuse into the geland replace the embedded water. This will affect the ~ and T2 properties 

of the gel. After diffusion, the relaxation times have values about ~ =825 ms and T2 =45 ms. 
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The actual value depends somewhat on the diameter of the tube. It tumed out that the more 

Agar gel the perspex tube contains, the larger the increase of the ~ value due to diffusion. 

The ~ and T2 values are obtained using a scan sequence designed todetermine the relaxation 

times of the tissue under investigation, the so called MIX -sequence. 

3.2.2 Blood mimicking fluid 

The used blood mimicking fluid is commercially available (Quest Image Inc.) and will be 

referred to as UHDC-fluid. It has relaxation times similar to human blood as specified by the 

company and verified by D'hert1 and Cortenraad15. A small quantity ofMnClz is added to the 

fluid to slightly reduce the ~ 1. The fluid then bas a relaxation time ~ of about 1050 ms and 

T2 = 335 ms. The viscosity of the UHDC fluid matches that of human blood and has a value 

of 3 mPa.s. This results in a realistic fluid-dynamic behavior which is especially important in 

stenotic regions. Finally, the density of the fluid matches that of water (1.025 103 kg/m3
) . 

3.3 Pump 
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----------------------------------------------------------------------------------------

Shut-off valves 

I ... 
to phantom 

Figure 3.9: Schematic representation ofthe intemal parts ofthe pump. A piston is driven up (U) and down (D) 
a lead screw inside a cylinder by a micro stepping motor. Switching between the in- and outlet path is 
performed by an electrical valve. 
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The used computer controlled positive displacement pump31 (Quest Image Inc.) consists of 

two units: a control unit and a pump unit (fig. 3.1). This is necessary to position the units in 

separate rooms as will be discussed later. A diagram of the various parts of the pump unit is 

shown in tigure 3.9. A piston is driven along a leadscrew inside a cylinder by a micro stepping 

motor. The pump then reftlls one side of the cylinder while pumping fluid out on the other 

side. The stroke volume has a maximum of 500 ml. Nearly uninterrupted outflow is achieved 

by interchanging the outlet and inlet path each time the piston reaches the end of the cylinder. 

The switching between in- and outlet path is performed by an electrical valve. To proteet the 

pump and the phantoms from damage, the power to the motor is disconnected by an over

pressure shut-off device if the pressure in the outflow line exceeds a user defmed limit. This 

pressure limit can be varied between 5 and 40 psi, and is currently set at 30 psi (2.1 atm). 

The control unit allows the user to operate the flow simulator in a variety of ways. Constant 

flow rates between 0 and 40 mVs, or a number of pulsatile waveforms with a maximum peak 

velocity of 40 mVs, may be selected from the main menu. In case of pulsatile waveforms, an 

ECG trigger signal is provided by the pump. The timing of this trigger signal with respect to 

the waveform can be user-defmed. New pulsatile waveforms may be created by the user in 

the form of an ASCII data file. At the time of delivery, the pump has been calibrated by the 

manufacturer for constant volume flows ranging from 0.1 to 40 mVs with an accuracy of 1%. 

The control unit is positioned outside the (RF shielded) magnet room because of possible 

electromagnetic interference and the force of the high magnetic field on the (ferro-) magnetic 

parts of the unit. The control unit is connected to the pump unit with shielded cables which 

pass through an RF filter box before entering the magnet room (fig. 3.1). The filter box acts as 

a low-pass filter with a cut-off frequency around 1 MHz. Any RF signal from the control unit 

or RF signal picked up by the cables which could potentially disturb the MR signal is filtered 

out by this filter. Because the pump unit itself also contains ferromagnetic matcrials (e.g. in the 

motor), it should be positioned at least 2 meters distant from the magnet The pump unit is 

therefore connected to the flow phantom by two long hoses (5 m in length). When using 

pulsatile flow, the compliance of the hose towards the phantoms will damp the waveform in the 

flow tubes. At the plane of measurement, the pulse shape will therefore differ from the 

programmed waveform. To minimize this effect, a rigid nylon hose-pipe with an inner 

diameter of 8 mm and a wall thickness of 1 mm is used to supply the UHDC fluid to the 

phantom. The hose from the phantom towards the pump unit consists of a PVC hose 

reinforeed with nylon (14x8 mm). To easily interchange between pulsatile and constant flow, 
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this hose configuration is used in all experiments. When constant flow is used, the volume 

flow at the selected slice will not be affected by the flow configuration and equals the pump 

stetting. This programmed value can therefore serve as a reliable, accurate reference value to 

compare the flow obtained from PCA images with. 

3.4 Calibration equipment 

Figure 3.10: The calibration glass. The time needed to fill the 100 ml between the two markers is meiJSured 
with a stop-watch to verify the programmed volume flow. 

To check the pump calibration performed by the manufacturer, a calibration glass (Engler 

measuring glass) as shown in figure 3.10 is used. The calibration option of the pump is used to 

dispense a predefmed fluid volume at a selected flow rate. The time needed to fill the 100 ml 

between the two markers of the Engier measuring glass is measured with a stop-watch to 

verify the programmed volume flow. A small pipette of glassis connected to the hose coming 

from the outlet of the pump unit. It is positioned at the center of the calibration glass such that 

no fluid will run down along the inner wall of the glass during the experiment. Because of its 

high viscosity, such a fluid layer would decrease the volume between the two markers and 

consequently the accuracy of the measurement2. The tip of the pipette should always be 

immersed in the fluid because otherwise air bubbles and splashes will trouble the timing. 

During the time measurement, the pipette is shifted upwards. The volume taken by the 

immersed tipcanthen be neglected due to its small diameter (1.7xl.O mm). 
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3.5 Blood-pres_sure equipment 

lnsertion length 

==crr--------------'~ 1. ·0 IJ 

Figure 3.11: 17ze Micro Transducer Catheter. The catheter contains a sensor at the tip which camprises a 
silicon pressure sensitive chip. 

To make blood pressure determination by means of catheterization possible, a Patient Monitor 

(HP 78354A) is obtained from the St. Joseph hospita! in Veldhoven (NL). Tests showed that 

usage of this monitor inside the magnet room has little influence on the SNR of MR 

measurements. A Micro Transducer Catheter (Dräger Medica! Instruments) is connected to 

the monitor and positioned in the flow lumen using the coupling of tigure 3.5. The catheter 

contains a sensor at the tip which comprises a silicon pressure sensitive chip (fig. 3.11). This 

will allow catheterizations that are more reliable and less time consuming than when fluid filled 

catheters are used. The catheter allows pressure measurement in a range from ~300 to 300 

mmHg and is used to measure the pressure at- and 10 cm proximal- and distal to the center of 

the steno sis. Because the catheter contains (ferro) magnetic matcrials which introduce MR 

artifacts, catheterization and MR imaging are not performed simultaneously. 

3.6 Data analysis 

Figure 3.12: Example of a corona/ and a transverse PCA image including the defined ROl. 
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Data analysis is performed on a SUN workstation using the flow analysis package FLOW. 

This package is developed by the Laboratory of Clinical and Experimental Image Processing of 

the Academie Hospital Leiden, partly specified by Philips Medical Systems Best. One of the 

reasons to use this off-line package insteadof the post processing software of the Gyroscan, is 

that it directly provides the flux values. Until recently, the Gyroscan software only provided 

the mean velocity (cm/s) and the area (mm2
). Furthermore, on the Gyroscan, no automatic 

contour detection is currently available. Also, FLOW allows storage of ROis and analyzed 

data in ASCII files which is currently not possible on the Gyroscan. 

FLOW displays the PCA/P and the FFE/M images of an examination simultaneously. To 

determine flow parameters like the flux (ml/s) and the mean velocity (cm/s), Regions of 

Interest (ROis) are positioned on these images (§2.3.2). Figure 3.12 shows an example of the 

used ROl in case of a through-plane flow and an in-plane flow experiment. The rectangular 

ROl is obtained completely manually. In case of an angled image slice, it is positioned at the 

center of the in-plane vessel area to enclose the entire vessel diameter. The flux through a 

vessel can not be deterrnined from a single coronal slice. The mean and peak velocity are 

therefore obtained from the rectangular ROl. The circular ROis are automatically detected on 

the basis of two user defmed opposite points on the vessel edge. To accurately determine the 

flux, all pixels which contain flow should be enclosed by the ROl (§2.3.2). Because the in

plane area of the vessel lumen is known, this can be easily performed by positioning the user 

defmed markers such that the area of the ROl exceeds the know area of the tubes. In vivo, 

information about the actual size of the vessel is usually absent and the ROl positioning can 

only be based on pixel intensity. Visual determination of the vessel edge then becomes rather 

arbitrary. But, as mentioned in paragraph 2.3.2, the error due to a slightly oversized ROl will 

be small concerning the flux. lf vessel contrast is low, it is sometimes necessary to edit the 

shape of the contour by hand. This procedure makes the contour detection highly user 

dependent and time consuming. 

The numerical data obtained from each ROl includes the flux, the (spatial) mean and peak 

velocity, the in-plane area and the enclosed number of pixels. lf multiple heart phases are 

measured using cardiac triggering, a graph of flux or velocity versus time with respect to the 

trigger pulse can be obtained. It is also possible to display the velocity profile as a function of 

position along a user defmed line across the image. FLOW allows these results, as well as 

contours and the pixel values of parts of the MR image, to be stored in ASCII files. These files 
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can be further processed with graphic programs like Deltagraph and Kaleidagraph as used for 

this report. The individual pixel values of a PCA image are for example used to visualize the 

flow profile by means of a 30-graph (fig. 3.13). The intensity of the image pixels is displayed 

versus transverse position. 
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Figure 3.13:Example of a 3D- graph of the flow profile. The intensity of the PCNP image pixels 
(velocity( cmls)) is displayed versustheir position in the transverse plane. 

To make the ROl determination reproducible and thus user independent, several automatic 

contour detection algorithms are under development. At the Clinical Physics department of the 

St. Joseph hospital in Veldhoven, an algorithm is developed which makes use of a technique 

called Region Growing. This algorithm is used to analyse some of the experiments and to 

compare the results with the results obtained with FLOW. With the used region growing 

algorithm, the user only has to mark one arbitrary pixel of the FFE/M image that belongs to the 

vessel. Starting from there, all neighboring pixels are compared with a threshold value. They 

are only added to the ROl if at least two neighboring pixels exceed the threshold. The 

threshold is set precisely in between the mean intensity of the vessel and that of the 

surrounding tissue. The obtained region is then used todetermine the flow parameters lik:e the 

flux and the mean velocity. 
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4. Flow quantification using constant flow 

To validate the MR flow quantification, an in vitro study is performed. A phantom model 

enables to isolate possible error sourees and study their influence separately. However, the 

ability to verify the derived volume flow and veloeities with reliable reference values is the 

most important advantage of in vitro studies. Evaluation of the errors due to the various 

factors studied provides guide-lines for the scan parameters to irnprove the accuracy of the 

flow quantification. Once insight is gained in the possible error sourees using phantom models, 

the results can he used to predict the reliability of in vivo flow. Although the flow through 

arteries is pulsatile, pulsatility is not required to study some of the individual error sourees that 

influence the flow quantification. Constant flow is even preferred to avoid errors induced by 

acceleration and ghosting artifacts. Therefore, a major part of the experirnents is performed 

with constant flow. 

This chapter contains the methods, results and discussions of the experirnents performed with 

constant flow. The experirnents with pulsatile flow and the blood pressure determinations are 

described in chapters 5 and 6. General conclusions about these three chapters can be found in 

chapter 7. The experirnental set-up has already been described in chapter 3. As mentioned in 

paragraph 3.3, the user defmed pump setting should serve as a reliable reference value to verify 

the derived volume flow with. But, as will be discussed in paragraph 4.1 about the pump 

calibration, these values were initially not reliable due to a defect of the pump which was ft.xed 

later. The complete scan protoeals used to study the various factors that might influence the 

flow quantification are listed in appendix A. 

4.1 Calibration 

4.1.1 Pump Calibration 

Methods 

To check if the computer controlled pump flow is still reliable after three years of extensive 

use, a calibration is performed using the equipment as described in paragraph 3.4. With this 

particular setup, the pressure at the outlet opening of the pump is about 1 atm at 10 mVs, due 
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to the small outlet opening of the pipette (about 1 mm). The volume flow produced at several 

pump settings (Qset) is verified by measuring the time T (s) needed to fill the upper 100 m1 

volume of the calibration glass (the so called "bucket and stopwatch" method). The flux Qbs 

(rnVs) is thus defmed as Qbs = 100ffEach measurement is repeated five times to account for 

statistic errors. Because the pump piston is controlled by a stepping motor, the outflow is 

assumed to behave linearly in its entire range (0-40 m1/s). It is therefore sufficient to calibrate 

only part of this range. The flow Qm is measured at flow rates Qset = 0.2-10 m1/s. Higher flow 

rates could not be calibrated, because the speed at which the fluid level passes the markers of 

the calibration glass is too high for accurate timing. Calibrations below 0.2 m1/s are not 

performed because they would have been too time consuming. 

Results 

Figure 4.1 a shows the measured ratio Qoo/Qset as a function of the pump setting Qset· Figure 

4.1 b shows the results of the same experiment performed after a new cylinder assembly is 

installed. 
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Figure 4.1: The ratio Qb/Q.., as aJunetion ofQ .. , befare (a) and after (b) the pump upgrade. Qb. is the flux as 
determined with the 'bucket and stopwatch' method. The standard deviation ofthe 5 repeated measurements SD 
< 0.006 even at Q .. , = 10 mils. 

Discussion 

Figure 4.1 a shows that at Qset = 10 m1/s the deviation between Qbs and Qset has increased till 

almost 15 percent. It turned out that this deviation was caused by internalleakage between the 

cylinder and the piston (1.0 m1/s at 2 atm.). lf the pressure inside the cylinder increases with an 

increased flux Qset. so does the internalleakage. However, the leakage and thus the outflow 

stays constant if the resistance of the flow configuration is not changed. This is verified by 
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repeating the flow calibration five times the same day and a few months later. Despite the 

leakage, deviations within a series of scans performed to study the intlucnee of a eertaio scan 

parameter can therefore still be attributed to that specific parameter if the flow configuration 

stays constant. 

