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Abstract 

One of the major causes of morbidity and mortality for premature infants is cerebral hypoxia
ischemia. Diffusion Weighted Imaging (DWI) is a Magnetic Resonance Imaging (MRI) tech
nique capable of visualizing ischemie regions in a very early stage due to abnormal diffusion in 
these regions. Because it is not possible to continuously measure DWI, an electroencephalo
gram (EEG) is used for monitoring infants. To decide when to perform an MRI examination 
based on the EEG signal, correlations between DWI and EEG are investigated for by per
forming simultaneous measurements on a rodent model of hypoxia-ischemia. 
In this study a setup is developed and implemented for DWI measurements of cerebral 
hypoxia-ischemia in newborn rats. To increase the sensitivity of the MR system, an improved 
coil setup is developed consisting of a Helmholtz-like RF coil without external connections, 
inductively coupled to the Litz coil of the standard setup. Numerical simulations were per
formed in order to gain insight in the different frequency modes for which the coupled system 
can be used. After optimization of the original MR hardware, the developed coil setup re
sulted in an SNR enhancement of 22.5. 
To verify the coil performance, in vivo experiments were performed for which an animal cradle 
compatible with the vertical bare of the standard setup was designed. The common carotid 
artery of the rat was occluded and the oxygen inhalation was reduced to induce unilateral 
hypoxia-ischemia. From the results of Magnetic Resonance Angiography measurements, a de
creased blood flow in the ipsilateral hemisphere could be observed. DWI revealed a globally 
decreased diffusion, caused by the decease of the rat during the measurement. The time scale 
of the induced diffusion changes matches results described in literature. 
In conclusion, although the experimental setup still requires optimization, the developed setup 
can be used for MR monitoring of hypoxia-ischemia induced diffusion changes with sufficiently 
high SNR and time resolution. 



CONTENTS 

Contents 

1 Introduction 

2 Theory 
2 .1 Magnetic resonance imaging . 

2.1.1 Magnetization . 
2.1.2 Relaxation .... 
2.1.3 Pulse sequences .. 
2.1.4 Imaging principles 
2.1.5 k-space ..... . 
2.1.6 Advanced sequences 

2.2 RF coils . . . . . . . . . . 
2.2.1 Resonant circuits . 
2.2.2 Mutual inductance 
2.2.3 Coil performance 

3 MRI setup 
3.1 Setup specifications . 

3.1.l Main magnet 
3.1.2 RF coil .. . 
3.1.3 Magnetic field gradients 

3.2 Setup optimization ..... . . 

4 RF coil design 
4.1 RF coil configurations ... .............. . 

4.1. l Inductively coupled receive-only surface coil . . 
4.1.2 Receive-only surface coil with passive detuning 
4.1.3 Inductively coupled send and receive coil 

4.2 RF coil selection . ... . 
4.2. l Preselection ... . 
4.2.2 SNR comparisons . 
4.2.3 Conclusion .. 

4.3 Coil optimization . .. . 
4.3. l Coil geometries . 
4.3.2 SNR comparison 

1 

3 
3 
3 
4 
5 
6 
9 
9 

11 
12 
12 
13 

17 
17 
17 
17 
17 
17 

21 
21 
21 
21 
23 
23 
23 
24 
27 
27 
27 
28 

Eindhoven University of Technology 



ii 

4.3.3 Conclusion . 

5 Numerical simulations 
5.1 Coupled coil system model. 

5.1.1 Lumped circuit ... 
5 .1. 2 Varia bles determination 

5.2 Mutual inductance calculations 
5.3 Magnetic field calculations . . . 

5.3.l Litz coil ........ . 
5.3.2 Magnetic field enhancement 

6 In vivo applications 
6.1 Physiological background 

6.1. l Cerebral vasculature 
6.1.2 Hypoxia-ischemia . 
6.1.3 Animal model . 

6.2 Experimental setup . 
6.2.1 Materials .. 
6.2.2 Procedure . . 

6.3 Results & discussion 
6.3.l Experimental setup. 
6.3.2 MRA 
6.3.3 DWI 

6.4 Conclusions 

7 Conclusions 

8 Recommendations 
8.1 Experimental setup . 
8.2 Measurements. 

Bibliography 

A Coupled coil system 

B Magnetic field Helmholtz-like coil 

Tom Broux 

CONTENTS 

29 

33 
33 
33 
34 
37 
38 
38 
39 

43 
43 
43 
43 
44 
44 
44 
45 
46 
46 
47 
47 
48 

51 

53 
53 
54 

56 

57 

59 



1 

Chapter 1 

Introduction 

One of the major causes of morbidity and mortality for premature infants is cerebral hypoxia
ischemia, a reduction in the delivery of oxygen and nutrients to brain tissue due to a decrease 
in blood flow. This in turn causes cell membrane dysfunction, resulting in cell swelling and 
eventually brain damage. It is believed possible to prevent or limit permanent injury when 
intervention occurs within a certain time period referred to as the therapeutic window. There
fore it is important to detect hypoxia-ischemia at a very early stage. 
Diffusion Weighted Imaging (DWI) is a Magnetic Resonance Imaging (MRI) technique ca
pable of visualizing ischemie regions, even before they can be detected with other imaging 
techniques as T1- or T2-weighted MRI, ultrasound or Computed Tomography (CT). DWI 
utilizes the diffusion of water molecules for contrast and is therefore capable of visualizing 
ischemie regions which have an abnormal diffusion caused by cell swelling. It can provide 
quantitative information about developing brain damage, which can be used to decide when 
and how to intervene through medical treatment. The first changes in a diffusion-weighted 
image can already be visible in the first 15 minutes after the onset of the insult. In an optimal 
situation, infants are constantly monitored with DWI. However, because the availability of 
MRI scanners is low and constant sedation would be required, it is not possible to contin
uously measure DWI. For this reason, it is used only for incidental measurements, while an 
electroencephalogram (EEG) is used for monitoring instead. A hypoxic-ischemic insult results 
in activity that can be monitored by EEG. The interpretation of this EEG signal is compli
cated because it is a complex, non-stationary signal, influenced by many factors. Because of 
the low spatial resolution of EEG, it is not suitable for localization of the hypoxic-ischemic 
region. To decide when to perform an MRI examination based on the EEG signal, it is nec
essary to gain more insight in the EEG. In order to find a correlation between changes in 
function as measured by EEG, and changes in anatomy as measured by MRI, simultaneous 
measurements of both techniques can be performed on neonatal rats with induced ischemia. 

This study focuses on developing and implementing a dedicated setup for DWI measurements 
of hypoxia-ischemia in rat brain, compatible with the 4.7 T scanner available at the Technica! 
University of Eindhoven (TU /e). Because the signal to noise ratio (SNR) of the standard send 
and receive coil in this setup is not sufficient for the necessary time resolution to visualize 
acute hypoxia-ischemia induced diffusion changes, this task mainly exists of developing an 
improved coil setup. 

Eindhoven University of Technology 



2 CHAPTER l. INTRODUCTION 

In Chapter 2, the basics of MRI are briefly summarized and an introduction to coupled 
resonant circuits and coil performance is presented. The optimization of the standard MRI 
setup is discussed in Chapter 3. In Chapter 4, the developed coil setups are evaluated and an 
optimal setup is selected. Chapter 5 describes the numerical simulations that were carried out 
to understand the behavior of the selected coil setup. The design of an experimental setup for 
in vivo measurements is presented in Chapter 6, along with the first in vivo experiments that 
were performed to test the coil performance. The final conclusions are discussed In Chapter 
7, and recommendations are given in Chapter 8. 

Tom Broux 
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Chapter 2 

Theory 

In Section 2.1, the basic principles of magnetic resonance (MR) and MRI will be explained, 
together with the advanced pulse sequences that will be used in the in vivo measurements. 
Thereafter, Section 2.2 gives an introduction to resonant circuits and coupled resonant cir
cuits. It also covers the key features that must be considered involving RF coil performance. 