Unfortunately, it took a while to defme the problem and order a new cylinder assembly. Most 

measurements are performed prior to the pump upgrade, in which case the pump setting Qset 

can not be used as a reference value. Of a series of scans, the volume flow determined with the 

most optimal scan parameters is therefore used as the reference value Qrer instead. To make 

the results of all experiments comparable, all graphs are presented this way. When studying for 

example the intlucnee of resolution, the volume flow calculated from the scan with the highest 

resolution is used as Qref· lf an experiment uses a Perspex tube as well as an Agar tube, the 

flow measured in the Agar tube is used as the reference. Because perspex does not generate 

MR signal, the Agar tube is supposed to produce more accurate results. Strictly speaking, the 

graphs then only demonstrate the deviation due to the variation of the parameter under 

investigation. However, as can be deduced form figure 4.2, the additional error between Qrer 

and the actual flow is small (± 1% ). 

Figure 4.1 b shows that after replacement of the cylinder assembly, the outflow Qbs equals Qset 

with an inaccuracy less than 2-3%. The standard deviations of the 5 repeated measurements 

are too small (SD < 0.006) to be visible in the graph. It is therefore reasonablc to neglect the 

error due to the inaccuracy of thc stop watch timing as a result of the variabie response time of 

the user. The results show a small but systematic underestimation of the flux. The calibration 

constant of the pump belongs to the original cylinder assembly. The new cylinder was 

delivered without a new constant. It is possible that, with the new cylinder, the calibration 

constant should be slightly enlarged to correct for the underestimation. 

4.1.2 Overall MR Calibration 

Methods 

MR measurements are performed at several pump settings Qset· The reference value Qc equals 

the pump setting after correction for the small underestimation as derived in the previous 

paragraph. The calibrated pump values Qc are compared with the flux QMR obtained with MR. 

Assuming that the pump behaves linearly in its whole range (0-40 mVs)and is correctly 
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calibrated, the error intheflux QMR is determined this way. To cover the pump range, the flux 

QMR is measured at several flow rates Qset from 0.2 to 30 rnlls. The scan parameters are 

optimized with regard to accuracy. That is, the scans are performed with a high resolution (8 

pixels/diameter), no partial echo or halfscan and an image plane perpendicular to the flow 

direction. Two parallel Agar tubes are used with an inner diameter of 8 mm and opposite flow 

directions. To study the effect of gradient strength, the experiments are performed with 

regular gradients (Power Trak 1000; maximum gradient strength 10 mT/m with a rise time of 

0.6 ms, maximum slew rate 17 T/m·s) as well as with high gradients (Power Trak 6000; 

maximum gradient strength 21 mT/m with a rise time of 0.2 ms, maximum slew rate 105 

T/m·s). The Vene is adjusted to the flow rate to minimize phase noise and to prevent phase 

wraps (Vene= 5Qset. appendix B). 

Results 

The difference between QMR and the calibrated value Qc obtained with regular gradients is 

presented in tigure 4.2. The results obtained with high gradients are displayed in tigure 4.3. 

Both experiments are performed after the ·upgrade of the pump. The error bars represent the 

statistica! error due to noise14, ROl positioning and grid position15,32. 
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Figure 4.2: The ratio QMw'Qc as ajunetion ofthe pump setting Qur (regular gradients Power Trak 1000) 
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Figure 4.3: The ratio QMw'Qc as ajunetion ofthe pump setting Qser (high gratlients Power Trak 6000) 

Discussion 

In genera!, the deviation between QMR, and thus Qrer, and the calibrated flux Qc is less than 2 

percent, as shown in tigure 4.2. In both tigure 4.2 and 4.3, the data points at Qse1 = 0.5 ml/s 

deviate from the overall tendency. The error is too extreme to be caused by the MR 

acquisition or the pump. It seems more likely that the pump was mistakenly programmed at 

0.4 mVs instead of 0.5 mVs. The data then fits to the curves as presented by the two gray data 

points. The deviations of the flux values obtained with high gradients (fig. 4.3) are also small 

( < 3% ). Only for Qset = 0.2 mVs, the deviations are much larger. This may be due to the 

extremely small Vene (1 crn/s). The applied gradient areas are then quite large (eq. 2.26) which 

might cause errors if the system is pushed to its maximum gradient performance. 

The systematic error of about 2% between the two opposite flow directionscan be attributed 

to a small residual negative phase offset of the static tissue as verified in the MR images. An 

LPC window size of 60x60 mm (default) is used during this experiment The results suggests 

that the phase offset due to eddy currents is not completely corrected for by the LPC filter. 

Local phase errors might still be present after reconstruction with the LPC filter if the LPC 

window is too large to cover the global phases error variation of the background tissue 

(§2.3.2). A remaining negative phase offset will indeed under- respectively overestimate the 

flow content. Since the dilTerenee between positive and negative flow is about 2%, the error 

induced by the residual phase offset is only about 1 % in this experiment. 
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4.2 Partial volume effect 

The partial volume effect can be considered as one of the most important sourees of error. As 

described in the theory (§2.3.2), the error is a function of in-plane resolution, slice thickness, 

and the angle between the flow- and the flow encoding direction. Therefore, the influence of 

these three parameters on the through-plane flow as well as the in-plane (mean-) velocity is 

studied. When the image slice is positioned in the direction of flow, large portions of the 

vessel can be evaluated at once. In-plane flow is also of interest in case of highly curved 

vessels. To facilitate the comparison between different scans, the SNR is kept constant by 

choosing appropriate values of the NSA and the RFOV. 

4.2.1 In-plane resolution 

To optimize scan time and accuracy, it useful to cvaluate the influence of resolution on the 

flow quantification. An improved resolution will generally increase scan time, and deercase the 

SNR. lf the SNR should remain constant while improving the resolution, scan time will 

increase even more 

Through-plane flow 

Methods 

In case of through plane flow, three Agar tubes of 4, 6 and 8 mm in diameter are used to see if 

the influence of resolution is affected by vessel diameter. The measurements are performed 

withaflux set at 10 and 25 mVs to obtain reasonable veloeities (vmean:::::: 80 crn/s, appendix B). 

The experiment is repeated with two perspex tubes of 4 and 8 mm in diameter, to compare the 

results of Agar tubes with. To preserve the velocity content of the vessel, the threshold filter is 

not used (§2.3.2). The FOV and the scan matrix are adjusted to vary the resolution (mrn!pixel). 

From earlier studies performed with perspex and silicon tubes 1,15, it is to be expected that the 

partial volume effect will not have any significant influence if the vessel contains more than 4 

pixels per diameter. Resolutions of 0.6-4 mrn/pixel are therefore used to obtain in between 1-

16 pixels per vessel diameter. The flux obtained with the highest resolution, i.e. with 0.6 

mm/pixel and a tube of 8 mm in diameter, is used to serve as the reference value Qref· 
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Results 

Figure 4.4a shows the normalized volume flow QMR /Qrer as a function of the number of pixels 

per diameter. The results of the smallest tube are obtained with a flux Qset of 10 ml/s, the other 

two with a flux of 25 rnlls. The influence of the flow rate Qset on the partial volume effect in a 

8 mm tube is presented in figure 4.4b. 
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Figure 4.4: The ratio QMIIQ,,1 as aJunetion ofthe number of pixels per vessel diameter D. 

The curves in figure 4.5 show the influence of the used phantom material on the flux 

quantification as a function of resolution The Agar and Perspex tubes have inner diameters of 

8 and4mm . 
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Discussion 

As can be deduced from tigure 4.4, the flux through a vessel that only contains 3-4 pixels in 

diameter can still be determined with an error less than 5 %. When lower resolutions are used, 

the determined volume flow gets significantly overestimated due to the partial volume effect 

(§2.3.2). The three curves of varying diameter match in shape but the error increases with 

vessel diameter at low resolution. This might be attributed to the difference in voxel size and 

peak velocity. lf each tube contains the same the number of pixels per diameter, the voxel size 

increases with vessel diameter. lf the average fraction of flowing spins of the edge voxels (f) 

and the ratio of magnetizations (g) are supposed to be similar in all three tubes, the partial 

volume error increases with voxel size and peak velocity (eq. 2.31). It can be calculated from 

the maximum velocity and the voxel size that the tube of 8 mm in diameter should indeed show 

the largest error. The difference between the two curves of tigure 4.4b is could be attributed to 

the difference in the peak velocity only. The flux value is varied using the same tube, so the 

voxel size is kept constant between the two curves whereas the peak velocity differs. As 

shown, at high resolution, there is no significant difference between the two curves. But at 

low resolution, the curve of Qset = 10 shows a smaller partial volume error as could be 

expected from the smaller peak velocity (eq. 2.31). 

Figure 4.5 shows the influence of the used phantom materiaL The overall tendency of the 

curves looks similar, i.e. the partial volume error increases at low resolution. However, the 

perspex curve shows more fluctuation. This is to he expected when random pixels are taken 

into the flux calculation if the ROl is slightly oversized. Furthermore, the error exceeds the 

error of the Agar tube. According to equation 2.30, the partial volume error increase with the 

ratio of magnetizations (g). Perspex does not generate MR signa! and thus the magnetization 

of the static material almost equals zero. The partial volume error will therefore be maximal 

with respect to this parameter. Because Agar gel does generate MR signa!, the partial volume 

error will be smaller. To fortherreduce the magnetization ratio and thus the partial volume 

error, it might he advantageous to avoid inflow enhancement . A proton density image will 

give the most homogeneaus contrast. However, the contour detection might be probiernatie 

because the vessel contrastand the SNR are smaller. 
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In-plane flow 

Methods 

The effect of resolution on the in-plane flow is studied using the 10 rnrn lumen in bulk agar gel, 

i.e. the 10 rnrn lumen of the cylinder designed to angulate the image slice (§3.1.3)). The image 

slice has a thickness of 3 rnrn to campromise between SNR and velocity averaging across the 

slice. The image plane is positioned at the center of the vessel to contain the largest possible 

vessel area. Because the flux through a vessel can not be deterrnined frorn a single corona! 

slice, the average velocity over the diameter of the vessel is deterrnined instead, using a 

rectangular ROl (§3.6). 

Results 

Figure 4.6 shows the norrnalized rnean velocity as a function of resolution. The results are 

obtained withaflux Q set = 20 mils. 
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Figure 4.6: The ratio VmewiVrefas ajunetion ofthe nwnber of pixels per vessel diameter D. 

Discussion 

As can be deduced frorn tigure 4.6, the rnean velocity is not significantly influenced by the 

partial volurne effect if the vessel diameter contains 8 pixels or more. However, 5 pixels are 

still sufficient to keep the error below 5%. Figure 4.6 shows an underestimation of the mean 

velocity with reduced resolution. This is a result of the overestirnation of the vessel area 
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expressed as_ the number of pixels containing flow times the pixel area. Although the velocity 

of the edge pixels is overestimated due to the partial volume effect, their velocity is still small 

in case of a larninar flow profile. The overestimation of the vessel area is therefore of more 

significanee and the mean velocity will be underestimated. The number of pixels contained by 

the vessel and thus the vessel area not only depends on resolution but also on the position of 

the pixel raster relative to the vessel center. This is the reason the data of tigure 4.6 shows 

some fluctuations. 

4.2.2 Misalignment and slice thickness 

In vivo it is often hard and time consuming to position the scan plane exactly perpendicular or 

parallel to the blood vessel. Sometimes the vessel is curved in a way that makes it even 

impossible. Therefore, knowledge about the accuracy of the flow quantification as a function 

of angulation is of interest. On the Gyroscan, like most commercial systems, the flow encoding 

is always perpendicular (through-plane flow) or parallel (in-plane flow) to the image slice. 

Methods 

The increase of the partial volume effect with angulation depends on both the angle of 

rnisalignment and the ratio between slice thickness and vessel diameter (§2.3.2). The influence 

of angulation is therefore studied using a slice thickness varying from one half of the used tube 

diameter till twice the tube diameter. The angle between the actual flow and the flow encoding 

axis ranges from 0-45°. Through-plane as wellas in-plane flow measurements are performed 

with the bulk agar cylinder, which was specifically designed for these measurements (§3.1.3). 

Only the largest lumen (D = 10 mm) is used, because the three smaller lumen (8, 6 and 4mm) 

offered too much resistance to the pump to generate flow through. Inspeetion of the tubes 

however, did notshow any obstruction The volume flow is set at 20 mVs which corresponds 

with a maximum velocity of about 50 crnls. The transverse slicewithno misalignment and a 

thickness of 2 mm is used to obtain the reference values. To determine the through-plane flux 

and mean velocity, the entire in-plane vessel area is taken into account. To determine the in

plane mean velocity, a rectangular ROl is positioned at the center of the in-plane vessel area to 

enclose the vessel diameter (§3.6) 
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Through-plane flow 

Results 

Figure 4.7 shows the normalized volume flow QMR /Qrer as a function of rotation. The various 

curves show the effect of varying slice thickness on the volume flow quantification. 
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Figure 4.7: The ratio QMRI'Q,,1 as a function of the angle between the flow and the flow encoding axis. Tlze 
various curves show the effect ofthe slice thickness T. 

Note that for very thin slices, the angulation has hardly any effect on the flux value. An 

increasing slice thickness results in an increased overestimation of the flux, except for a slice 

thickness of twice the vessel diameter. The curve of slice thickness T = 20 mrn shows less 

overestimation than the results obtained with a slice of 15 mm. 
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Figure 4.8 shows the effect of angulation and slice thickness on the maximum and mean 

velocity. The theoretica! eosine curve is also presentedinthese graphs. 
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Figure 4.8: The ratio VmeariVref (a) and Vpea.IVref (b) as ajunetion ofthe angle between the flow and the flow 
encoding axis . The various curves show the effect ofthe slice thickness T. 

Unlike the flux, the mean and peak velocity steadily decrease with slice thickness .and 

angulation, even for the very thick slice of T = 20 mm. 