2 .1 Magnetic resonance imaging 

2.1.1 Magnetization 

MRI is based on the spin, I, of atomie nuclei with an odd number of protons resulting in a 
magnetic dipole moment µ of which the amplitude is given by 

µ = "fhl/2rr, (2.1) 

where h is Planck's constant and 'Y is the gyromagnetic ratio [1, 2]. For hydrogen nuclei: 
"f:::: 'Y/2rr = 42.58 MHz/T. 
A pixel in an MRI image corresponds to a single volume element containing many protons, 
each with an associated dipole magnetic moment. The vector sum of the individual dipole 
moments is the net magnetization 

(2.2) 

where u, v and w are unit vectors along the x, y and z axis, respectively. When the external 
magnetic field Bo is zero, the spatial orientation of each dipole moment is random, resulting 
in a net magnetization M = 0. However, under inftuence of a strong external magnetic field 
along the z-axis: Bo = Bow, the magnetic moments of the protons will align anti-parallel or 
parallel to the field. The resulting net magnetization (M = Mow) is parallel to the magnetic 
field and its amplitude can be determined from the Boltzmann distribution. The dynamics 
of the magnetization M in a statie magnetic field Bo are governed by the Bloch equation 

dM(t) 1 1 
dt = "fM(t) x Bo(t) + Ti (Mo - Mz(t)) w - T

2 
(Mx(t)u + My(t)v) (2.3) 

with T1 and T2 the longitudinal and transverse relaxation times ( discussed more in detail in 
Section 2.2), respectively. From the first term of Equation 2.3 it can be seen that, when M 
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4 CHAPTER 2. THEORY 

and B are not entirely parallel, the transverse component of the net magnetization precesses 
about Bo. The precession frequency is referred to as the Larmor frequency wo and is given 
by 

wo ="(Bo. (2.4) 

Or, by using f = w / ( 27r), i t follows that 

fo = 1'-Bo . (2.5) 

The net magnetization can be changed by applying time varying magnetic fields. A convenient 
way to describe this behavior is to define a rotating frame of reference ( x', y', z' = z) which 
rotates about the z-axis at the Larmor frequency, wo . The transverse component of the 
magnetization precessing around the z-axis naw appears to be stationary in the rotating frame 
of reference, while the longitudinal component does not change. Naw a secondary, pulsed, time 
varying magnetic field orthogonal to Bo, is applied, described by Bi = cos(wot)u + sin(wot)v 
and a pulse duration of T. This field also appears stationary in the rotating frame of reference. 
The first term of Equation 2.3 applied to M and Bi gives: 

dM(t) -- = "fM(t) x Bi(t). 
dt 

(2.6) 

This shows that M appears to precess around Bi with angular frequency w = "(B1. The 
angle of the rotation depends on the strength and length of the pulsed magnetic field and is 
given by 

a = "(B1T. (2.7) 

A magnetic field pulse at the Larmor frequency is called an RF pulse. 

2.1.2 Relaxation 

Relaxation is the process by which the spins return to the Boltzmann equilibrium after an 
initial perturbation. The different types of relaxation are described below. 

Spin-Lattice relaxation 

From Equation 2.3 it can be seen that the longitudinal magnetization Mz does not instantly 
achieve an equilibrium, but grows from zero to Mo along the z-axis. This is brought about 
by the interactions of the individual magnetic moments with the fiuctuating electromagnetic 
environment of the nucleus, called the 'lattice'. The dynamical behavior of the longitudinal 
component of the net magnetization can be derived from Equation 2.3 and is, in case of a 
90°-pulse, described by 

(2.8) 

with T1 the spin-lattice relaxation time, the time to reduce the difference between the longi
tudinal magnetization Mz and its equilibrium value Mo by a factor of e. 

Spin-Spin relaxation 

The individual spins that make up the net magnetization interact with one another causing 
random fiuctuations in the local magnetic field. This causes each spinning nucleus to rotate 

Tom Broux 



2.1. MAGNETIC RESONANCE IMAGING 5 

at a slightly different Larmor frequency resulting in a gradual loss of phase coherence. The 
transverse magnetization decays exponentially to zero according to 

Mxy(t) = Mxy(O)e-t/Tz. (2.9) 

Here, Mxy the transverse magnetization, Mxy = Mx + iMy and T2 is defined as the spin-spin 
relaxation time, the time to reduce the transverse magnetization by a factor of e. 
Besides the molecular interactions causing Mxy to relax, inhomogeneities in Bo cause an 
additional loss of phase coherence. The time constant describing the combination of these 
two effects is called T2 and is given by 

1 1 1 
-=-+------
T2 T2 T2,inhomogeneity 

(2.10) 

2.1.3 Pulse sequences 

If a receiver coil, resonant at wo, is positioned in the transverse plane, the transverse mag
netization Mxy, precessing around Bo at the Larmor frequency, will induce an electromotive 
force ( emf) in this receiver coil. As shown in Equation 2. 7, the magnetization can be placed 
in the transverse plane by applying an RF pulse. The magnitude and duration of the pulses 
affects the signal as received by the receiver coil. A predefined set of RF pulses, is called 
a pulse sequence. Many different sequences have been developed, each resulting in different 
characteristics of the MR image. Two basic sequences are described below. 

Free Induction Decay 

In the 90°-Free Induction Decay (FID) the net magnetization is rotated down to the transverse 
plane with a 90° pulse. The precession and relaxation of the transverse magnetization as a 
function of time can be represented as shown in Figure 2.1. 

Figure 2.1: The time dependence of the transverse magnetization Mxy in a 9{f'-FJD se
quence. 
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6 CHAPTER 2. THEORY 

Hahn Spin Echo 

As discussed in Section 2.1.2, the transverse magnetization decays exponentially with time 
constant T2 because of two reasons: interactions between the nuclei (true T2 relaxation) 
and inhomogeneities in the magnetic field (T2,inhomogeneity relaxation) . This means true T2 
information is obscured. Dephasing of the transverse magnetization due to magnetic field 
inhomogeneities can be canceled out by using a Hahn Spin-Echo (HSE) pulse sequence (Figure 
2.2). In this sequence, first a 90°-pulse parallel with the x'-axis rotates the magnetization 

rr/2-pulse rr-pulse 

RF in 

FID echo 

Signa! 

TE/2 TE/2 Time 

Figure 2.2: Timing diagram of a H ahn spin echo sequence showing a 9(f' -pulse resulting in 
a FID followed by a 18{/'-pulse resulting in an echo signal. 

down into the x'y'-plane. The magnetization starts to dephase according to T2 , resulting in 
a FID. After half the echo time TE, a 180°-pulse is applied rotating the magnetization 180° 
about the x' -axis. Because the phase of the spins is naw mirrored the magnetization starts 
to rephase due to the field inhomogeneities. This rephasing produces a signal called an echo 
at the echo time TE. In the middle of the echo, where the echo signal reaches a maximum, 
the Bo inhomogeneities are refocused and the signal decrease is caused by true T2 relaxation. 
The signal amplitude is given by 

S(T E , T R) = kp ( 1 _ e-TR/T1) e-TE/T2 , (2.11) 

where kis a proportionality constant, pis the sample spin density and TR the repetition time 
between consecutive 90°-pulses. 

2.1.4 Imaging principles 

The resonance frequency of a nucleus is proportional to the magnetic field as stated by 
Equation 2.1. With the use of slice selection, frequency encoding and phase encoding magnetic 
field gradients, spatial information can be obtained from the MR signal. 