Discussion 

For all measured slices, the flux error due to misalignment will be less than 2% if the angle is 

smaller than 10%. As expected, the flux overestimation increases with angulation due to the 

partial volume effect. The number of partial volume pixels increases if the misalignment 

increases. However, with increasing angle, more of these edge pixels will contain a high 

fraction of stationary spins. The smaller the fraction of flowing spins, the less overestimated 

the velocity of that pixel will be. That explains why the slope of the curves decreases at a high 

angle. 

As expected, the flux error due to the partial volume effect also increases with slice thickness. 

Ho wever, the increase stagnates at a slice thickness of one and a half times the vessel diameter. 

As can be seen in figure 4. 7, the curve of slice thickness T = 20 mm shows less overestimation 

than the curve of thickness T = 15 mm. First of all, in thick slices, the inflow effect will be 

smaller than in thin slices. Because the partial volume error depends on the ratio of 

magnetizations (g), this will effect the accuracy of the flow quantification. The overestimation 

due to the partial volume effect will be smaller. Secondly, with increasing slice thickness, the 

ratio QMR/Qrer will eventually equal 1 for any angulation, just like with very thin slices. This can 
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be explained by imagining a very thick slice (T » d). If misaligned with respect to the flow 

direction, the in-plane vessel area, and thus the number of edge pixels (Ne), will be very large. 

However, this is compensated by the fact that the fraction of flowing spins (t) is very small in 

every voxel, and consequently, the volume flow will no longer be overestimated (eq. 2.30). As 

can be deduced from figure 4.8, the reversal starts at a slice thickness of about 1.5 tirnes the 

vessel diameter. lf the misalignments is less than 5°, the slice thickness causes no significant 

error. In further experiments, the slice thickness is therefore not limited to a specific value but 

is increased to increase the SNR of the measurement if necessary. 

As shown in figure 4.8b, the deviation between the peak velocity and the eosine curve increases 

with increased angulation and slice thickness. As described in paragraph 2.3.2, the effective 

slice thickness perpendicular to the flow direction, increases with angulation and slice 

thickness. The peak velocity thus deercases due to averaging of the flow profile. The deviation 

between the mean velocity and the theoretica! curve as shown in figure 4.88 is a result of the 

partial volume pixels. The partial volume pixels all contribute to the displayed vessel area. 

With an increasing number of edge pixels, the overestimation of the vessel area increases and 

so does tbc underestirnation of the mean velocity. 

Due to the increased number of edge pixels with low velocities, the PCA/P images showed 

little contrast at the edges of the enlarged vessel area w. Errors could therefore easily be made 

in positioning the ROl. In this experiment, the size of the vessel as well as the slice thickness 

and the angle are known and thus the in-plane vessel area. However, it is not difficult to 

irnagine that without prior knowledge, the edges rnight be excluded when positioning the ROl. 

The overestimation of the derived volume flow will be less then, but the obtained value is not 

more accurate. The overestimation could deercase by 10% if the edges of for example the 20 

mm slice at 35° misalignments are excluded. 

In-plane flow 

Results 

Figure 4.9 shows the normalized mean velocity as a function of angulation. The various curves 

show the effect of varying slice thickness. The theoretica! eosine curve is presented to 

compare the results with. Figure 4.10 shows a similar graph for the peak velocity. One scan 
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with zero angt,Ilation is performed with a slice thickness T = 3 mm. The values obtained from 

this single measurement are not presented in the graphs but both Vmean!Vref and Vpeak/Vref 

were equal to 0.91. 
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Discussion 

As can be deduced from tigure 4.9 and 4.10, when the in-plane mean and peak velocity are 

quantified, the slice thickness plays a more important role than the angulation: the 

underestimation is mainly caused by averaging of the velocity profile across the slice thickness. 

Even without misalignment and a slice thickness of 3 mm (vessel diameter 10 mm), the 

underestimation of the mean and peak velocity is stillabout 10%. 

lf an infmitely thin image slice is angled with respect to the flow direction, the measured in

plane velocity will reduce by a factor cosa. The mean velocity across the vesse1 diameter will 

reduce by the same amount. The deviation of the curves in tigure 4.9 and 4.10 with respect to 

the theoretica] eosine should be attributed to the rclatively large slice thickness. With 

increasing slice thickness, the velocity of each pixel deercases due to averaging of the flow 

profile across the slice (fig. 2.18). That also counts for the edge pixels of which the mean 

velocity deercases due to the increased number of spins with zero velocity. As described in 

paragraph 2.3.2, the 'effective slice thickness', which represents the velocity range over which 

the flow profile will be averaged deercases with increasing angulation. This will partially 

counteract the deercase of the mean and peak velocity with cosa. It can be calculated (table 

2.1) that the ratio of the effective slice thickness T' and the true slice thickness T deercases if 

the used slice thickness increases. The deercase with cosa will therefore be less dominant with 

increasing slice thickness, as can be seen in tigure 4.9 and tigure 4.10. As shown, with a slice 

thickness of twice the vessel diameter the deercase with cosa is even completely eliminated. 

The additional deercase of the mean velocity can again be attributed to the increased number of 

partial volume pixels. The partial volume pixels all contribute to the displayed vessel area. 

With an increasing number of edge pixels, the overestimation of the vessel area increases and 

so does the underestimation of the mean velocity. 

4.3 Post-processing metbod 

To make the ROl determination reproducible and thus user independent, several automatic 

contour detection algorithms are under development. An algorithm which makes use of a 

technique called Region Growing is used to study the influence of the post-processing method 

on the flux determination. 
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Methods 

The series of scans with varying resolution performed with the 6 and 8 mm Agar tube and the 

8 mm Perspex tube (Qset = 25 rn1/s, §4.2) are processed with the Region Growing algorithm 

(§3.6). The results are compared with the results obtained with FLOW (fig. 4.4a, 4.5a). 

Results 

The influence of the analysis program used to determine the volume flow is depicted in tigure 

4.11. The data sets of the 8 and 6 mm Agar tubes and the 8 mm Perspex tube are processed 

using the analysis package FLOW as well as the Region Growing technique. 
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Discussion 

The results obtained with the Region growing technique do not show any systematic 

impravement with respect to the data processed with FLOW (fig. 4.11 a+'). Only in case of the 

perspex tube, the curve is smoothened at high resolutions (fig. 4.11 c). This is to be expected 

because with Agar tubes, the stationary tissue has little effect when enclosed by a slightly 

oversized ROl (§2.3.2). This is verified by positioning several ROis of slightly different sizes 

around the vessel. The effect on the flux was less than 4 % at a resolution of 1 mrn!pixel. 

Ho wever, the random noise pixels of perspex do have effect on the flux calculation when they 

are taken into account, especially if the in-plane vessel cross section contains only a few pixels. 

The effect on the flux was about 15 % in case of a slightly oversized ROl. Expelling these 

pixels from the ROl with Region growing should indeed result into a curve with less 

fluctuations and smaller errors. 

4.4 LPC window size 

To remove phase errors due to eddy currents, the so called Local Phase Correction (LPC) 

filter is applied during image reconstruction. Because the algorithm makes no distinction 

between pixels containing flow and background tissue, the LPC filter may affect the velocity 

profile (§2.3.2). 

Methods 

To study the influence of the LPC filter on the through-plane volume flow quantification, the 

LPC window size is varied from 0-200 mm. The Agar tubes used in this experiment have inner 

diameters of 8 (QMR < 0) and 6 mm (QMR > 0). lt is assumed that the offset determined with 

an LPC window as large as 200x200 mm will not have any significant influence on the 

measured flow profile through these tubes. The flux value obtained with an LPC-window of 

200x200 therefore serves as the reference value Qref for each flow direction individually. To 

examine the influence of the phantom material, the measurement is also performed with a 

Perspex tube of 8 mm in diameter (QMR < 0). The data of this experiment is reconstructed 

with and without usage of the threshold filter (§2.3.2) to study the effect of the random phase 

pixels of the perspex vessel boundaries. The experiments are performed with a pump setting 

Qset = 20 mVs. Todetermine the flux, two ROis are used, one only slightly overestimated, and 
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one with a distinct overestimation. The phase contribution of additional background tissue is 

studied this way. 

Results 

Figure 4.12 shows the influence of both the LPC window size and the ROl size on the 

determined flux through the Agar tubes. 
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Figure 4.13 represent the effect of the used phantom materiaL Between the two graphs, only 

the area of the ROl is changed. The largestROl encloses the complete perspex boundary of 

the perspex tube, whereas the smallest ROl contains as little perspex as possible. Both graphs 

show the results obtained with and without usage of the threshold filter. 
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Discussion 

As can be deduced from figure 4.12, the default LPC window (60 x 60 mm, §2.3.2) induces an 

underestimation of less than 3% when Agar tubes are used. As described in paragraph 2.3.2, 

thc measured volume flow will indeed deercase with decreasing LPC window size due to the 

velocity induced phase shift The underestimation depends on the ratio between the LPC 

window size and the vessel area, which counts for the difference between the curves of the 6 

and 8 mm tube. lf this ratio is small, the velocity induced phase shift induces a negativc 

(positive) phase offset of the stationary tissue near a vessel with positive (negative) flow. The 

contribution of these pixels will therefore be negative with respect to the flux which results in 

the increased underestimation if the ROl is enlarged. 

Because of the defmition of Qrer, the curves do not reflect any systematic error between the 

two opposite flow directions. They only reflect the effect of LPC window- and ROl size. 

However, a remaining positive phase offset detected in the PCA images (LPC window 200 

mm) indicates that the positive (negative) flow is slightly overestimated (underestirnated). Due 

to the positive background phase, the flux slightly increases (decreases) if the ROl area is 

increased (LPC window 200 mm). Nevertheless, as can be deduced from the results obtained 

without usage of the LPC-fllter (LPC window 0 mm), the residual offset is quit smaller than 

the original offset. With decreasing LPC window size, the residual offset will deercase 

(increase) and subsequently, the relative flux decreases. 
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Figure 4.13a shows that the LPC filter is not affected by the perspex boundary of the Perspex_ 

tube. The average phase of the LPC window is thus not affected by the average phase of the 

random noise pixels. As a result, the threshold filter will nothave any influence either. lf the 

ROl includes all noise pixels (figure 4.13"), the determined flux is somewhat enlarged. The 

average phase of the added pixels thus has a negative value. This is verified with a contour 

that only contained the perspex boundary. The threshold filter does reduce the contribution of 

the perspex boundary but not completely. The average phase still has a positive contribution to 

the relative flux. 

The effect of the LPC filter on the in-plane flow quantification is not studied here. However, 

the in-plane vessel area in a coronal slice will be larger than the in-plane area in a transverse 

slice. Therefore, the LPC filter will cause a larger underestimation of the in-plane velocity. To 

study the error percentage, in-plane flow experiments should be performed as a function of the 

LPC window size. In the next paragraph (§4.5), an example of a coronal image and a 

corresponding flow profile is displayed in which the phase offset due to the LPC filter is clearly 

visible (fig. 4.14 & 4.15). 

4.5 Gradient linearity 

The maximum imaging volume on the Gyroscan-NT systems is lirnited to roughly a sphere 

with a radius of 22,5 cm. The size of this imaging volume is limited by main field 

homogeneity, RF homogeneity, and gradient linearity. lf the vessel of interest is positioned 

near the edge of this imaging volume, the flow quantification will be affected due to gradient 

non-linearities (§2.3.2). In vivo, this might occur when for example the blood flow through 

the arm is measured (Left-Right offset), ortheblood flow in the aorta in a transverse slice with 

a 20 cm offset in the Feet-Head direction. 

Methods 

Two parallel long Perspex tubes (length 80 cm, diameter 17.75 mm) with opposite flow 

directions are used to visualize the effect of gradient non-linearity at the edge of the imaging 

volume. Because of its relatively short length, the cylinder that contains the tubes is positioned 

off-center with respect to the FH direction, such that at least one edge of the maximum image 

volume is covered by this cylinder. The effect on the through-plane flow quantification is 

studied with an M3D (Multi chunk) FFE with 25 transverse image slices of 10 mm. They are 
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positioned against each other to cover a distance of 25 cm from the edge to the center of the 

maximum image volume. The image at the center is used to obtain the reference values. 

Because of the large tube diameter, the maximum flow setting is used (40 m1/s) to obtain a 

peak velocity of 32 crn!s (appendix b). To visualize the effect on the in-plane vessel 

dimensions, a 3D FFE scan is performed, with 9 coronal slices of 5 mm .. The maximum FOV 

(45 cm) is used. 

Results 

Figure 4.14 shows the coronal MR image obtained at the center of the tube. The velocity 

profiles near the center and the edge of that image are displayed in figure 4.15. 

Figure 4.14: The corona/ image obtained at the center of the tubes. The cylinder with static Agar gel 
surrounding the flow tubes is smaller than the FOV (FOV=45 cm) and is positioned at the left part of the 
image. On the right part of the image, the flow tubes are surrounded by air. The (local) phase artifacts are 
generaled by the LPC filter. 

Note the difference between the intensity of the Agar gel surrounding the positive (white) and 

the negative (black) flow direction due to the LPC filter. The (local) phase artifacts in the parts 

of the tubes surrounded by air arealso aresult of the LPC filter. lf surrounded by air, the phase 

offset l/> offset is completely determined by the flow induced phase shifts (§2.3.2) which will 

cause an severe underestimation of the flow. The geometrie distartion (pin-cushion) at the far 

leftand far right side is caused by gradient non-linearity. The black curved area's at the edges 

of the image which are partly visible are a result of the reconstruction shutter which eliminates 

all signal outside the maximum imaging volume. 
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Note the clear phase offset of the background tissue next to the flow regions due to the LPC . 
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Figure 4.16 shows the effect on the through plane flow (flux and mean velocity) and vessel 

area as a function of position along the FH direction. The iso-center is located at the origin of 

the graph (z = 0 cm). 
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Note that the underestimation of the mean velocity already starts at the center of the coil. The 

area is accurately determined at the first 8 cm along the z-direction. 

Discussion 

For flow quantification, the design of the LPC filter was mainly basedon through plane flow. 