Slice selection 

By applying a linear magnetic field gradient, the Larmor frequency of the spins will depend 
linearly on the position along the direction of the gradient. A linear magnetic field gradient 
can be defined as 

(2.12) 

Tom Broux 



2.1. MAGNETIC RESONANCE IMAGING 7 

with i the encoding direction. The frequency at position i, then is given by 

(2.13) 

When the gradient is applied during the RF pulse, only the spins with a Larmor frequency 
within the frequency bandwidth of the excitation pulse will be excited. This results in a slice 
of excited spins perpendicular to the direction of the magnetic field gradient. It is customary 
to choose the z-axis in the direction of the slice selection gradient. To excite a slice from 
zo - 6.z/2 to zo+ 6.z/2, the slice profile should have a frequency profile which is unity from 
('1'.Gzzo - 'i'-Gzzo/2) to ('1'.Gzzo + 'i'-Gzzo/2) and zero elsewhere. The bandwidth of the pulse 
(BWRF) is then given by 

BWRF = 6.f 

= ('1'.Gzzo + 'i'-Gzzo/2) - ('1'.Gzzo - 'i'-Gzzo/2) 

= 'i'-Gz6.z. (2.14) 

The slice thickness can be changed by varying the slice selection gradient or by altering 
bandwidth of the RF pulse according to 

A - BWRF 
uz - 'i'-Gz . (2.15) 

The profile of the selected slice depends on the shape of the excitation pulse. The frequency 
content of an excitation pulse can be obtained by Fourier transformation. For a square pulse, 

1 
FT 

0 

Figure 2.3: Sine shaped slice selection profile resulting from the Fourier transform of a 
square RF pulse 

this results in a sinc-shaped slice profile (Figure 2.3), from which the frequency content is 
given by 

X(w) = 2sin (wTRF/2), 
w 

(2.16) 

with TRF the duration of the excitation pulse during the slice selection gradient. A measure 
of the slice thickness can be derived if only the main lobe of the sine function is considered. 
The bandwidth of this main lobe is 6.w = 471' /TRF 

6.w 2 
BWRF = -

2 
= -T . (2.17) 

7l' RF 

Eindhoven University of Technology 



8 CHAPTER 2. THEORY 

Through Equation 2.15, this results in a slice thickness of 

Frequency encoding 

2 
~z=--

'=f-GzTRF 
(2.18) 

If a linear magnetic field gradient is applied parallel to the slice plane during signal acquisition, 
the Larmor frequency again depends linearly on the position according to Equation 2.13. The 
direction of the frequency encoding gradient is chosen perpendicular to the slice selection 
gradient . By analyzing the Fourier spectrum of the signal, the signal intensity and position 
can be obtained. 

Phase encoding 

The phase encoding gradient is applied in the transverse plane perpendicular to the frequency 
encoding direction. It is applied before signal acquisition during a short period of time. The 
Larmor frequency depends on the position for a short time, again according to Equation 
2.13. When the phase encoding gradient is switched off, the Larmor frequency will be the 
same for all spins in the direction of the gradient, hut the phase will now depend on the 
position. For each location in the phase encoding gradient direction, a unique magnitude of 
the gradient ( called a phase encoding step) is required. Again, by using a one dimensional 
Fourier transform, the position of the spins in the phase encoding direction can be derived. 
The complete timing diagram of a 20 HSE sequence, using slice selection, frequency encoding 
(also called read-out) and phase encoding gradients is displayed in Figure 2.4. 

Tom Broux 

RF 

Slice 
selection 

Phase 
encoding 

Read-out 

Jt/2-pulse 7t-pulse echo 

m 1 i 1 . . y 
~~ .............. ~~~ ...... ---~.._~~~~~~. ---..._~+• t . 

1 

: . . 
. . . . . 
: 

_...__O ______ /_+---\....___.. t 

TE/2 TE/2 

Figure 2.4: Timing diagram of a 2D HSE sequence. 



2.1. MAGNETIC RESONANCE IMAGING 9 

2.1.5 k-space 

If a slice is excited in the (x, y)-plane, the raw recorded signal, S(t) is given by 

S(t) = j' {. M(x,y)e-if~' w(x,y,t)dtdxdy, 
lshce 

(2.19) 

where M(x, y) corresponds to the signal intensity of location (x, y) in the MRI image and 
w(x, y , t) describes the angular frequency of the spins. Introducing the following definitions 
for kx(t) and ky(t), 

t' 

kr =/la Gr(t)dt for r = x, y, (2.20) 

the magnetization M(x, y) in the x, y plane can be expressed as a Fourier transform of the 
signal S(kx, ky) sampled in k-space: 

(2.21) 

This means that the MR image can be obtained from the k-space data using an inverse 2D 
complex Fourier transformation. 

2.1.6 Advanced sequences 

Diffusion weighted imaging 

The random movement of water molecules due to thermal agitation is referred to as Brownian 
motion or diffusion. Diffusion Weighted Imaging (DWI) uses the differences of Brownian 
motion to produce contrast in an MR image. The diffusion in biologica! tissues is not truly 
random but can be limited or restricted by the tissue structure (i.e. cell membranes, vascular 
structures, etc.). The mean square diffusion displacement in three dimensions is described by 

(2.22) 

where D is the diffusion coefficient and tdiff the diffusion time. The magnetization signal 
can be made sensitive to diffusion by adding pulsed field gradients (PFGs) to a normal spin 
echo sequence. Two strong identical gradients are applied around the 180°-pulse as shown in 
Figure 2.5. The first PFG will result in a dephasing of the spins, the 180°-pulse rotates the 
magnetization vectors of all spins and finally the spins are re-phased by the second PFG. In 
the absence of movement, the spins will be exposed to the same magnetic field before and 
after the pulse, and no effect is observed. However, in the case of randomly diffusing spins, the 
experienced magnetic field during the second PFG will be different from the first, resulting in 
an incomplete refocussing of the individual spins. Due to the stochastic process of diffusion, 
the resulting phase difference is random for all spins, and the net magnetization signal in a 
voxel is decreased. The parameter describing the amount of diffusion weighting in an image 
is the b-value, which is defined as 

b = foTE (fot g(t')dt') dt, (2.23) 

Eindhoven University of Technology 



10 CHAPTER 2. THEORY 

PFG 1 PFG 2 
n-pulse 

• G 1 1 • 1 1 1 
1 1 • ö: 1 ö : 

:+-+- 11 :+-+-

Statie G @ G spins 

Diffusing G @ G spins 

Figure 2.5: Phase shifts in the x'y' -plane for statie and diffusing spins due to PFGs sym
metrically placed around the 1 Br? -pulse, with gradient strength G, gradient 
duration o, rise time <:: and time between the two gradients ti. 

where g(t) is the function describing the PFG [3]. For a trapezoidal shaped PFG, with 
strength G, duration ó, time between the onset of the first and second gradient 6. and rise 
time E, as shown in Figure 2.5, the b-value is given by 

(2.24) 

The signal intensity then is described by 

s = kp(l - e-TR/T1)e-TE/T2e-b·ADC TR,TE,b , (2.25) 

with ADC the apparent diffusion coefficient in the tissue. The word 'apparent' is used to 
point out the diffusion does not only depend on temperature and molecule size as described 
by D, but also on the geometrical restrictions within the tissue. 

Turbo spin echo 

By applying multiple rephasing 180°-pulses after each excitation, the scan time of a Hahn 
spin echo sequence can be greatly reduced. This technique is called a turbo spin echo (TSE) 
sequence. After each 180°-pulse, a different phase encoding gradient is applied and a new 
echo is obtained, thereby measuring multiple rows in k-space per excitation. The number of 
obtained echos per 90°-pulse is called the turbo factor (TF) and is limited by the spin-spin 
relaxation. 

Gradient echo 

In a gradient echo (GE) sequence, the echo is formed by applying magnetic field gradients 
instead of a 180°-pulse as in spin echo sequences. The timing diagram of a standard GE 
sequence is shown in Figure 2.6. First a slice selective RF pulse is applied typically producing 

Tom Broux 
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a - pulse echo 

RF 
[IJ /}\ 

• t 
' ' TE m Slice 

selection rv • t 

Phase i • t encoding 

Read-out 1 u \ • t 

Figure 2.6: Timing diagram of a GE sequence. First a slice selective RF pulse is applied. 
Next, the phase encoding gradient is applied simultaneously with a de-phasing 
read out gradient. Finally a ref ocussing frequency encoding gradient is applied 
producing the echo. 

11 

a rotation angle of between 10° and 90°. Next, a phase encoding gradient is applied which 
is varied after each excitation. A the same time a negative read out gradient is applied to 
de-phase the spins, causing them to be in phase at the center of the acquisition period. Then 
the positive frequency encoding gradient is applied which refocusses the spins resulting in an 
echo. A 3D GE sequence is obtained by adding an additional phase encoding gradient. 
By applying a pulse with a rotation angle less than 90°, the transverse magnetization will be 
less as well, resulting in a loss of signal. However, the longitudinal magnetization component 
will recover to equilibrium much faster and a shorter TR can be used, resulting in a shorter 
total imaging time. Because of this great time advantage, GE sequences are widely used for 
fast scan images, hence very popular for 3D acquisitions. 