This becomes evident in the graphs in tigure 4.15. Because of the large diameter, the tubes 

will occupy a relatively large part of the 60x60 mm LPC window size (default). For in-plane 

flow, this area is larger than for through-plane flow. Therefore, the LPC filter will cause a 

larger underestimation of the local velocity in the tubes (§2.3.2). This is mainly visible in the 

phase offset of the background tissue next to the tubes (negative (positive) in case of positive 

(negative) flow). The (local) phase artifacts in the parts of the tubes surrounded by air (fig. 
4.16) are also a result of the LPC filter. lf surrounded by air, the phase offset l/Joffser is 

completely determined by the flow induced phase shifts (§2.3.2) which will cause an severe 

underestimation of the flow. 

As expected (§2.3.2), the vessel dimensions as wellas the mean velocity deercase if the image 

slice is moved towards the edge of the imaging volume(fig. 4.16). Because the volume flow is 

the product of in-plane vessel area and mean velocity, the underestimation of the volume flow 

will even be more prominent at large offset positions. The transverse gradients Gx and Gy use 

similar coil configurations, but the contiguration of the longitudinal Gz gradient coil is 

different.. Therefore, the gradient non-linearityin z-direction will differ from the gradient non

linearity in the x- and y-direction. However, that rnight only partially explain why the 

underestimation of the normalized area with offset position does not equal that of the 

normalized velocity squared (§2.3.2). As can be deduced from tigure 4.16, it seems that the 

underestimation of the mean velocity already starts at the center of the coil. This is not 

acceptable and seems highly unlikely if caused by gradients non-linearities (appendix D). 

Further experiments need to be performed to see if the results are reproducible and how they 

can be explained. The transverse gradients (x and y) produce accurate surface area values at 

the frrst 8 cm from the center of the coil. Because the ROis are positioned by hand, more 

accurate results might be obtained if these measurements are analyzed with a post-processing 

technique like Region Growing. However, there seems to be a clear underestimation for z

offsets larger than 10 cm. This underestimation is indeed be attributed to the gradient non

linearity as a function of z-position as verified by at PMS (appendix D). The behavior as a 

function of an x- of y-offset will be different but is not studied bere. 
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The results of the flow quantification of th~ negative flow direction showed a somewhat 

different behavior, which seemed to be aresult of an artifact which overlapped the tube. These 

results are therefore not presented here. Further experimentsneed to be performed to see if the 

results are reproducible and how they can be explained. The artifact might be a result of the 

gradients non-linearity itself: near the edge of the coil, different locations will have the same 

resonance frequency and may ghost. 

4.6 Flow compensation 

Methods 

To investigate if the two sided gradient flow encoding contiguration (§2.3.1), used in all 

experiments, is of any influence on the volume flow quantification, experiments are performed 

with and without this contiguration. On the Gyroscan, this contiguration is controlled by the 

scan parameter flow compensation. Flow compensation Yes means that the two sirled gradient 

contiguration is used, whereas flow compensation No means that the one sided gradient 

contiguration is used (§2.3.1). Agar tubes of 8 and 10 mm in diameter as well as a perspex 

tube of 8 mm are used to quantify the volume flow (Qset = 10 ml/s, Vene= 40 cm/s). 

Results 

Table 4.1 shows the flux values obtained with and without the two sided gradient contiguration 

(jlow compensation y/n). 

Tube _0MR (mils) FC Yes QMR (mils) FC No 
AgarD=8mm 9.51±0.04 9.57±0.05 
AgarD=lOmm 8.53±0.09 8.48±0.06 
Perspex 0=8 mm 9.50±0.07 9.45±0.09 

Table 4.1: The flux QMR obtained with (FC Yes) and without (FC No) the two sided gradient flow encoding 
conjiguration. ) 

Discussion 

As can be deduced form table 4.1, for this particular experiment, the scan parameter flow 

compensation has no significant influence on the determined volume flow. With the two sided 

configuration, flow artifacts due to flow components perpendicular to the main flow direction 

are reduced. Because the experiments are performed with straight tubes and no misalignment, 

these flow components are not likely to exist. Consequently, there should indeed be no 

difference between the results of the two contigurations. The one sided contiguration allows a 
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shorter echo time, especially when a small Vene is used. This might be an advantage over the 

two-sided configuration if there is no misalignment present.. To study the effect of flow 

compensation in more detail, experiments should be performed with a wide range of Vene 

values, and a wide range of flow velocities. The angle between the flow- and flow encoding 

direction could also be involved in these experiments. 

4.7 SNR 

Thus far, the Knee coil is used in all experiments to obtain an optimal SNR. In practice, most 

in-vivo experiments are performed with the Body coil. This coil has an SNR of about five 

times smaller than the Knee coil. To obtain the same SNR, the NSA should be increased with a 

factor of 25, but this would increase the scan time proportionally. As described in paragraph 

2.3.2, a loss in SNR causes an increase of the noise induced velocity error. 

Methods 

The effect of the SNR on the error in the volume flow quantification is studied. Several 

volume flow measurements are performed with the Body coil as wellas with the Knee coil. An 

in-plane pixel size of 0.5 mm/pixel and a slice thickness of 7 mm are used. Only the NSA is 

changed between scans. Each experiment is repeated three times to account for statistic 

variance. The flux determination is also repeated three times for each scan to account for any 

statistica! varianee due to the post-processing, i.e. the ROl positioning. The experiments are 

performed with an Agar tube of 8 mm in diameter and a pump setting Qset = 10 mVs. The scan 

performed with the Knee coil and 8 signals averaged (NSA = 8) serves as the reference Qref· 
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Results 

Figure 4.17 shows the normalized volume flow QMR /Qrer as a function of the NSA. The error 

bars represent the standard deviation of the 3 repeated measurements and flux determinations. 
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Discussion 

As can be deduced from tigure 4.17, the measured SNR range has no significant effect on the 

volume flow quantification in this experiment. . The error as a function of the NSA stayed well 

below 5% (SNR > 12). This can be explained by the relatively high number of pixels (N) 

within the vessellumen (± 200) which causes noise averaging over all pixels within the ROL 

As can be deduced from equation 2.28, the flux error due to noise depends on both the 

number of pixels within the vessellumen and the SNR. To study the influence of a specific 

error souree apart from the partial volume effect, a high resolution is used in almost all 

experiments of this study. The conclusions from the experiments are therefore also valid when 

the Body coil is used insteadof the Knee coil. Further experimentsneed to be performed to 

study the effect of the SNR with a smaller number of pixels per in-plane vessel area. From the 

results of Cortenraad 15, it can be expected that it is more important to increase the number of 

pixels per diameter to reduce the partial volume effect than it is too have a high SNR. Both a 

high spatial resolution and a high SNR is in general not favorable due to increase of the scan 

time. 
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4.8 Partial Echo and Halfscan 

The partial echo technique allows a reduction of the minimum echo time TE and potentially 

reduces flow void artifacts. Because the minimum TE is reduced, the minimum TR is reduced 

as well, thus allowing a (slight) reduction in total scan time. The halfscan technique on the 

other hand will result in a scan time reduction which is directly proportional with the halfscan 

factor. The techniques can not be used simultaneously. Despite the fact that both techniques 

are desirabie options for flow quantification in terms of scan time and/or flow void reduction, 

the flow quantification might be affected by inherent phase errors (§2.5.4). The introduced 

error will depend on the spatial resolution and the used partial echo or halfscan factor. 

Methods 

The influence of the partial echo (PE) and halfscan (HS) factor on the volume flow as well as 

the velocity proftie is studied. Resolutions of 4-13 pixels per diameter are used to keep the 

partial volume error below 5% (§4.2). As described in paragraph 2.5.4, the effects of PE and 

HS are expected to occur mainly near the edges of the vessel area. It is important to reduce 

artifacts in this region which might obscure the PE or HS effects. For this purpose, an Agar 

tube is used (8 mm in diameter).. However, to examine the effect of the phantom material, the 

experiments are also performed with an 8mm Perspex tube. The PE and HS factor are varied 

between 1-0.55 to cover the whole range. When partial echo is selected, the default value in 

combination with quantitative flow is 0.75, whereas for other applications, the default is 0.625. 

The same is true for the halfscan factor. 

Results 

Figure 4.18 shows the determined ratio QMR /Qrer as a function of the partial echo and the 

halfscan factor. The various curves in each graph show the influence of resolution. 
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Figure 4.21 displays the results obtained with the Perspex tube. The various curves show the 

influence of resolution. 
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Figure 4.21: The ratio QMI!Qref as ajunetion ofthe partial echo (a) and halfscan (b)factor obtained with an 
Perspex tube. The various curves show the injluence of resolution R. 

Partial Echo will affect the velocity proftie in the read-out direction because only part of the 

echo is sampled. This is demonstrated in tigure 4.19. Halfscan on the other hand, will affect 

the velocity proftie in the phase-encoding direction. The profties obtained with Halfscan are 

not depicted but show the same effect as for partial echo. An example of a PCA image 

obtained with a halfscan factor of 60% is shown in tigure 4.20. Note the subtie "smearing" 

effect in the vertical (phase encoding) direction. 
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Figure 4.19: The velocity profile at the center of the vessel as a tunetion of the position along the read out 
direction. The various graphs show the injluence ofresolution R whereas the various curves show the injluence 
oftlze partial echo factor PE. 

Figure 4.20: An example of a zoomed pan of a PCA image obtained with a halfscan factor of 60 %. 11ze phase 
encoding direction corresponds with the vertical direction. The image resolution equals 1.5 mmlpixel (8 mm 
vessel diameter). 
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Discussion 

To reconstruct the missing part of k-space, Halfscan and Partial Echo reconstructions use the 

same algorithm (§2.5.4). The discussion of the Partial Echo results can therefore be applied to 

the results of Halfscan as well. 

To accurately quantify the flux with Partial Echo of Halfscan, a high spatial resolution is 

needed. With a resolution of 0.6 mm/pixel, flow quantification with HS and PE induces no 

additional error even if only 70% of k-space is sampled (error < 1 %). However, if the pixel 

size is reduced till half the vessel radius, the error has increased till 15% with an PEIHS factor 

of 0.7. lf the vessel wall consists of Perspex, this error is even twice that high (30%). To 

accurately quantify flow, it might therefore be more efficient to reduce scan time using a 

smaller resolution than to use PE or HS to reduce scan time at a high resolution. For example, 

a 128x128 acquisition matrix (256 reconstruction matrix) without partial echo would in many 

cases be favorable over a 256x128 acquisition matrix (scan percentage 50%) with partial echo 

(default factor 0.75). Both scans will have the same acquisition y-resolution (128) and about 

the same scan time. The apparent loss in acquisition x-resolution of the frrst scan is 

compensated by a lower phase artifact level. 

As shown in tigure 4.18, the determined flux error increases with decreased resolution 

(increased pixel size) and partial echo factor. This can be explained by the fact that in general, 

the size of k-space is proportional to 1/resolution (mm) (fig. 2.6). Reducing the resolution 

(increasing the pixel size) will thus decrease the size of k-space. The partial echo factor refers 

to a part of the total size of k-space as determined by the user defmed resolution. Thus both 

resolution and the partial echo factor determine the actual sampled part of k-space, and thus 

the accuracy of the flow quantification. The flow profiles of tigure 4.19 and the image of tigure 

4.20 show that the velocity profile, and thus the vessel area, widens if only the low frequencies 

in k-space are measured(large pixel size and/or high partial echo/halfscan factor) . The effect 

of a decreased partial echo factor becomes more prominent at a large pixel size (figure 4.19d). 

The flow disturbance at the edges is shaped asymmetrically as predicted in paragraph 2.5.4. 

Figure 4.21 shows the results obtained with a perspex tube. As expected, these results show a 

larger flux error at low resolutions compared to the results obtained with Agar tubes. This is 

a result of the zero signal magnitude of perspex (§4.2.1). This proves again that it is very 

important to have MR signal generating tissue as a "vessel" boundary in flow phantoms. With 

perspex, errors are introduced which will not appear in vivo. 
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4.9 Fast image acqui~ition 

The experiments described in this paragraph are performed to study the accuracy of certain fast 

imaging techniques with respect to the quantification of stationary flow. Besides the 

conventional Fast Field Echo (FFE) technique, the fast imaging techniques which are currently 

available in combination with flow quantification on the Gyroscan, are Turbo Field Echo 

(TFE), Echo Planar Imaging (EPI) and Spiral Imaging (which is stillWorkin Progress' (WIP) 

and not yet a commercial tooi). Fast imaging techniques are of interest to reduce scan time. 

Short scan times will reduce the probability of possible patient movement and will also enlarge 

the convenience of the patient. In-vivo, most of these techniques are used in combination with 

cardiac synchronization to measure pulsatile flow. In order to study the potential intrinsic 

inaccuracies of these fast imaging techniques, they are first studied with stationary flow. 

Methods 

The TFE, EPI and Spiral experiments are all performed with Agar tubes of 8 mm in diameter 

and a pump setting Qset of 30 rnVs. The measurements arealso performed with Qset = 20 rn1/s 

to study the influence of the flow rate. The protoeals are based on the FFE sequences used so 

far, with a high resolution and perpendicular flow to optirnize accuracy (appendix A). The flux 

measured with the basic FFE protocol serves as the reference value Qref· This way, possible 

deviations between the FFE and the fast imaging techniques can be translated to possible 

deviations with pulsatile flow as described in chapter 5. 

4.9.1 Turbo Field Echo (TFE) 

Methods 

The number of phase encodings per shots (the turbo factor) is varied to study the influence on 

the flux obtained with TFE. The scans are performed with a 256x256 scan matrix. The turbo 

factor ranges between 1 (the minimum) and 256 (the maximum). On the Gyroscan, the TFE 

turbo factor is indirectly controlled by the so-called number of shots, i.e. the number of shots 

per slice, which consequently ranges from 256 to 1. 
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Results 

Figure 4.22 demonstrates the effect of the turbo factor on the measured flux QMR. The results 

obtained with Qset = 20 and 30 mils are both presented in this graph. 
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Figure 4.22: The ratio QMTIQ,,1 as ajunetion ofthe turbo factor. 

Discussion 

As shown, the deviation between the flux obtained with the FFE and the TFE sequence is less 

than 3 %. The flux values obtained with only 2 phase encodings per shot (turbo factor 2) are 

not that reliable and are therefore presented in a different color. Ghost of the flow regions 

we re present in these images. This might be a result of the combination with T 1 enhancement. 

Within each shot, the RF pulses are applied along different axis of the transverse plane (RF 

spoiling). lf only two pulses are applied each shot, stimulated echo's or spin echo's rnight 

appear which differ in phase. These echo's cause ghost artifacts. Further measurements should 

be performed without T1 enhancement to verify if the ghosting will be eliminared then. 

4.9.2 Echo Planar lmaging (EPI) 

Methods 

The number of phase encoding steps aftereach RF excitation pulse (the EPI factor) is varied to 

study their influence ontheflux obtained with EPI. The EPI factor thus equals the number of 
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echoes per EPI shot, and is varied from 3 (the minimum) to 25. Toshorten the time necded to 

perform an EPI shot, thc effect of halfscan is studied with EPI factors ranging from 3-9 (Qset = 
30 m1Js). 

Results 

Figure 4.23 shows the ratio QMR /Qrer as a function of the EPI factor. The results obtained with 

both Qset = 20 and 30 m1Js as wellas the results obtained with Halfscan (HS) are presented in 

this graph. 
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Figure 4.23: The ratio QMFIQ,.1 as ajunetion ofthe EPl-factor obtained withand without halfscan (HS). 

Discussion 

The deviation between the flux obtained with the FFE and the EPI sequence shown in tigure 

4.23 is less than 3 % if the EPI factor is 9 or smaller. Although notapparent from figure 4.23, 

the image quality deteriorates with increasing EPI factor. In general, low EPI factors (3 to 9) 

are advised for flow quantification conform the results of tigure 4.23. When the EPI factor 

exceeds 11, the signal amplitude has decreased so much that parts of the PCA image are 

dominated by noise. With increasing EPI factor, parts of these noise area's are eliminated by 

the threshold filter and have a phase of almost zero. No reliable volume flow quantification 

can therefore be obtained from these images. 
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4.9.3 Spiral Imaging 

Methods 

To study the accuracy of Spiral imaging with respect to the flow quantification, the influence 

of the number of spiral interleaves is examined. The scans are performed with a 256x256 scan 

matrix and a number of spiral interleaves ranging from 40 to256. The minimum number of 

Spiral interleaves (40) is limited by the maximal acquisition time per spiral (30 ms). The 

experiments are performed with a one-sided gradient flow encoding contiguration to allow 

more accurate deblurring (§2.5.3). The frequency offsets used during reconstruction range 

from -150 to +150 Hz. The effect of a variabie angular frequency is also studied. The 

maximum advised variability (À = N/2Ni. §2.5.3) is used to perform scans with 60-200 

interleaves. All other scans are performed with constant angular frequency ((À = 0). To 

reduce scan time, the minimum acquisition time is selected in all scans. The spiral scans are 

performed with Patch software on release 4.3 (WIP) because that is currently the only 

possibility. 

Results 

Figure 4.24 shows the normalized volume flow QMR /Qref as a function of the number of spiral 

interleaves. The results obtained with and without a variabie angular frequency are presented. 
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angular frequency. 
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Discussion 

As shown, the deviation between the flux obtained with the FFE and the Spiral sequence 

increases with the number of Spiral interleaves used. This may be attributed to a slight 

overestimation (± 6% with 200 interleaves) of the phantom dimensions, and thus of the in

plane vessel area, as observed in the Spiral images. This overestimation is probably caused by 

small gradient errors of the spiral gradient waveforms The observed area overestimation 

increases with the number of spiral interleaves. The few scans performed with variabie angular 

frequency showed much more blurring and the results are therefore less accurate. Further 

research into the accuracy of Spiral flow quantification should be performed, especially with 

respect to the gradient accuracy of the spiral waveforms, and the resulting slight 

overestimation of the object dimensions. 
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5. Flow quantification using pulsatile flow 

The experiments discussed in the previous chapter are performed to gain insight in the possible 

error sourees that rnight intlucnee the flow quantification. Constant flow is used to avoid 

errors induced by acceleration and ghosting artifacts. The results of these experiments are 

used in the experiments to study the quantification of pulsatile wavefarms as described in this 

chapter. The experimentalset-up forthese experimentsisalready described in chapter 3. As 

mentioned there, the compliance of the hoses between the pump and the phantom will damp 

the waveform at the image plane. The programmed waveform can therefore not serve as a 

reliable reference to verify the derived volume flow waveform with. A cardiac triggered FFE 

sequence with a maximum temporal resolution, is therefore used as a reference instead. This 

FFE sequence is optimized to accurately quantify flow, using the results of the previous 

chapter. 

This chapter contains the methods, results and discussion of the experiments performed with 

pulsatile flow. The experiments are performed to study the utility of fast imaging techniques 

(TFE, EPI, and Spiral) for the quantification of the volume flow waveform. Fast imaging 

techniques are of interest todeercase scan time. Short scan times will reduce the probability of 

possible patient movement and will also enlarge the convenience for the patient. To reduce 

artifacts due to the pulsation and to obtain temporal information about the waveform, cardiac 

triggering is used to acquire the data. The scans are performed with the highest temporal 

resolution unless mentioned otherwise. The scan protoeals are based on tbc optimized FFE 

sequence. All experiments are performed with Agar tubes of 8 mm in diameter. The 

programmed waveform mimics the flow in the femoral artery and bas a peak flux of 40 mVs 

and a cardiac frequency of71 Hz. The complete scan protoeals used are listed in appendix A. 

5.1 Fast Field Echo (FFE) 

There are three types of cardiac synchronization that can be combined with a conventional FFE 

sequence: Prospective triggering, Retrospective triggering and Cardiac gating (§2.4). Cardiac 

gating with multiple gates per heart beat is commercially available in release 5.1 and as WIP in 

release 4.5. To examine the influence of the used technique on the measured waveform, 

experiments are performed with each of these techniques. Besides the type of cardiac 

111 



synchronization and the related parameters (like the number of heart phases), the scan 

protoeals are identical (appendix A). 

Methods 

Prospective triggering and Cardiac gating are perforrned with the shortest trigger delay to 

obtain a maximum temporal resolution of 45 and 21 heart phases respectively. The longest 

heart phase interval is used to distribute the heart phases equidistant over the cardiac cycle. 

Retrospective triggering is performed with a retrospective period of 1.2 and 2.0 times the 

average heartbeat to obtain 25 and 47 heart phases respectively. The interpolation window 

equals 11(# of heart phases) (the default window size). 

Results 

Figure 5.1 shows the volume flow wavefarms obtained with prospective triggering, multiple 

gating and retrospective triggering. The wavefarm obtained with prospective triggering is 

displayed in gray in all graphs to campare the wavefarms obtained with multiple gating and 

retrospective triggering with. The number of heart phases and the scan time are mentioned in 

the legend of the figures. 
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Figure 5.1: The volume flow wavefarms obtained with the FFE sequence with prospective triggering (a), 
multiple gating (b) and retrospective triggering (c+d). The prospective wavefarm is displayed in gray in each 
g raph as a reference. 

Discussion 

The peak flow of the wavefarms shown, appears rather late with respect to the trigger signal. 

ThiS could have been avoided by positioning the trigger signal at a different point of the 

programmed waveform. However, the delay between the generation of the wavefarm by the 

pump and its arrival at the image plane is unknown. It is therefore hard and time consuming to 

select the position of the trigger signal such that the peak: flow will be imaged frrst. Because 

the wavefarms are not compared to the programmed waveform, the timing with respect to the 

trigger signal is irrelevant. 

Figure 5.1 shows that the retrospective and prospective triggered wavefarms are in good 

agreement. A few high frequent oscillations disappeared, but it is unclear whether this is a 

results of the frequency response of retrospective triggering (§2.4.2) or due to wavefarm 

variability at the plane of measurement. The multiple gated wavefarm however is shifted in 

time with respect to the prospective waveform. This suggests that there is sarnething wrong 

with the defmition of the trigger delay. lf multiple lines of k-space are acquired in each gate 

(as is usually the case), the center ofk-space will be traversedat the center ofthe gate, because 

of the linear profile order within each gate. Therefore, the trigger delay of each gate is defined 

as the sum of the gate delay plus half the gate width. If only one profile is measured each gate, 

the trigger delay will correspond with the moment in between the 2 velocity encodings. This 

seems to be an accurate estimate. It is verifled that the trigger delay indeed equals the sum of 

the gate delay plus half the gate width, so that should not cause any error. During the 'betatest' 
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of r~lease 5.1, experiments will be perfonned at Philips Medica! Systems to investigate what 

caused the time shift. 

Prospective triggering offers a high temporal resolution (< 19 ms). Because the combination 

of retrospective triggering and TFE, EPI or Spiral imaging is currently not available, the 

prospective triggered FFE sequence is used to serve as a reference to compare the results of 

the fast imaging techniques with. Because the 'heartbeat' of the programmed waveform is 

constant, it is possible to cover almost the entire heart cycle (no gap at end-diastole). The so 

called lightning artifact (§ 2.4.2) of the first heart phase is thus reduced, and is also of minor 

importance because the velocity of the first heart phase is smal! (fig. 5.1). 

5.2 Turbo Field Echo (TFE) 

Methods 

With the TFE sequence, the maximum number of heart phases depends on the turbo factor; the 

higher the turbo factor, the more phase encodings have to be acquired per shot. Since one 

shot is acquired per heart phase, the total acquisition lengthof a heart phase increases with the 

turbo factor. On the other hand, the total scan time decreases with increased turbo factor, so 

there is trade-off between total scan time, and temporal resolution. The turbo factor is 

therefore varied to study the influence on the volume flow waveform. The measurements are 

performed with turbo factors ranging from 1 (48 heart phases) to 16 (only 3 heart phases). 

The experiments are performed with software release 5.1 to make u se of the automatic mode 

as described in paragraph 2.5.1. 

Results 

Figure 5.2 shows the results of the prospective triggered TFE measurements. The turbo 

factor, the number of heart phases and the scan time are displayed in the legend of the graphs. 

The measurements are not all perfonned on the same day. The prospective triggered FFE 

sequence is therefore repeated for each series. The reference waveform of turbo factors 1-3 

equals that of figure 5.1a. The reference wavefonn of the second series is displayed in 5.2h. 
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Figure 5.2 (a-h): Comparison between the volume flow wavefarms obtained with prospective triggered TFE
and FFE (gray) measurements of maximum temporal resolution. 

Discussion 

In general, the TFE results agree well with the FFE measurement. With an increasing turbo 

factor, scan time reduces proportionally as presented in the legends. However, the total 

acquisition length of a heart phase increases with the turbo factor. The multiple phase 

encodings within a shot are acquired at slightly different moments with respect to the trigger 

signal. This causes some kind of temporal averaging within the shot, although the lower k

space values are sampled in the center of each shot (linear proftie order) Also, because the 

temporal resolution deercases if the turbo factor increases, the sample frequency becomes too 

small to visualize high frequent oscillations. Because the peak values of the two curves of each 

graph almost always coincide, it can be assumed that the increase of the total acquisition length 

of a hcart phase is of minor importancc. Thc numbcr of heart phases determines the accuracy 

of the waveform quantification. 

By coincidence, the peak of the waveform almost always coincides with a data point. The TFE 

waveform therefore shows reasonable resemblance with the FFE waveform even if only 6 heart 

phases are sampled. However, as can be deduced from figure 5.2e, the ascending flank of the 

peak might contain just one data point if only 9 heart phases are sampled. This could 

significantly underestimate the peak flow. These results correspond with the experiments of 

van Beek33: if the waveform is sampled with a temporal resolution of at least 73 ms, important 

parameters like the Pulsatility index and the Resistance index can be quantified with reasonable 

116 



accuracy. In genera!, for typical arterial wavefarms like the one used in this experiment, a 

maximum turbo factor of 4 should be used to accurately sample the main temporal aspects of 

the waveform. 

5.3 Echo Planar Imaging (EPI) 

Methods 

If EPI is used, the maximum possible number of heart phases depends on the EPI factor 

(§2.5.1). The EPI factor is therefore varied to study the influence on the volume flow 

waveform. The EPI factor is varied between the minimum of three (25 heart phases) and 49 

(only 3 heart phases). Half scan shortens the time needed to perform an EPI shot and is 

therefore used to increase the maximum number of heart phases. EPI factors ranging from 3 till 

9 are used in combination with halfscan. The halfscan factor equals 0.75 to minimize 

additional errors in the flow quantification (§4.8). With increasing EPI factor, the number of 

phase encodings per shot incrcases and so does the total acquisition lengthof a heart phase. To 

study this effect apart form the degeneration of the waveform due to under-sampling, EPI and 

FFE scans are performcd with the same number of heart phases. The trigger delay (shortest) 

and the phase interval (longcst) are also the same in the FFE and the corresponding EPI 

measurement. 

Results 

Figure 5.3 shows the results of the prospective triggered EPI mcasurements. The EPI factor, 

the number of heart phases and the scan time are displayed in the legend of the graphs. The 

results obtained withand without Halfscan are displayed next to each other. The wavefarms 

obtained with the prospective triggered FFE sequences (with heart phases intervals idcntical to 

the EPI sequence) are displayed in gray to compare the EPI waveform with. Because no FFE 

acquisition has been pcrformed with only 7 or 5 heart phases, the FFE waveform obtained with 

a maximum temporal resolution (45 heart phases) is used as the reference in the graphs of EPI 

factor 23 and 31. 
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Figure 5.3: Comparison between the volume flow wavefarms obtained with prospective triggered EPI- and 
FFE (gray) measurements. The heart phase intervals of the two curves in each graph match, except for EPI 
factor= 23 and 3I. 

Discussion 

The results of EPI factor 3-9 are in good agreement with the waveforms obtained with the FFE 

sequence. The increased acquisition length of a heart phase seems to be of minor importance 

in these measurements. Any deviations between the waveforms and the waveform of tigure 

5.1 a (maximum temporal resolution) can therefore be attributed to the under-sampling of the 

waveform only. This is valid for the scans performed with and without halfscan. Halfscan 

could therefore well be used to obtain a better temporal resolution for typical arterial 

wavefarms like the one used in this experiment. However, artifacts in the spatial velocity 

profile might occur if the spatial resolution or the halfscan factor decreases (§4.8). 