Time-of-flight MRA 

Magnetic resonance angiography (MRA) is the imaging of blood flow in arteries and veins 
of the body with the use of magnetic resonance . In time-of-ftight (TOF) MRA, a fast GE 
sequence is used with a partial flip angle in a slice of interest. Stationary tissue experiences all 
excitation pulses and, since T R « Ti, the longitudinal magnetization is saturated, resulting 
in a suppression of the signal. However, the longitudinal magnetization of blood ftowing into 
the slice is fully relaxed, resulting in a higher signal after excitation. 

2.2 RF coils 

The rotation of the transverse magnetization induces an emf in an RF coil placed perpendicu
lar to the transverse, plane resulting in an MR signal. The signal intensity can be maximized 
if the resonance frequency of the coil is equal to the Larmor frequency of the MR setup. An 
important factor in designing an RF coil is selecting optima! hardware components to compose 
the resonant circuit, to optimize the performance of the coil. In this section, first an intro
duction to resonant circuits is given. Next, the principle of mutual inductance is explained, 
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12 CHAPTER 2. THEORY 

and finally the factors describing the performance of a resonant circuit are discussed. 

2.2.1 Resonant circuits 

A resonant circuit is an electrical circuit that combines an inductor L and a capacitor C in 
such a way that a periodic electric oscillation at a certain frequency gives rise to a maximum 
effect in the system. The impedance Z of a resonant circuit where L and C are connected in 
series with a resistor R is given by 

Z=R+X, (2.26) 

where R is the resistance, and X the reactance of the circuit . The inductive reactance XL 
and the capacitive reactance Xc are given by 

XL= iwL and 
1 

Xc = -:---C' iw 
(2.27) 

with w the angular frequency, L the inductance and C the capacitance of the circuit . If L 
and C are connected in series, the total reactance X of the circuit is given by 

X=XL+Xc 
. i 

= iwL- wc· (2.28) 

The circuit is at resonance when the total reactance becomes zero. With Jo = w/(27r), from 
Equation 2.28 the resonance frequency can be derived: 

1 
f 0 = 27r../LC. (2.29) 

An RF coil circuit has an inductance originating from the RF coil, but also an inductance 
originating from capacitors. The latter are referred to as parasitic effects and are more 
prominent at high frequencies. The inductance of an RF coil, without parasitic effects is 
given by 

r2N2 
Lo= 0.394 9r + lOl' (2.30) 

where r is the coil radius in centimeters, N is the number of turns and l is the length of the 
coil in centimeters. Lo in Equation 2.30 is expressed in micro Henry. The total capacitance 
of the RF circuit originates partly from the capacitors in the circuit, but also from a parasitic 
effect in the RF coil, called the self-capacitance. This capacitance can be calculated using the 
Medhurst equation [4]. 

Co= 2rk, (2.31) 

where k is a constant that depends on the ratio of the length and the radius of the coil. 

2.2.2 Mutual inductance 

In many MR coil setups, two coils are inductively coupled to one another. When two coils 
are inductively coupled, the flux induced by a current in one inductor induces a voltage in 
another nearby inductor. The mutual inductance M is a measure of the coupling between 
the coils. If two coils with inductances Li and L2 are coupled, it is given by 

(2.32) 

Tom Broux 



2.2. RF COILS 13 

where k is the coupling coefficient between the two coils, ranging from 0 to 1. k increases 
for decreasing distance between the RF coils. It reaches a maximum when the RF coils are 
parallel and a minimum (k = 0) when the coils are perpendicular. The total inductance of 
the coupled coil system is given by 

(2 .33) 

The plus sign in this equation corresponds to the situation where the current in both coils 
is rotating in the same direction, hence being additive. The minus sign corresponds to the 
situation where the currents are opposed, and therefore subtractive. The magnetic flux <I> 
within a system of coupled coils can be written as 

Ni <I>1 = Lil1 + M 12, 

N2<I>2 = L2h + Mli, (2.34) 

where and I represents the current in the coil and N denotes the effective number of turns 
that generate or capture the magnetic flux <I>. 
If two coils with similar resonance frequencies are coupled, energy can be transferred between 
both coils. When the mutual inductance is small, the self resonance frequency of the coupled 
coil system is the same as that of the separate coils. When the mutual inductance increases, 
the resonance frequency splits, resulting in two separated resonance frequencies. An example 
of a reflection measurement of a coupled coil system with a high mutual inductance is shown 
in Figure 2. 7. 
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Figure 2. 7: The refiection of an RF coil is measured when it is inductively coupled to a 
second RF coil. Due to high mutual inductance, the coupled circuit has two 
resonance frequencies different from the self-resonance frequencies of the indi
vidual coils. 

2.2.3 Coil performance 

There are two important parameters describing coil performance: the homogeneity of the 
magnetic field, and the ratio of the induced signal voltage to the received noise voltage, or 
the signal-to-noise ratio (SNR). 
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14 CHAPTER 2. THEORY 

In MRI, the homogeneity of the B 1 field is directly related to the homogeneity of the image 
and entirely dependent on the design of the coil. RF coils are therefore aften designed to 
maximize B1 field homogeneity. 

An optima! SNR can be obtained by maximizing the signal intensity and minimizing the noise 
signal. In order to describe the mechanisms of signal and noise generation, a simple model of 
the RF coil is sufficient. The properties of the RF coil can be summarized in an equivalent 
circuit, shown in Figure 2.8. In this circuit, the inductance L of the receiving coil is placed 
in series with the resistance R in which all loss mechanisms are combined. V is the induced 
MRI signal voltage, which is superimposed with the noise voltage N [5, 6] . 

v 

L 

N 

R 

Figure 2.8: Equivalent circuit of an MRI coil. Signal voltage V is induced in the inductance 
L. Noise voltage N is generated by the resistance R. 

Maximizing signal 

The principal of reciprocity establishes the correspondence between the transmission and the 
reception characteristics of an RF coil. It states that the B 1 field strength of a coil at any point 
in space at a fixed power during transmission is equivalent to the sensitivity at that point 
during detection. Therefore, by maximizing the B1 field in the sample, the signal intensity 
also can be maximized. There are two important coil properties that can achieve this: 

1. The RF coil dimensions should match the sample dimensions as closely as possible. This 
is described by the 'filling factor ' rJ = V8 /2Vc, with V8 the sample volume and Vc the 
coil volume. The SNR of the coil is proportional to the filling factor: SN R,...., ry . 

2. All loss mechanisms should be minimized to achieve high sensitivity. This sensitivity is 
quantified by the quality factor (Q-factor) which is the traditional measure of how the 
behavior of an RLC circuit resembles the ideal case. It represents the losses in the RF 
coil relative to the energy stored in the circuit: 

Q = wL = 27rEstore, (2.35) 
R Ediss 

where R is the resistance of the resonant circuit, Estore is the maximum energy stored 
per cycle and Ediss the energy dissipated per oscillation cycle. A high Q-factor results 
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in a higher NMR signal and, as can be seen in Equation 2.35, this can be obtained by 
reducing the resistance of the RF coil which will be explained below. 

Minimizing noise 

The noise voltage, N , can be calculated as thermal noise of the resistance R and is given by 

N = J4kT Rf:lf, (2.36) 

where f:lf is the acquisition bandwidth, T the temperature of the resistance, and k is Boltz
mann's constant. The only factor in Equation 2.36 that can be controlled in the coil design 
is the total resistance R in the equivalent circuit of the coil. The four main contributions to 
this resistance are briefiy discussed in the following . 

l. Losses within wires 
These originate from three main sources: 

• Ohmic losses increase with decreasing wire diameter and increasing wire length. 

• Skin effect: At high frequencies, the current has the tendency to flow on the surface 
of the conductor, causing a decrease in the effective lead area, thus increasing the 
resistance. 

• Proximity effect: If similar currents are also fiowing through one or more other 
nearby conductors, such as within a closely wound coil of wire, the distribution of 
current within the conductor will be constrained to smaller regions. This causes 
the electrons to interact, increasing the resistance. 

These losses can be reduced by using low loss components and high conductive wires, 
and by optimizing geometry. 

2. Losses due to magnetic interactions 
The fiuctuating magnetic B1 field induces eddy currents in the sample, resulting in 
signal losses. These fiuctuations cannot be avoided since magnetic coupling with the 
sample is necessary to produce the MRI signal. The B1 field can however be optimized 
so that it only interacts with the region of interest (ROI). In addition, the component 
of the B1 field parallel to the main magnetic field Bo should be minimized, since it only 
contributes to the noise, not to the signal. These losses are particularly high in large 
conductive samples. 