The waveform obtained with EPI factor 11 shows an abnormal overestimation of the complete 

waveform. The corresponding images did not show any abnormalities with respect to the 

images of EPI factor 9 and 13. The scan should therefore be repeated to examine if these 

results are reproducible .. 

With increasing EPI factor (> 9), the deviation between the two wavefarms increases. This 

might be a result of both the increased acquisition length of a heart phase and inaccuracy of the 

flow quantification itself (§4.7.2). Again, artifacts due to signal loss trouble the flow 

quantification with increased EPI factors. The images obtained at the peak velocity showed 

major flow voids if the EPI factor exceeds 23. As could be deduced from tigure 4.22, the flux 

gets underestimated if the EPI factor exceeds 13. Because the reference scan is obtained with 
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the same temporal resolution, the deviation between thè curves can indeed be attributed to the 

EPI sequence itself and not to the temporal under sampling of the waveform. In fact, the 

image quality deteriorates significantly for EPI factors above 9. In genera!, for flow 

quantifications, EPI factors between 3 and 9 are advised. 

5.4 Spiral Imaging 

Methods 

To study the influence of Spiral imaging on the waveform quantification, the number of spiral 

interleaves is varied. To reduce scan time, the minimal sample time (for a given number of 

spiral interleaves) is selectedinall scans. The maximum number of heart phases then depends 

on the number of spiral interleaves. This number of interleaves is varied from 40 (20 heart 

phases) to 256 (45 heart phases). The angular frequency is kept constant. One series of scans 

is performed with a temporal resolution of about 35 ms, the other scans are performed with the 

maximum number of heart phases. All spiral scans are performed with patch software on 

release 4.3 because that is currently the only possibility. 

Results 

Figure 5.4 shows the results of the prospective triggcrcd Spiral scans performed with a 

temporal resolution of about 35 ms (24 heart phases). The trigger delay (shortest) and the 

phase interval (longest) are the same in all graphs, , only the number of spiral interleaves varies. 

The numbcr of spiral interleaves, the number of heart phases and thc scan time are displayed in 

the legend of the graphs. The frrst graph (5.43
) shows the wavcform obtained with the 

prospective triggered FFE sequence (24 heart phases). This waveform is displayed in gray in 

the other graphs. Figure 5.5 shows the Spiral results obtained with a maximal temporal 

resolution. Again, the reference scan has a maximum temporal resolution of 24 heart phases. 
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Figure 5.4: Comparison between the volume flow wavefarms obtained with prospective triggered Spiral- and 
FFE (gray) measurements. The heart phase intervals ofthe two curves in each graph match. 
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Figure 5.5: Comparison between the volume flow wavefarms obtained with prospective triggered Spiral- and 
FFE (gray) measurements of maximum temporal resolution. 

Discussion 

In general, there is a good match between the shape of the Spiral waveforms and the FFE 

waveform. However, the peak value, and thus the overestimation of the flux, increases with 

increasing number of interleaves, except with 256 interleaves. This corresponds with the 

results obtained with constant flow (fig. 4.24). lf the number of interleaves decreases, scan 

time reduces proportionally as presented in the legends. But because each intedeave will take 

longer, the acquisition length of a heart phase slightly increases. Deviations due to under

sampling of the waveform can be neglected because the number of heart phases does not 

significantly reduce with decreasing number of interleaves. 

From the frrst two minor peaks of the waveforms of tigure 5.4, it can be deduced that the 

Spiral wave form is slightly shifted to the right. The ascending flank of the main peak 

coincides, because due to the overestimation of the flux, the peak has become slightly wider. 

The overestimation of the main peak increases again with the number of spiral interleaves. But 

besides that, the waveforms do not depend on the number of interleaves. The influence of the 

reduced acquisition length of a heart phase can therefore indeed be neglected. 
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6. Pressure drop calculation across a stenosis 

The experiments of this chapter are performed to evaluate whether MR flow quantification can 

provide accurate estimates of the pressure gradient across an obstruction. MRI has the 

potential of providing information about both vessel geometry and blood flow velocities. It 

could therefore be used as a complete diagnostic tool for accurate evaluation of an obstructed 

artery by determining stenosis location, severity and quantifying the pressure gradient across 

the constricted area. Although blood flow in the arteries is pulsatile and the arterial walls are 

distensible, constant flow is used as a frrst approximation to the situation in the human body. 

To perform the experiments, stenotic Agar tubes are used as described in paragraph 3.1. The 

obstruction degree varies from 40 to 80 percent by diameter. 

6.1 Reduction of flow voids 

Signal loss and flow voids due to separation of the flow and turbulence complicates the 

pressure drop determination with MR. The velocity of these pixels does not give any 

quantitative information about the pressure drop and willeven be random in case of a complete 

flow void. These artifacts can be reduced with small voxels and/or flow compensation (§2.6.2). 

Reduction of the duration of the gradients in thc flow direction, and thus the echo time TE, 

also reduces signalloss. 

Methods 

To visualize the possible presence of flow voids, a coronal image slice is positioned at the 

center of the tube parallel to the flow direction. Several scans are performed to study the 

influence of voxel size, Vene, flow compensation, Partial Echo and high gradients. The results 

of these measurements are used to optimize the protocol to accurately quantify the pressure 

drop across the stenosis 
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Results 

Figure 6.1 displays some images of the stenosis with a 40% diameter reduction. The frrst image 

is obtained with regular gradients and no Partial Echo. The second and the third image are 

obtained with high gradients (no partial echo) and Partial Echo (regular gradients) respectively. 

The flow direction and the center of the stenosis are indicated with arrows. 

(a) (b) (c) 

Figure 6.1: An example ofthe influence of High Gradients (b) and Partial Echo (c) on the reduction of the flow 
void artifacts. Tlze first image is obtained with regu/ar gradients and no Partial Echo. Due to the threshold 
filter, the random phase area's due to flow voids are displayed as homogenous gray areas with absolutely no 
noise. 

As described in paragraph 2.5.5, the SNR decreases with partial echo as can be clearly seen in 

tigure 6.1 c . The use of high gradients as well partial echo sampling reduces the appearance of 

flow voids significantly. 

Discussion 

Figure 6.1 clearly shows the reduction of the degree of flow void artifacts with high gradients, 

and partial echo sampling. Therefore, high gradients and partial echo are used to quantify the 

pressure drop with MR. Because the spatial resolution in the direction of the flow turned out 

to be of minor importance compared to the resolution perpendicular to the flow, transverse 

image slices are preferred. This indicates that in stenotic arteries, there is a significant velocity 

distribution perpendicular to the main flow direction which is confrrmed by the results of 

Fürst29. Unlike the coronal configuration, a small SNR due to a high in-plane resolution can 

be opposed with an increased transverse slice thickness. 
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The coronal images clearly showed the presence of a jet stream. In the co re, the kinetic energy 

of the fluid is large enough for the viseaus farces to be negligible and to oppose the retarding 

pressure gradient. Therefore, a jet is formed if the flow passes the narrowest region of the 

tube. Downstream the throat, the jet continues. The narrowest region of the jet with the 

highest velocity occurs beyond the constriction. The jet does not run exactly through the 

center of the tube which might be caused by some asymmetry of the build stenoses. As 

described in paragraph 2.6.3, flow voids may occur near the walls where the large pressure 

gradient has reversed the flow. These separation regions cause an increase of the effective 

constriction. Due to higher pressure gradients from higher flow rates, the separation region will 

become larger if the flow rate increases Turbulent eddy's will then occur (for the Re number 

has increased) which will cause flow voids. 

6.2 Blood pressure determination 

Methods 

To quantify the pressure drop across a stenosis, the results of the previous paragraph are used 

to optimize the scan protocol. The pump setting Qset is varied from 10-30 m1/s to study the 

effect of the flow rate on the accuracy of the pressure drop estimate. If the obstruction is 

severe (70% diameter reduction or more), the maximum flow rate is limited to 20 m1/s to 

proteet the stenosis from damage. The pressure drop is calculated from the MR velocity data 

using the simplified Bemoulli equation. Three perpendicular image slices (T = 3 mm) are 

positioned 10 mm proximal, 10 mm distal and at the center of the stenosis. The complete scan 

protoeals are listed in appendix A Pressure recordings from catheterization are obtained form 

the same locations to serve as the reference data. These measurements are repeated five times 

to account for statistica! variance. To shorten scan time and intra-voxel dephasing, some 

measurements arealso performed with Spiral imaging (101 interleaves). 

Results 

The second column of table 6.2 contains the pressure drop values ~PMR [mmHG] calculated 

from the MR velocity data using the simplified Bemoulli equation (eq. 2.35). The third column 

presents the pressure drop ~p rer provided by catheterization. Several degrees of stenosis and 

flow rates (m1/s) are studied (column 1). The table also contains the results obtained with 

Spiral imaging ~PMR (Spiral) (column 4) and the values obtained without neglection of the 

upstream velocity (column 5). 
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Severity (%) & Flux (mils) dPMR dPRef. dPMR (Sj>_iral) dPMR 

40% Q=10 0,95±0,05 0,4±0,5 0,71±0,05 

Q=20 3,5±0,2 2,8 ±0,8 2,63±0,20 

Q=25 5,3±0,3 4,0±0.6 3,86±0,38 

Q=30 7,1±0,5 - 5,10±0,54 

50% Q=lO 2,7±0,1 2,2±0,5 2.46±0,11 

Q=20 6,2±0,3 4,2±0,5 5,26±0,35 

Q=25 9,7±0,5 9,0±0,7 8,23±0,58 

Q=30 13,3±0.7 
M 

11,41±0,78 

60% Q=lO 4,8±0,3 7±2 5,4±0,5 -

Q=20 18±1 20±3 20±2 -

Q=25 26±2 28±2 - -
Q=30 36±2 

1\1\ 

46±4 -

70% Q=10 14±1 25,2±0,5 21±1 -

Q=20 54±5 93,6A±0,5 86±9 -

80% Q=lO 50±5. 107A±4 8.±3 -

Q=20 111····±18 143A±5 •• -

• : Too many flow voids to obtain accurate results . 
•• : V ene too high to obtain clear vessel contrast. 
A 

: Pressure drop might be too small due to the pressure limit of the catheter (±321 mmHg). 
M: Pressure drop could not be obtained due to the pressure limit of the catheter (±321 mmHg 

Table 6.1: The pressure drop values [mmHG] obtained from the MR velocity data using the simpUfled 
Bernoulli equation (LJPMR) and provided by catheterizationLJP,.f.. The first colomn shows the degree of stenosis 
and the flow rates (mVs). The table also contains the results obtained with Spiral imaging (LJPMR (Spiral)) and 
the values obtained without neg/eetion ofthe upstream velocity (column 5). 

Discussion 

Although only preliminary experiments are performed, the results suggest that deviations 

between the MR pressure drop and the pressure drop from catheterization are mainly aresult 

of the simplified Bernoulli equation used. There seems to be no effidence that the velocity at 

the center of the throat can not be determined with MR. Only in case of the severe obstruciton 

(70% diamter reduction), no reliable pressure drop could be determined due to the presence of 

flow voids and signalloss at the center of the tube. However, in forther experiments, it might 

be possible to forther reduce these artifacts with for example a smaller resolution. 
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As can be deduced from table 5.1, ~PMR > ~Prer if the stenosis degree is smaller than 60% by 

diameter. The overestirnation is mainly caused by ignoring the proximal velocity. lf these 

veloeities are not neglected, the results are in better agreement: the results are within each 

others error margins (column 5). Any remaining overestirnation may be caused by neglecting 

the pressure recovery distal to the stenosis. Because the pressure drop recording with 

catheterization is performed just 10 mm below the throat, this error will be small. At high flow 

rates (Q = 20 rn1/s) the pressure drop obtained from catheterization could be slightly 

underestirnated due to the reversal of the piston. The reversal causes a brief but high peak 

pressure gradient. After each piston reversal, it takes several seconds to restore the pressure 

recording to its original value. 

lf the stenosis are more severe (70 or 80% by diameter), ~PMR « ~Pref· The upstream velocity 

can now be neglected but pressure losses from turbulence causes pressure drops which extend 

downstream of the constriction. These additional pressure drops are not accounted for in the 

sirnplified Bernoulli equation. Sirnilarly, neglecting the viscous losses due to friction may not 

be valid with a throat diameter of only 2 mm without underestirnating the pressure gradients. 

However, because the results obtained with Spiral irnaging are in relative good agreement with 

the reference values obtained with a stenosis degree of 70%, it seems more likely that the 

underestirnation is due to signal reduction due to intravoxel phase dispersion. Complete flow 

voids were still present near the edges of the tube (just downstrearn of the throat), but the 

signalloss at the center of the tube is reduced with the fast Spiral acquisition. It is also possible 

that the pressure drop obtained with catheterization is slightly overestirnated due to catheter 

placement outside the central jet25 . Because catheter positioning in the jet is not precisely 

know and could not be well controlled, this suggests an important advantage of MR pressure 

gradient estimation. 
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7. Conclusions and recommendations 

7.1 Constant flow 

To resembie the in vivo magnetization ratio of static and flowing spins as much as possible, an 

in vitro MR study is performed with an Agar phantom. As expected, the partial volume error 

of the flux though Perspex tubes (transverse slice) is larger than the errors obtained with the 

Agar tubes due to the zero magnetization of the perspex vessel wall. The results obtained with 

Perspex also showed more fluctuation due to the random phase pixels at the perspex vessel 

boundary which are taken into account if the ROl is slightly overestirnated. The stationary 

Agar gel has little effect when enclosed by a slightly oversized ROl ( < 1% ). Thus, although the 

clear perspex vesse1 edge (FFE/M image) might sirnplify the contour detection, the zero 

magnitude and the random phase of the perspex MR signal cause additional through-plane flux 

errors. Agar tubes are therefore preferred to perform in vitro flow measurements. They keep in 

shape for more than a year at least. However, it might takesome time to get familiar with the 

production technique. 

lf the random phase pixels of perspex are expelled from the ROl with the Region Growing 

technique, the results showed less fluctuations and smaller errors than obtained with the flow 

analysis package FLOW. With Agar tubes, the used post-processing technique is of minor 

irnportance if at least all vessel pixels are enclosed by the ROL To accurately determine the 

mean velocity, the actual vessel area is of more irnportance and Region Growing might 

provided more accurate and user-independent results. This should be verified in further 

experiments. 

The results showed that the vessel should contain at least 3-4 pixels per vessel diameter to 

keep the partial volume error of the obtained through-plane flux below 5% (perfectly 

transverse slice). With a smaller resolution, the overestimation of the volume flow increases 

rapidly. Further more, if the angle between the flow- and the flow encoding direction is less 

than 10% (which should in generalbe achievable), the induced flux error will then be less than 

2% up to a slice thickness of twice the vessel diameter. The results even suggest that the error 

will not increase any further with increasing slice thickness. This should be further verified by 

performing additional measurements with slices of more than twice the vessel diameter. The 

underestirnation of the through plane peak and mean velocity at an angle of 10% willless than 

5% is the slice thickness equals the vessel radius. 
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In order to neglect the partial volume effect on the quantification of the in-plane mean 

velocity, the vessel should contain at least 8 pixels per vessel diameter. However, the accuracy 

of the in-plane mean- and peak velocity quantification depends mainly on the slice thickness. 

Even with a resolution of 12 pixels per diameter and without misalignment of the flow- and the 

flow encoding direction, a slice thickness of 3 mm ( vessel diameter 1 0) causes an 

underestimation of the mean and peak velocity of about 10%. lf the vessel diameter is small, 

in-plane flow quantification should therefore be avoided. 

The default LPC-window size (60x60 mm) is large enough to accurately quantify the through 

plane flow: it introduces a flux underestimation of less than 2% (vessel diameter 8 mm). 

However, several experiments showed that after usage of the LPC filter, the images still 

contained a small residual phase offset of about 2°. However, the original phase offset is 

significantly reduced and the remaining systematic over- or underestimation of the flux is small 

( < 3% ). The influence of the LPC filter on the in-plane flow quantification might be subject of 

forther research. Because the in-plane vessel area is larger than in case of through-plane flow, 

the LPC filter cause a moresever underestimation of the flow. 

Due to gradient non-tinearlties (Gx, Gy), the in-plane vessel area (transverse slice) decreases if 

the offset position in the z-direction exceeds 8 cm (5% reduction at z=lO cm). lf possible, flow 

quantification should therefore be performed near the iso-center of the gradient coils. The 

results also suggested that the underestimation of the through-plane flow quantification due to 

gradient non-linearity (Gz) is not limited to the edges of the maximum imaging volume (FH 

direction) but already starts at the iso-center. This seems highly unlikely and forther 

experiments need to be performed to see if these results are reprodoeibie and how they can be 

explained. However, towards the edges of the maximum imaging volume, the area as wellas 

the velocity quantification will be underestimated, which both result in an underestimation of 

the flux. 

The results obtained with the two default FFE configurations (Flow compensation YIN) 

showed no significant difference. lf there are no flow components present perpendicular to the 

main direction, the shortened echo time without Flow compensation will be of advantage. 

The results showed that at a resolution of about 200 pixels per vessel are, the flux error as a 

fonction of the SNR (obtained with both the Knee coil and the Body coil) stayed well below 
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5% (SNR> 12). A high resolution is used in almost all the performed experiments to study the 

influence of a specific error souree apart from the partial volume effect. The conclusions from 

the experiments are therefore also valid when the Body coil is used instead of the Knee coil. 

Further experiments might be of interest to study the effect of the SNR with a smaller number 

of pixels per in-plane vessel area. 

To obtain accurate flux values with Partial Echo of Halfscan, a high spatial resolution is 

needed. With a resolution of 0.6 mm/pixel, flow quantification with HS and PE induces no 

additional error even if only 70% of k-space is sampled (error < 1 %). However, if the pixel 

size is reduced till half the vessel radius, the error has increased ti1115% with an PE/HS factor 

of 0.7. lf the vessel wall consists of Perspex, this error is even twice that high (30%). To 

accurately quantify flow, it might therefore be more efficient to reduce scan time using a 

smaller resolution than to use PE or HS to reduce scan time at a high resolution. 

The results showed that TFE, EPI (EPI factor< 9) and Spiral imaging (40-100 interleaves) can 

well be used to quantify the through-plane flow (error less than 5%) and thus reduce the scan 

time. The combination of Tt enhancement (gradient spoiling) and a turbo factor= 2 should be 

avoided because of possible spin echo's or stimulated echo's. lf the EPI factor exceeds 9, 

deterioration of the image quality again troubles the flow quantification. The error due to spiral 

imaging increases with the number of interleaves used. 

lf the error due to the mentioned error sourees is minimized it should in general be possible to 

quantify the volume flow within an inaccuracy less than 5%. In this study, the error between 

the pump setting and the through-plane flux obtaincd with MR is even smaller than 2%. 

Stationary flow quantification by means of the phase difference technique can therefore be 

assumed to provide accurate results. 

7.2 Pulsatile flow 

An FFE sequence with a high spatial and temporal resolution is used as a reference scan to 

study the pulsatile waveform quantification with fast imaging techniques. To accurately study 

the quantification of pulsatile waveforms, an extemal validation of the waveform at the image 

planeis of importance. However, because the most important error souree with respect to the 

through-plane flux, the partial volume effect mainly depends on resolution and only slightly on 

the flow rate, it can be assumed that the through-plane FFE pulsatile flow quantification will be 
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accurate too. This assumption might not hold if the asciilation frequency is high. This should 

be verified by an extemal validation. 

The results showed that the deviation between the wavefarms obtained with an increased turbo 

factor (TFE), an increased EPI factor (EPI factor < 11) or an increased number of Spiral 

interleaves and the FFE reference scan of maximum temporal resolution, is mainly caused by 

the under sampling of the waveform. The enlarged total acquisition length of a heart phase 

seemed to be of minor importance. To accurately quantify typical arterial wavefarms like the 

one used in the experiments, at least 10 heart phase should be required. TFE (turbo factor~ 4) 

and EPI (EPI factor ~ 9) can therefore well be used to reduce scan time with a factor of 4 or 

4.5 at maximum. As with constant flow, Spiral imaging slightly overestimates the peak: flux 

with increasing number of interleaves. Deterioration of the image quality again troubles the 

flow quantification if the EPI factor exceeds 9. 

7.3 Pre ss ure drop a cross a stenosis 

In genera!, it seemed that the deviations between the pressure drop obtained with MR, and the 

pressure drop obtained with catheterization, were mainly a result of the simplified Bemoulli 

equation used. There seemed to be no evidence that the velocity at the center of the throat can 

not be determined with MR. However, these are only preliminary results. More extensive 

experimentsneed to be performed which might take the upstream velocity, pressure recovery 

downstream the throat (stenosis severity < 60% by diameter) and pressure loss due to 

turbulence (stenosis severity > 60% by diameter) into consideration. With the use of high 

gradients, partial echo or Spiral imaging, flow voids at the center of the tube could be 

effectively reduced at stenosis with 70% diameter reduction or less. It might be possible to 

further reduce these artifacts with for example a smaller resolution. 
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Appendix A: Scan protocols 

Calibra.tion LPC Gradient SNR AP AP (spiral) 
Geometry FOV (mm) 256 150 160 130 180 180 

RFOV 100 100 90 100 100 100 
Foldover suppression N N N y N N 
Foldover direction AP AP RL AP RL RL 
Scan Matrix 256 128 256 256 256 256 
Scan percentage 100 100 75 100 100 100 
Slice Thk. (mm) 10 10 10 7 3 3 
#Slices 1 1 24 1 3 1 
Slice Orientation T T T T T T 
Coil Knee Knee Knee Knee Knee Knee 

Contrast Scan mode 2D 2D M3D 2D M2D 2D 
Scan Technique FFE FFE FFE FFE FFE FFE 
Fast Imaging N N N N N Spiral 
Partial Echo N N N N y N 
Partial Echo factor 0.75 
Halfscan N N N N N N 
TE (ms) sh sh sh 20 sh sh 
Flip angle 20 20 15 20 20 20 
TR(ms) sh sh sh sh sh sh 
# Spiral nterleaves 101 
acq. time (ms) sh 
var. freq. scale (À.) 0 
acq. delay sh 
Water fat shift MAX MAX 
Contrast Enhancem. T1 T1 

Motion Flow Comp (FC) y y y N y y 

NSA 2 4/ 1 8 5 1 
Smart average y y y y 

Manual Start y y y N 
Dyn/Angio Angio N N 

Quantitative flow y y 

PC velocity (cm/s) 5Q 150 40 50 180 180 
PC flow direction FH FH 
Scan time (s) 0.14 2.34 1.32 
Q (mUs) 0.2-30 20 40 10 10-30 10-30 
LPC filter 60 1-200 60 60 60 60 
Gradietns def!reg def. reg 

. . . 
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In-plane resolution (through-plane flow): 

POV (mm) 154 192 256 320 384 448 256 288 320 192 224 256 
RFOV 100 95 78 58 47 47 53 50 45 100 90 70 

Poldover suppression y 

Poldover direction AP 
Scan Matrix 256 128 64 

Scan percentage 100 
Slice Thk. (mm) 10 

#Slices 1 
Slice Orientation T 

Coil Knee 
Scanmode 2D 

Scan Technique FFE 
Past Imaging N 
Partial Echo N 

Halfscan N 
TE (ms) 15 10 9 8 7.5 6.5 6.0 

Flip angle 20 
1R (ms) 30 24.6 22.9 15.0 13.2 12.1 

Water fat shift MAX 
Contrast Enhancem. T1 

Flow Comp (PC) y 

NSA 32 12 4 2 1 
Smart average y 

Manual Start N 
Angio N 

Quantitative flow y 

PC velocity (cm/s) 200 
PC flow direction FH 

Scan time (s) 8.11 2.55 0.48 0.17 0.14 0.07 0.03 0.03 0.03 0.01 0.01 0.01 
Q (mlls) 25 
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In-plane resolution (in-plane flow): 

Ge ometry FOV (mm) 76.8 96 128 150 174 206 230 265 325 230 
RFOV 100 91 81 75 81 56 
Fotdover suppression N 
Fotdover direction AP 
Scan Matrix 128 64 
Scan percentage 100 
Slice Thk. (mm) 3 
#Slices 1 
Slice Orientation c 
Coil Knee 

Contrast Scanmode 2D 
Scan Technique FFE 
Fast Imaging N 
Partial Echo N 
Halfscan N 
TE (ms) 22 
Flip angle 20 
TR (ms) 110 
Water fat shift MAX 
Contrast Enhancem. T1 

Motion Flow Comp (FC) y 

NSA 32 32 24 12 7 4 3 2 1 1 
Smart average y 

Manual Start N 
Dyn/Angio Angio N 

Quantitative flow y 

PC velocity (cm/s) 65 
PC flow direction FH 
Scan time (min) 15.1 11.36 8.42 4.21 2.18 1.11 0.49 0 .32 0.18 0.06 
Q (ml/s) 10 
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Misalignment and slice thickness(through-plane and in-plane flow): 

Geometry FOV (mm) 150 
RFOV 100 78 100 
Foldover suppression N 
Foldover direction RL 
Scan Matrix 128 
Scan percentage 100 
Slice Thk. (mm) 2 5 8 10 15 20 
#Slices 1 
Slice Orientation TIC 
Angle CO) 0-45 
Coil Knee 

Contrast Scan mode 2D 
Scan Technigue FFE 
Fast Imaging N 
Partial Echo N 
Halfscan N 
TE (ms) 19 22 20 10 
Flip angle 20 
TR(ms) 34 90 44.1 60 
Water fat shift MAX 
Contrast Enhancem. T1 

Motion Flow Comp (FC) y 

NSA 8 4 2 1 1 1 
Smart average 
Manual Start N 

Dyn/Angio Angio y 

Quantitative flow 
PC velocity (crnls) 75 
PC flow direction 
Scan time (min) 2.19 1.32 0.36 0.23 0.11 0.15 
Q (mUs) 20 
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PE (2mrnlpixel): 

Ge ometry FOV (mm) 256 
RFOV 100 
Poldover suppression y 

Poldover direction AP 
Scan Matrix 128 
Scan percentage 100 
Slice Thk. (mm) 7 
#Slices 1 
Slice Orientation T 
Coil Knee 

Contrast Scanmode 2D 
Scan Technique FFE 
Fast Imaging N 
Partial Echo N y 

Partial Ehco factor 0.55 0.6 0.7 0.8 0.9 1.0 
Halfscan N 
Halfscan factor 
TE (ms) 17 
Flip angle 20 
TR (ms) 39.3 37.0 35.0 32.6 50.0 44.0 
Water fat shift MAX 
Contrast Enhancem. Tt 

Motion Flow Comp (FC) y 

NSA 1 2 2 2 1 1 99.7 
Smart average y 

Manual Start y 

Dyn/Angio Angio N 
Quantitative flow y 

PC velocity (cm/s) 150 
PC flow direction FH 
Scan time (s) 0 .10 0 .19 0.18 0.16 0.13 0.11 0.10 
Q (mils) 30 
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HS (2mm/pixel): 

Ge ometry FOV (mm) 256 
RFOV 100 85 78 73 95 78 100 
Fotdover suppression y 

Fotdover direction AP 
Scan Matrix 128 
Scan percentage 100 
Slice Thk. (mm) 7 
#Slices 1 
Slice Orientation T 
Coil Knee 

Contrast Scanmode 2D 
Scan Technique FFE 
Fast Imaging N 
Partial Echo N N 
Partial Ehco factor 
Halfscan N y 

Halfscan factor 0.55 0.6 0.7 0.8 0.9 1.0 
TE (ms) 17 
Flip angle 20 
TR(ms) 39.3 
Water fat shift MAX 
Contrast Enhancem. TI 

Motion Flow Comp (FC) y 

NSA 1 3 3 3 2 2 1 
Smart average 
Manual Start y 

Dyn/Angio Angio N 
Quantitative flow y 

PC velocity (crnls) 150 
PC flow direction FH 
Scan time (s) 0.10 0.11 0.11 0.12 0.12 0.11 0.10 
Q (mils) 30 
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PE (l.Smm/pixel): 