3. Losses due to electric interactions 
Potential differences over the coil cause electric fields close to the coil. These electric 
fields generate dissipative RF currents in conductive materials within the field , such as 
the sample. These currents only contribute to the noise, without any contribution to 
the signal. Capacitors are the main source of these currents. By choosing dielectric 
capacitors with low dielectric losses, this effect can be minimized. 

4. Losses due to electromagnetic radiation 
Some of the transmission energy is lost into the far magnetic field, causing additional 
losses. If possible, this problem can be avoided by the use of radiation shields. RF 
shields, like a Faraday cage, also suppress interfering external signals. Another measure 
that has to be taken to minimize these losses is avoiding the use of wire lengths in the 
range of a wavelength since they would serve as an antenna for the RF signal. 
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Chapter 3 

MRI setup 

3.1 Setup specifications 

3.1.1 Main magnet 

The MRI system available at the TU /eis an Oxford Instruments vertical bore superconducting 
coil with a magnetic field strength Bo of 4.7 T. As can be calculated from Equation 2.5, the 
resonance frequency for 1 H-atoms at this magnetic field strength is 200 MHz. The coil is 
cooled using a liquid helium bath surrounded by a liquid nitrogen bath. 

3.1.2 RF coil 

The standard send en receive coil in the setup is a half turn center-fed litz (CFL2) coil by 
Doty Scientific, Ine. [7], which can be tuned and matched at 200 MHz with a quality factor 
of Q = 250. The coil consists of two parts with diameter 42 mm and length 32 mm. The 
probe is designed especially for a vertical bore scanner and the circuit design is depicted in 
Figure 3.1. The tuning and matching capacitors are connected to 'tuning sticks' which can 
be used for optimizing the frequency and impedance of the coil. 

3.1.3 Magnetic field gradients 

The linear x, y and z gradients are generated by a 3 axes gradient coil system developed by 
Doty Scientific, Ine. [8] . All three coils can deliver maximum gradients of 800 to 1000 mT/m 
and have a 43 gradient uniformity (RMS) over a 32 mm diameter by 32 mm length cylinder. 
The coils are RF shielded to reduce eddy currents. The gradient shapes are controlled by 
an analog signa! generator (ASG). A gradient control box is developed [9] to filter the ASG 
signa!, and also features gradient offset adjustments for first order shimming of the main 
magnetic field . 

3.2 Setup optimization 

To optimize the SNR of the setup, not only the factors discussed in Section 2.2.3 are important, 
but also the quality of the hardware. Imperfections in hardware components can cause signa! 
losses and increase noise levels. The following problems have been identified and resolved: 

Eindhoven University of Technology 



18 

a 

b 

ba la nee 

1 -10 p 

tuning 1 -10 p 

1 -10 p matching 

CHAPTER 3. MRI SETUP 

a 

b 

Figure 3.1: Schematic of the Litz-coil. 

• Bad connections of cables running to and from the send and receive coil can induce a 
higher noise in the signal. When checking all connections, it showed the cables running 
to the amplifier were corrupt and were therefore replaced. 

• Cables running to the output of the gradient amplifiers pick up the 200 MHz RF signal 
during transmission. This cross talk results in a small gradient offset during the trans
mission, resulting in an erroneous slice selection. A low-pass filter is installed at the 
output of the gradient amplifiers to block the 200 MHz signal. 

• In a perfect system, no noise is added to the signal after preamplification immediately 
at the output of the RF coil. In the practical setup however, many components are far 
from optimal and still add noise. To reduce these effects, the preamplification of the 
signal is increased with 20 dB, decreasing the relative noise contribution. 

• The size of the slice selection gradient for a desired slice thickness is calculated using 
Equation 2.18. Measurements of a slice profile show the actual slice thickness in a spin 
echo sequence is only 80% of the calculated thickness . The slice profile is not perfectly 
sinc-shaped because of finite rise times in the square RF pulse. This results in a selected 
slice thickness that is smaller than the calculated thickness. An easy solution to this is 
to reduce the calculated gradient to 803 of its value. 

To check the results of these improvements, SNR measurements are performed on a 0.3 mM 
MnCl2 solution in a cylindrical sample with a diameter of 10 mm. A 2D HSE image is 
obtained before and after the improvements. Therefrom the SNR is calculated according to 

Tom Broux 

SN R = Mean(Signal) 
o-(Noise) ' 

(3.1) 



3.2. SETUP OPTIMIZATION 19 

where the mean value of the signal is taken in a small region of interest (ROI) in the sample 
and the standard deviation ( a) of the noise is taken in an ROI as large as possible outside 
the sample. 
By modifying the setup step by step, it is found that the SNR increases by 25% after renewing 
the connectors. Another 25% increase is observed after the reduction of the cross talk between 
the 200 MHz signal and the gradient amplifiers. The adjustments to correct the slice selection 
bring 103 enhancement, and finally the increase of preamplification results in a 90% increase 
of the SNR. Optimization of the system hardware and software resulted in a total increase of 
signal-to-noise ratio by a factor 3.3. 
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Chapter 4 

RF coil design 

Since the signal-to-noise ratio of the standard send and receive coil as described in the previous 
chapter is not sufficient for the planned in vivo experiments, three smaller RF coil setups are 
designed to be used in combination with the 1itz coil of the standard setup. In Section 4.1, 
these RF coils are described. Subsequently, in Section 4.2, one coil setup is selected for 
further measurements based on the practicability and the SNR profiles of the coils. Finally, 
in Section 4.3, the selected coil is optimized by comparing the SNR maps of several different 
coil geometries. 

4.1 RF coil configurations 

4.1.1 Inductively coupled receive-only surface coil 

The inductively coupled surface coil consists of a double turn copper wire surface coil ( coil 
diameter = 20 mm, wire diameter = 1 mm), inductively coupled to a square pickup coil 
(30 mm by 30 mm) made of 10 mm wide copper tape. The surface coil is placed in series 
with a variable capacitor (1 - 16 pF) and the circuit has a quality factor Q = 150. The coil 
is tuned at 200 MHz by adjusting the value of the variable capacitor. Optimal matching is 
obtained by adjusting the distance between the surface coil and the pickup coil. This setup 
is used as a receive-only coil. The 1itz coil is used as RF transmitter because of the higher 
homogeneity of the B1 field. To assure the RF transmitter energy is not dissipated in the 
surface coil , it is detuned during transmission using a circuit adopted from Utrecht University, 
shown in Figure 4.1. When the coil has to be detuned, a direct current is presented at the 
trigger. This causes the PIN diode to switch from a perfect resistor for the 200 MHz signal 
to a conductor. The extra 1C-circuit of C = 24 pF and 11 is now also contributing to the 
total circuit, changing the self-resonance frequency, hence detuning the circuit. 1 1 is an air 
coil with 8 turns and a diameter of 5 mm. 12 is an air coil with a high inductance which 
prevents the high frequency signal from running to the trigger. 

4.1.2 Receive-only surface coil with passive detuning 

This setup also uses a double turn copper wire surface coil with a coil diameter of 20 mm 
and a wire diameter of 1 mm. The tuning and matching circuit of the coil setup is shown in 
Figure 4.2. The circuit has a quality factor Q = 80. 1ike the coil setup in the previous section, 
it is used as a receive-only coil while the 1itz coil is used for the RF transmission. 'Tuning 
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Figure 4.1: Active detuning circuit. During transmission a PIN-diode is actively switched 
connecting an additional capacitor and inductor to detune the surf ace co il 

sticks' are fixed to the capacitors so the surface coil can be tuned and matched from outside 
the setup. During transmission the setup is detuned by an extra inductor which changes 
the self-resonance frequency. Instead of the active detuning with a PIN diode as with the 
previous setup, a passive detuning technique is used. Two crossed diodes in series with the 
additional inductor 12, are connected parallel to the tuning capacitor. 12 is an air coil with 
5 turns and a 5 mm diameter. During transmission the current in the setup is large enough 
to forward bias the diodes and the circuit is detuned because of the addition of 12. During 
receiving however, the voltage over the diode drops below the threshold voltage of 0.7 V, and 
the extra inductor is not involved, leaving the circuit tuned at 200 MHz. 

1 - 32 p 

RFin~++---------+-----1111------. 

matching 

1 - 32 p 10 p 

tuning 

Figure 4.2: Passively detuning surface coil circuit with variable matching and tuning ca
pacitors and an additional capacitor of 10 pF to set the tuning range. L1 is a 
double turn surface coil. During transmission the crossed diodes together with 
12 detune the circuit, while the circuit is tuned at 200 MHz when receiving. 

PIN diodes are added to the 1itz coil circuit to detune the coil during signal acquisition with 
the surface coil. A control unit is developed to trigger the PIN diodes when the 1itz coil is 
used together with the receive-only surface coil. It also includes the possibility to constantly 
detune the coil for measurements with a send-and-receive surface coil and the possibility to 
constantly tune the coil, to be able to use it in its original configuration. 
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4.1.3 lnductively coupled send and receive coil 

As explained in Section 2.2.2, a small surface or volume coil inside the scanner can be in
ductively coupled to the surrounding volume coil. Unlike the coil setup described in Section 
4.1.1, this coil is inductively coupled to the Litz coil and has no external connections. The 
coil setup consists of a double turn copper wire surface coil with a coil diameter of 20 mm 
and a wire diameter of 1 mm, connected in series with a variable capacitor as depicted in 
Figure 4.3. The uncoupled coil has a quality factor Q = 180. By adjusting the capacitor, 
the small coil is tuned to a frequency a few MHz away from the Larmor frequency. When it 
is coupled to the Litz coil with a sufficiently high couple coefficient, this will result in a coil 
system with two resonance frequencies as shown in Figure 2.7. By adjusting the tuning and 
matching capacitors of the Litz coil, one of the two frequencies can be tuned and matched at 
200 MHz. Varying the mutual inductance, i.e. rotating the small coil inside the setup, can 
also help to tune and match one of the resonance frequencies to 200 MHz [10, 11] . 

1 -10 p 
tuning 

L 

Figure 4.3: Surface coil in series with a variable tuning capacitor, which can be used as a 
send and receive coil by inductive coupling to another send and receive coil. 

4.2 RF coil selection 

To decide which coil setup to use for future experiments, SNR profi.les of the coils described 
above are examined and compared. Before these measurements are performed, a preselection 
is made, based on the usableness of the coils. 

4.2.1 Preselection 

Inductively coupled receive-only coil 

The main advantage of this coil setup is its high Q-factor. Also, because the Litz coil is used 
for RF transmission, a high B1 homogeneity is expected. However, the detuning circuit in 
Figure 4.1 with 1 1 and the 10 pF capacitor is very sensitive to changes in values of capacitor 
and inductor. It is found that the coil system is optimally matched with a 20 mm space 
between the pickup coil and the surface coil. The scanner bore diameter is only 40 mm wide, 
leaving only 20 mm for sample positioning. With a view to the coil setup applications, i.e. 
the in vivo experiments, this issue of limited space is an impediment. 

Receive-only coil with passive detuning 

For this coil setup, the same advantage of high B1 homogeneity is expected, because the Litz 
coil is again used for RF transmission. A few disadvantages are problems with tangling tuning 
sticks and the fragile connection of the tuning sticks to the capacitors. As a solution to the 
first problem, the tuning sticks are separated by placing spacers at regular distances . For the 
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second problem, a new model of variable capacitor was ordered, but was not yet available 
during this study. 

Inductively coupled send and receive coil 

A major advantage of this coil setup is its usableness. Because it has no external connections, 
it can be easily manipulated in the setup. Looking ahead to future in vivo measurements, it 
can be easily and freely moved to the desired position around the rat head. Also, it can be 
easily tuned and matched, while already inserted in the scanner, by adjusting the capacitors 
of the Litz coil. However, because it is not detuned during RF transmission, a lower B1 
homogeneity is expected. 

Because, for the inductively coupled receive-only coil setup, the advantage of the higher B1 
homogeneity is not outweighed by the disadvantage of limited space, it was not selected for 
further measurements. Despite the difficulties with the adjustment of the capacitors, the 
receive-only coil with passive detuning is chosen to take along for further SNR measurements, 
because of the expected homogeneous B 1 field. The inductively coupled send and receive coil 
is also selected due to its convenient use. 

4.2.2 SNR comparisons 

To be able to compare the performance of above mentioned coil configurations, lD SNR 
profiles in the direction of the B1 field of the coils are calculated from images measured 
with a 2D HSE sequence. The sequence parameter settings are shown in Table 4.1. The 
measurements are performed on a 0.3 mM MnCh solution in a cylindrical sample with a 
diameter of 10 mm. The SNR profiles are measured for the receive-only surface coil and the 

Table 4.1: 2D HSE settings for measurements of the SNR pro.files of the different coil setups 

Parameter Setting 
Matrix 128x128 
FOV 22x22 mm2 

TR 4 s 
TE 15 ms 
NA 2 -

ST 1 mm 

inductively coupled send and receive coil. In the latter, to examine the effect of the inductive 
coupling, three profiles are measured: at strong coupling (a = 90°), medium coupling (a = 
45°) and weak coupling (a = 5° angle, almost parallel to the B 1 field). The position of the 
surface coil in the Litz coil is displayed in Figure 4.4. To check the SNR enhancement of the 
surface coils, the SNR profiles are compared to the SNR of the Litz coil. 

Results & discussion 

The results of the SNR comparisons are displayed in Figure 4.5 . From this figure, it is appar
ent that for the inductively coupled send and receive coil with strong coupling, the highest 
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Figure 4.4: By rotating the surface coil inside the Litz coil, the mutual coupling can be 
varied. The orientation with respect to the B1 field of the Litz coil is described 
by the angle a. 
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SNR is obtained (about 7 times higher than the Litz coil). However, the profile shows that af
ter reaching its maximum, the SNR rapidly decreases, indicating a low B 1 field homogeneity. 
At a distance of 3 mm from the coil, the SNR becomes lower than the SNR of the medium 
coupled coil and at 4 mm lower than that of the receive-only surface coil. The profile for 
the inductively coupled coil with medium coupling shows a lower maximum SNR, but after 
reaching this maximum, the slope of the profile is less steep, resulting in a larger homoge
neous area. This effect is similar for the weakly coupled coil, which shows an even higher 
homogeneity, but a much lower SNR increase. These results indicate a trade-off between the 
increase of SNR and the homogeneity of the B1 field. One could compare the surface coil to 
a lens which focuses the RF power. The higher the coupling coeffi.cient, the smaller the area 
in which the RF power is concentrated. Several other measurements can be clone varying the 
coupling coeffi.cient from weak to strong which will result in a gradual increase of SNR and 
decrease of homogeneity. An important advantage in the use of this setup is that the user 
can choose whether to measure with a higher SNR or a higher homogeneity. If, for example, 
a coupling coeffi.cient between the medium coupling and the weak coupling is chosen, this will 
result in a SNR profile similar to that of the receive-only surface coil. 
Examining the SNR profile of the receive-only surface coil, it can be seen that the profile is 
more uniform, pointing out a higher B1 field homogeneity, compared to the results of the 
inductively coupled coil. The homogeneous area here is slightly larger, but the SNR in this 
area is about 2 times less than the maximum SNR for the inductive coupled send and receive 
coil with medium and strong coupling. 