Geometry . FOV (mm) 192 
RFOV 100 
Foldover suppression y 

Foldover direction AP 
Scan Matrix 128 
Scan percentage 100 
Slice Thk. (mm) 7 
#Slices 1 
Slice Orientation T 
Coil Knee 

Contrast Scan mode 2D 
Scan Technique FFE 
Fast Imaging N 
Partial Echo N y 

Partial Ehco factor 0 .55 0 .6 0 .7 0.8 0.9 1.0 
Halfscan N 
Halfscan factor 
TE (ms) 20 
Flip angle 20 
TR(ms) 44 40 sh 62 55 48 
Water fat shift MAX 
Contrast Enhancem. Tt 

Motion Flow Com_l)_ (FC) y 

NSA 1 2 2 1 1 1 99.9 
Smart average N y 

Manual Start N 
Dyn/Angio Angio N 

Quantitative flow y 

PC velocity (cm/s) 150 
PC flow direction FH 
Scan time (s) 0.22 0.20 0.19 0.16 0 .14 0 .12 0.11 
Q (mils) 30 
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H S (l.Smrnlpixel): 

Geometry FOV (mm) 192 
RFOV 100 80 75 100 87 75 100 
Fotdover suppression y 

Fotdover direction AP 
Scan Matrix 128 
Scan percentage 100 
Slice Thk. (mm) 7 
#Slices 1 
Slice Orientation T 
Coil Knee 

Contrast Scanmode 2D 
Scan Technique FFE 
Fast Imaging N 
Partial Echo N N 
Partial Ehco factor 
Halfscan N y 

Halfscan factor 0.55 0.6 0.7 0.8 0.9 1.0 
TE (ms) 20 
Flip angle 20 
TR(ms) 44 
Water fat shift MAX 
Contrast Enhancem. T1 

Motion Flow Comp (FC) y 

NSA 1 3 3 2 2 2 1 
Smart average N 
Manual Start N 

Dyn/Angio Angio N 
Quantitative flow y 

PC velocity (crnls) 150 
PC flow direction FH 
Scan time (s) 0.22 0.12 0 .12 0.13 0.13 0.12 0.11 
Q (mils) 30 

~ 
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PE (lmm/pixel): 

Ge ometry FOV (mm) 128 
RFOV 90 85 90 90 90 90 90 
Poldover suppression y 

Poldover direction AP 
Scan Matrix 128 
Scan percentage 100 
Slice Thk. (mm) 15 
#Slices 1 
Slice Orientation T 
Coil Knee 

Contrast Scan mode 2D 
Scan Technique FFE 
Fast lmaging N 
Partial Echo N y 

Partial Ehco factor 0.55 0.6 0.7 0.8 0.9 1.0 
Halfscan N 
Halfscan factor 
TE (ms) 24 
Flip angle 20 
TR (ms) 90 80 71 62 54 
Water fat shift MAX 
Contrast Enhancem. T1 

Motion Flow Comp (FC) y 

NSA 1 2 2 2 2 2 
Smart average N y 

Manual Start N 
Dyn/Angio Angio N 

Quantitative flow y 

PC velocity (cm/s) 150 
PC flow direction FH 
Scan time (s) 0.33 0.39 0.37 0.33 0.29 0.25 0.21 
Q (ml/s) 30 
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HS (lmm/pixel): 

Geometry FOV(mm) 128 
RFOV 90 88 80 73 65 100 100 
Fotdover suppression y 

Fotdover direction AP 
Scan Matrix 128 
Scan percentage 100 
Slice Thk. (mm) 15 
#Slices 1 
Slice Orientation T 
Coil Knee 

Contrast Scanmode 2D 
Scan Technique FFE 
Fast Imaging N 
Partial Echo N N 
Partial Ehco factor 
Halfscan N y 

Halfscan factor 0.55 0.6 0.7 0 .8 0.9 1.0 
TE (ms) 24 
Flip angle 20 
TR (ms) 90 
Water fat shift MAX 
Contrast Enhancem. Tl 

Motion Flow Comp (FC) y 

NSA 1 2 2 2 2 2 2 
Smart average N 
ManualStart N 

Dyn/Angio Angio N 
Quantitative flow y 

PC velocity (cm/s) 150 
PC flow direction FH 
Scan time (s) 0.33 0.17 0.17 0.33 0.33 0.33 0.33 
Q (mUs) 30 
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PE (0.6mm/pixel): 

Ge ometry FOV (mm) 150 
RFOV 100 85 90 90 90 90 90 
Foldover suppression y 

Foldover direction AP 
Scan Matrix 256 
Scan percentage 100 
Slice Thk. (mm) 15 
#Slices 1 
Slice Orientation T 
Coil Knee 

Contrast Scan mode 2D 
Scan Technique FFE 
Fast lmaging N 
Partial Echo N y 

Partial Ehco factor 0.55 0.6 0.7 0.8 0.9 1.0 
Halfscan N 
Halfscan factor 
TE (ms) 24 
Flip angle 20 
TR (ms) 90 71 63 84 71 100 
Water fat shift MAX 
Contrast Enhancem. T1 

Motion Flow Comp (FC) y 

NSA 3 6 6 6 4 4 
Smart average y 

Manual Start N 
Dyn!Angio Angio N 

Quantitative flow y 

PC velocity (crn!s) 150 
PC flow direction FH 
Scan time (s) 2.18 3.53 3.38 3.13 2.52 2.25 2.18 
Q (mils) 30 
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HS (0.6mm/pixel): 

Geometry FOV (mm) 150 
RFOV 100 95 90 80 90 
Poldover suppression y 

Poldover direction AP 
Scan Matrix 256 
Scan percentage 100 
Slice Thk. (mm) 15 
#Slices 1 
Slice Orientation T 
Coil Knee 

Contrast Scanmode 2D 
Scan Technique FFE 
Fast Imaging N 
Partial Echo N N 
Partial Ehco factor 
Halfscan N y 

Halfscan factor 0.55 0.6 0.7 0.8 0.9 1.0 
TE (ms) 24 
Flip angle 20 
TR(ms) 90 
Water fat shift MAX 
Contrast Enhancem. T1 

Motion Flow Camp (FC) y 

NSA 3 6 6 6 4 4 
Smart average y 

Manual Start N 
Dyn/Angio Angio N 

Quantitative flow y 

PC velocity (cm/s) 150 
PC flow direction FH 
Scan time (s) 2.18 3.20 3.19 3.19 2.47 2.46 2.29 
Q (mils) 30 
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Fast imaging (constant flow): 

Geometry FOV (mm) 150 
RFOV 100 
Foldover suppression N 
Foldover direction AP 
Scan Matrix 256 
Scan percentage 100 
Slice Tichkness (mm) 14 
#Slices 1 
Slice Orientation T 
Coil Knee 

Contrast Scan mode 2D 
Scan Technique FFE 
Fast Imaging N TFE EPI Spiral 
Partial Echo N 
Halfscan N 
TE (ms) sh 
Flip angle 20 
TR (ms) sh 
#TFE shots 16-128 
profile order lin 
shot interval sh 
EPI factor 3-25 
# Spiral nterleaves 40-256 
acq. time (ms) sh 
var. freq . scale (À) 0-2N/N; 
acq. delay sh 
WFS MAX 
Contrast Enhancem. Tt 

Motion FlowComp y 

NSA 2 
Smart Average y 

Manual Start N 
Dyn/Angio Angio N 

Quantitative flow y 

PC velocity (mils) 130/95 
PC flow direction FH 
Scan time (min) 0.23 
Q (mils) 30/20 
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Fast imaging (pulsatile flow): 

Geometry FOV (mm) 200 150 
RFOV 75 1 ()() . 
Poldover suppression N 
Poldover direction AP 
Scan Matrix I percentage 256 
Scan _l)ercentage 100 
Slice Tichkness (mm) 14 
#Slices 1 
Slice Orientation T 
Coil Knee 

Contrast Scan mode 2D 
Scan Technique FFE 
Fast Imaging N TFE EPI N Spiral 
Partial Echo N 
Halfscan N 
TE (ms) sh 
Flip angle 20 
TR (ms) sh 
turbo factor 1-16 
fill RR interval y 

EPI factor 3-9 
# Spiral nterleaves 40-256 
acq. time (ms) sb 
var. freg. scale (A.) 0 
acq. delay sh 
WFS MAX 
Contrast Enhancem. N 
Cardiac Sync. Tr 
Cardiac Freq. (Hz) 71 
Trigger delay sh 
# heart phases Max 
FlowComp y 

Motion NSA 1 2 
Smart Average N y 

Manual Start N 
Dyn/Angio Angio N 

Quantitative flow y 

PC velocity 170 170 
PC flow direction FH 
Scan time (min) 5.26 7.15 
Qpeak (mils) 40 
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Appendix B: Flow conversion table 

D D Wall ~D ~D A A ~A ~A 1/A 2.5/A 

(Inner) (Outer) Thickness 

Material [mm] [mm] [mm] [mm] % [mm2] [cm2] [mm2] % [llcm2] [l!cm2] 

Q= V= Vene~ 

V·A Q ·1/A Q ·2.5/A 

Perspex 2.85 5.30 1.23 0.05 1.8 6.38 0.064 0.22 3.5 15.68 39.19 

4.65 7.30 1.33 0.05 1.1 16.98 0.170 0.37 2.2 5.89 14.72 

10.10 12.10 1.00 0.05 0.5 80.12 0.801 0.79 1.0 1.25 3.12 

17.75 20.15 1.20 0.05 0.3 247.45 2.474 1.39 0.6 0.40 1.01 

17.95 20.15 1.10 0.05 0.3 253.06 2.531 1.41 0.6 0.40 0.99 

Ag ar 4.00 18.00 6.00 0.05 1.3 12.57 0.126 0.31 2.5 7.96 19.89 

6.00 18.00 5.00 0.05 0.8 28.27 0.283 0.47 1.7 3.54 8.84 

8.00 18.00 4.00 0.05 0.6 50.27 0.503 0.63 1.3 1.99 4.97 

10.00 - - 0.5 5 78.54 0.785 7.85 10.0 1.27 3.18 
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Appendix C: Supplier addresses 

Agar gel: 

Catheter: 

Hemostatic valve: 

Sigma-Aldrich Chemie b.v. 

Postbus 27 

3330 AA Zwijndrecht 

The Netherlands 

tel + 31 (0)7 8-6205411 

Dräger Medical Electronics 

Business Unit Sensors 

P.O. Box 10100 

5680GA Best 

The Netherlands 

tel +31 (0)499-331331 

Vygon Nederland b.v. 

Zandstraat 84 

3905 ED Veenendaal 

The Netherlands 

tel +31 (0)318-522392 

Pump and UHDC fluid: Quest Image Incorporated 

Shut-off valves: 

150 Dufferin Avenue., Suite 900 

London, Ontario 

N6A 5N6 Canada 

tel +1-519-667 5180 

fax +1-519-660 0603 

service @quest.em path. on.ca 

van Eyle & Ruygers 

Postbus 35040 

3005 DA Rotterdam 

The Netherlands 

tel +31-(0)10-245 5000 
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Appendix D: Gradient field as a function of position 
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Figure Dl: The contour lines of the magnetic field Bz=Bo+BGx as a function of x- and z position (y=O). An 
offset of 1.5T is subtractedfrom the Bz values (pT) to visualize the drop-off(Gx =10 mT/m). 
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Figure D2: The contour lines of the magnetic field Bz=B0+BGz as a tunetion of x- and z position (y=O). An 
offset of 1.5T is subtractedfrom the Bz values (pT) to visualize the drop-off(Gz =10 mT/m). 
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Appendix E: List of abbreviations 

A 
AP 

B 

c 

D 

ECG 
EPI 

FC 
FFE 
FH 
FID 

G 

HS 

LPC 
LR 

Mn 
MRA 
MR 
MRI 

NSA 

PCA 
PE 
L\PMR 
L\Pcath 

Q 
Qbs 
Qc 
QMR 
Qref 
Qset 

Area (mm2> 

Anterior-Posterior, physical y-axis 

Magnetic field (T) 

Corona!, orientation perpendicular to the AP-direction 

Vessel diameter (mm) 

Electrocardiogram 
Echo Planar Imaging 

Flow compensation (two-sided flow encoding gradient configuration) 
Fast Field Echo 
Feet-Head, physical z-axis 
Free lnduction Decay 

Magnetic field gradient (mT/m) 

Halfscan 

Local Phase Correction 
Left-Right, physical x-axis 

nth gradient moment (rad sn/m) 
Magnetic Resonance Angiography 
Magnetic Resonance 
Magnetic Resonance Imaging 

Number of Signals Averaged 

Phase Contrast Angiography 
Parrial Echo 
Pressure drop across an obstruction measured with MR 
Pressure drop across an obstruction measured with catheterization 

Volume flow or flux (mlls) 
Flux obtained with the Bucket-and-Stopwatch metbod (mlls) 
Calibrated pump setting (mlls) 
Flux obtained with MR (mlls) 
Flux obtained with MR toserve as a reference value (mlls) 
Pump setting (mlls) 
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R 
RF 
ROl 

s 
SNR 

T 
T 
T' 
Tl 

T2 
TE 
TFE 
TR 

V 

Vene 
Vmean 
Vpeak 

x 
~x 

y 

z 

In-plane resolution (mm/pixel) 
Radio Frequent 
Region of Interest (mm2

) 

Sagittal, orientation perpendicular to the LR direction 
Signal-to-Noise Ratio 

Transverse, orientation perpendicular to the FH direction 
Slice thickness (mm) 
Relative slice thickness perpendicular to the flow direction 
Longitudinal relaxation time (ms) 

Transverse relaxation time (ms) 
Echo time (ms) 
Turbo Field Echo 
Repetition time (ms) 

Velocity (cm/s) 
Encoding velocity (crnls) 

Mean velocity obtained with MR (cm/s) 
Peak velocity obtained with MR (cm/s) 

Read out or frequency encoding direction 
In-plane pixel dimension (mm/pixel) 

Preparation or phase encoding direction 

Slice selection direction 
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