Apart from the dependence of the SNR and the homogeneity on the couple coeffi.cient, another 
factor is observed to infiuence the SNR as well. Before the inductively coupled coil is inserted 
in the Litz coil, it is tuned to a frequency a few MHz away from the Larmor frequency as 
explained above. Measurements with several initia! frequencies were performed, each resulting 
in a different signal-to-noise ratio. Because no direct relation between the SNR and the initia! 
frequency could be found from the results of these measurements, the coupled coil system was 
simulated with the Maple software package, which will be discussed in Chapter 5. 
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IC Strong coupling 
IC Medium coupling 
IC Weak coupling 
Receive-only surface coil 

2 4 6 8 

distance trom coil (mm) 

Figure 4.5: SNR is displayed as a function of the distance to the isocenter of the surf ace 
coil. The JD SNR profiles are shown for the inductively coupled send and 
receive surface coil (IC}, for weak, medium and strong coupling, and for the 
receive-only surface coil. The SNR of the Litz coil is indicated by the black 
squares. 
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4.2.3 Conclusion 

Based on the practical considerations and the results of the SNR comparison measurements, 
a coil setup can be selected. Based on practical considerations, the inductively coupled coil 
is the best choice because it is very convenient in use. It can be easily placed in the desired 
position and attached to a sample while outside the setup. When correctly positioned, it 
can be inserted in the scanner and tuning and matching can be performed with the variable 
capacitors that are already available in the standard setup. The positioning of the sample 
is more difficult when using the receive-only surface coil, because it is has several external 
connections (i.e. the semi-rigid coaxial cable, the tuning sticks and the detuning circuit) . For 
the in vivo applications, the inductively coupled coil setup is the most practical choice. 
Considering the maximum SNR, the inductively coupled coil also has the best performance. 
The homogeneous area for this setup however is only a few millimeters for strong coupling 
and medium coupling. Beyond this area, the SNR rapidly decreases, and at 5 mm from the 
coil, it drops below the SNR of the receive-only surface coil which has a lower overall SNR, 
but a much higher homogeneity. 
Based on above mentioned, it was decided to perform future measurements with the induc
tively coupled send and receive coil. Especially the practical benefits are a determining factor. 
The main disadvantage of the inductively coupled coil is the limited homogeneity. In the next 
section, several coil geometries are explored in order to increase this homogeneity. 

4.3 Coil optimization 

Based on its practical advantages and the results of the previous SNR measurements, the 
inductively coupled send and receive coil is selected for further measurements. In an attempt 
to increase the Bi field homogeneity, four different coil geometries are designed and SNR 
maps are measured and compared. 

4.3.1 Coil geometries 

The inductively coupled coil is tested with four different coil geometries, all made of 1 mm 
copper wire. The four geometries are shown in Figure 4.6 and described below. 

a. A simple two turn surface coil with a diameter of 20 mm (as used in Section 4.2.2) . 

b. The same two turn surface coil as above, except the turns are curved to fit around a 
cylindrical 20 mm sample. 

c. The two turns of the surface coil described in a) are now placed 20 mm apart resulting 
in a volume coil. 

d. The same volume coil as in c), except the turns are curved to fit around a cylindrical 
20 mm sample. 

The turns of the coils in b) and d) were curved in an attempt to increase the filling factor of 
the coil. By changing from a surface coil to a volume coil, an endeavor was made to increase 
the homogeneous area of the B1 field . Using a volume coil instead of a surface coil does not 
interfere with the ability of coupling the coil to the Litz coil. 
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(a) (b) 

(c) (d) 

Figure 4.6: Four tested coil geometries. ( a) A surf ace coil with 2 turns and a coil diameter 
of 20 mm, {b} The same surface coil as in {a} , with curved turns to fit around a 
20 mm cylinder, (c) A volume coil made of 2 turns with a diameter of 20 mm, 
and 20 mm separation, {d} the same volume coil as in (c}, but with curved 
turns, again to enclose a 20 mm cylinder. 

4.3.2 SNR comparison 

2D SNR maps of the four different coil geometries as described above are obtained. For 
all measurements, the coils were positioned in the setup with a medium coupling (45°). To 
approximate the size of the rat brain, a cylindrical sample with a diameter of 20 mm is 
used. The sample is made of Agar gel prepared with a 0.2 mM CuS04 solution with a mass 
percentage Agar of 4 %, so T1 and T2 of the sample are comparable to T1 and T2 of brain tissue 
(T1 = 1200 ms, T2 = 70 ms) . In order to produce the SNR maps, 2D images were obtained 
using a HSE sequence (settings shown in Table 4.2). The signal intensity in each pixel is 
divided by the standard deviation of the noise calculated from a large ROI positioned outside 
the sample area. A 2D median filter around a 5 by 5 neighborhood is applied to smooth the 
profiles. From the 2D SNR maps, a lD SNR profile is calculated on the symmetry axis of the 
images, perpendicular to the plane of the coil. 

Results 

The SNR maps are presented in Figure 4.7. When comparing the results for the surface coils, 
a first important finding is that the curvature of the turns causes an increase in homogeneity. 
This can also be seen in Figure 4.8 which shows the lD SNR profiles. By changing from a 
surface coil to a volume coil design, a similar SNR is observed in the homogeneous areas. The 
same sensitivity profile can be seen at both sides of the sample, resulting in a homogeneous 
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Table 4.2: 2D HSE settings for measurements of the SNR profiles for the different coil 
geometries 

Parameter Setting 
Matrix 128x128 
FOV 26x26 mm2 

TR 2 s 
TE 37.5 ms 
NA 2 
ST 1 mm 
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area that is over twice as large. Bending the turns results in a increase of the SNR. In the 
SNR map of the volume coil with bent turns, clearly, a small bright area can be seen at 
the top and bottom of each coil turn, where the copper wire is closest to the sample. This 
stronger local B 1 field is caused by the local magnetic field of the copper wire rather than the 
magnetic field of the coil itself. 

4.3.3 Conclusion 

The reason for experimenting with the coil geometry was to increase the homogeneity of the 
B1 field. From Figures 4. 7 and 4.8 it can be concluded that by bending the coil turns the filling 
factor is increased, resulting in an increase in SNR. By using a volume coil, the homogeneous 
area doubles in size compared to the surface coils. The combination of a practical setup, a 
high SNR and a homogeneous area that covers almost the entire ROI, makes the volume coil 
with curved turns the optimal choice for in vivo experiments. 
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(a) (b) 

(c) (d) 

Figure 4. 7: SNR maps calculated from a 2D HSE image of a 20 mm cylindrical Agar sam
ple as measured with different geometries of the inductively coupled send and 
receive coil : ( a) surf ace coil with 2 straight turns; (b) surf ace coil with 2 bent 
turns; (c) volume coil with 2 straight turns, 20 mm apart; (d} volume coil with 
2 bent turns, 20 mm apart. The dotted lines indicate the position of the coil 
turns. 
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Figure 4.8: SNR is displayed as a function of the distance to the isocenter of the surface 
coil on the symmetry axis of the 2D HSE images, perpendicular to the plane 
of the coil turn. The JD SNR profiles are shown for the Jour geometries. The 
black squares indicate the SNR of the Litz coil. 
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Chapter 5 

N umerical simulations 

In order to gain insight in the effect on the magnetic field enhancement of the initial reso
nance frequencies of both coils in the coupled coil system of the Litz coil and the inductively 
coupled coil (using the Helmholtz-like coil geometry, {d} in Figure 4.6), the behavior of the 
system is simulated using the Maple software package [12]. The results of the simulations are 
compared to magnetic field calculations based on the geometry of both coils in Section 5.2 
and experimentally verified in Section 5.3.2. 

5.1 Coupled coil system model 

5.1.1 Lumped circuit 

In order to model the effect of the coupling between the Litz coil and the Helmholtz-like coil 
with the Maple software package, the Litz coil is first approximated by a somewhat simplified 
schematic. In the Litz coil, 4 identical sections of 3 coils are present. This can be simplified 
to the schematic presented in Figure 5.1. Here, the system is reduced to two coil halves, 
denoted by 'upper' and 'lower', respectively. If the coil system is assumed to be perfectly 
balanced, the voltages at points a and b have opposite signs with respect to the ground and 
equal currents flow through both points. Because of this symmetry between the upper and 
lower parts, the circuit can approximated by that given in Figure 5.2, which will be used in 
the subsequent numerical simulations. 

matching 

1 -10 p upper 

RF 

1 -10 p 
tuning 

1 -10 p lower 

balance 

Figure 5.1: Simplified probe schematic of the Litz coil. 
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matching 

1 -10 p L1 

RF 

1 -20 p 
tuning 

Figure 5.2: Approximation of the Litz coil. 

The simplified schematic of the coupled coil system containing the Litz coil Li and the 
inductively coupled volume coil L2 is presented in Figure 5.3. The coupling between bath 
coils is described by the mutual inductance M. Resistors R1 and R2 represent the losses in 
bath circuits. In the simulations, an ideal voltage source was used generating a sinusoidal RF 
voltage with an amplitude of 1 V, in series with a resistor of 50 n. 

matching 

1 -10 p 
tuning 

1 -10 p M 

RF E---++---11A--...----.--' 

1 -20 p 
tuning 

Figure 5.3: Lumped-circuit schematic of the Litz coil (L1) coupled to the inductively coupled 
volume coil (L2). 

5.1.2 Variables determination 

In order to determine the parameters of the various components describing the coupled system, 
several measurements are performed using bath coils. The result of these measurements is 
then approximated by a simulation of the system with the Maple software package. The 
corresponding worksheets are presented in the Appendix. 

Litz coil 

First, the component values of the Litz coil are determined by measuring the frequency de
pendence of the refl.ected power of the coil and approximating the result with a simulation 
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of the system depicted in Figure 5.2. The frequency response is measured with a network 
analyzer type HP8714ES. To simulate the resulting frequency response with the numerical 
model, the value of the tuning capacitor is assumed to be about 5 pF at a resonance fre
quency of 200 MHz. The reflected power is then reasonably well described for L 1 = 10. 72 nH, 
Cmatching = 3.5 pF and a quality factor Q = wLi/ R1 = 250, corresponding to R1 = 0.053 n. 
The results of the simulation are plotted in Figure 5.4. 
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Figure 5.4: Frequency dependence of the RF power refiected by the Litz coil resulting as 
simulated with the Maple software package (solid line), and as measured with 
a network analyzer ( dotted line) . 

Inductive coupling 

To determine the couple coefficient and the component values of the inductively coupled vol
ume coil, a second measurement is performed. The Litz coil is tuned to about 199 MHz. The 
inductively coupled coil is tuned to about 201 MHz and inserted in the center of the Litz coil. 
The frequency response of the reflected power of the coupled coil system is now measured for 
various rotation angles of the inductively coupled coil around the vertical axis. The rotation 
changes the orientation of the inductively coupled coil with respect to the RF field of the Litz 
coil, hence changing the mutual inductance M between the two coils. From the frequency 
response, the resonance frequencies of the coupled coil system and the reflection at those 
frequencies is obtained and displayed as a function of the rotation angle in Figures 5.5 and 
5.6 respectively. 

A first observation from Figure 5.5 is a shift of the resonance frequency of the inductively 
coupled coil from 201 MHz to about 203 MHz which may be caused by shielding of the coil 
by the NMR insert. It can be seen that the difference between the two resonance frequencies 
reaches a minimum at angles of about 60° and 240°, indicating a minimum couple coefficient 
k as described in Equation 2.32. At these angles, the plane of the turns of the inductively 
coupled coil is parallel to the B1 field generated by the Litz coil, which is corroborated by 
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Figure 5.5: Resonance frequencies of the coupled system of the Litz coil and the inductively 
coupled coil. The solid circles and squares are the upper and lower resonance 
frequencies, obtained from the minima in the refiected power. The crosses 
denote the average of bath resonance frequencies. 

the observation from Figure 5.6 that the reflected power shows only a very small reflection at 
the higher resonance frequency, associated with the resonance of the inductively coupled coil. 
The difference of the resonance frequencies reaches a maximum at angles of about 150° and 
330° at which the reflection at the upper resonance attains a maximum as well. This indicates 
a maximum coupling between the two coils, corresponding to a perpendicular orientation of 
the inductively coupled coil and the B1 field of the Litz coil. This results in maximum energy 
transfer between both coils, hence a maximum enhancement of the B1 field inside the induc
tively coupled coil. From Figure 5.6 it can be seen that for a spread of about 60° around the 
position of maximum coupling, the changes in the reflection at the upper resonance frequency 
are minimal. Also apparent from this figure, is the observation that the attenuation at the 
lower resonance frequency corresponding to the Litz coil, is higher at 60° than at 240° . This 
could be caused by inhomogeneities in the field or asymmetrical elements in the coils. 
The behavior of the complete system depicted in Figure 5.3 is simulated using the Maple soft
ware package in order to calculate the coupling coefficient in this case of maximum coupling. 
Since the tuning capacitor of the inductively coupled coil was at about half its range, it is 
assumed to have a value of 6 pF for the resonance frequency of 203 MHz in the uncoupled 
situation. This is supported by the observation that a substitution of the variable capacitor 
with a fixed capacitor of 6.3 pF resulted in a resonance frequency of about 202.5 MHz. A 
value of 6 pF of the tuning capacitor yields an inductance L2 = 102.5 nH. With the parame
ters describing the Litz coil left unchanged, the resonance frequencies and the attenuation at 
those frequencies in the situation of maximum coupling is simulated fairly well for k = 0.07. 
The quality factor of the inductively coupled coil is also taken as Q = 250, but the results of 
the simulation are not very sensitive to this value. 

Tom Broux 



5.2. MUTUAL INDUCTANCE CALCULATIONS 

-5 

-10 

00 -15 
:3. 
c: 
~ -20 
Q) 

q::: 

& -25 

-30 

-35 

0 

angle {deg) 

60 120 180 240 300 360 

Figure 5.6: Refiection amplitudes of the upper and lower resonance frequencies of the cou
pled coil systern of the Litz coil and the inductively coupled coil. 
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As a control for the component and parameter values that are used for the numerical simu
lations of the previous section, magnetic flux calculations [13] of the coupled coil system are 
performed through Equations 2.32 and 2.34. To calculate the mutual inductance M from 
the geometry of the coil system and the self-inductances L1 and L2, it is assumed that the 
inductively coupled coil is open, hence I2 = 0. From Equation 2.34, this yields 

=> (5.1) 

The magnetic flux generated by the Litz coil L1 is estimated by assuming a perfectly ho
mogeneous B1 field and an effective number of turns N1 = l. The B1 field is the circular 
component of the total magnetic field B RF which is effective for NMR. The coil is represented 
as a cylindrical coil with a height of 64 mm and an inner diameter of 42 mm, as depicted in 
Figure 5.7. A calculation of the flux gives 

<P1 = 42 x 64 x 10-6 BnF = 2.688 x 10-3 Bnp. 

The inductively coupled coil is located symmetrically with respect to the center of the Litz 
coil. For the coil geometry described in Section 4.3 and shown in Figure 4.6 { d), the magnetic 
flux captured by one turn is given by 

<P2 = 0.888 X 7r X l0-4BnF = 2.790 X l0- 4BnF, 
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42mm 

64 mm 

Figure 5. 7: Geometry of the Litz-coil. The flux <I> 1 is calculated assuming a homogeneous 
field B1 perpendicular to the gray surface containing the coil axis. 

where the factor 0.888 is calculated from the 'effective surface' of the turns to take the curva
ture into account. Substituting the calculated values of <I>1 and <I>2 in Equation 5.1, for N 1 = 1 
and N2 = 2 and the estimated value Li = 10.72 nH given above, this yields M = 2.23 nH. 
The estimated value of Li is used because the geometry of the Litz coil is too complicated for 
a calculation of the inductance. The total inductance L2 of the inductively coupled volume 
coil can be calculated from the sum of the self-inductances of the two circular loops, the two 
straight wire segments connecting the loops and two times the mutual inductance of the loops, 
minus two times the mutual inductance between the wires [13] . This calculation yields a total 
inductance of the inductively coupled volume coil L2 = 95.5 nH. This result agrees very well 
with the value L2 = 102.5 nH estimated above. From the above derived value of M and the 
calculated value of L2, the coupling coefficient can naw be calculated through Equation 2.32 
which produces k = 0.0697 which corresponds very well with the value k = 0.07 deduced from 
the numerical simulation. 

5.3 Magnetic field calculations 

In this section, first the magnetic field of the Litz coil as simulated with the Maple package 
is compared to the manufacturers specifications. Next, the simulation of magnetic field en
hancement of the coupled coil system is compared to the experimentally obtained values for 
the magnetic field and SNR enhancement. 

5.3.1 Litz coil 

According to the specifications of the manufacturer of the NMR insert, a pulse with an (RMS) 
RF power of 240 W and a duration of 40 µs is required to create a 90° flip angle. From 
Equation 2.7, it can be calculated that the corresponding value of B1 equals 2.94 x 10-4 T. 
B1 is the circular component of the magnetic field BRF and B 1 = BRF/2, hence this results 
in a BRF value of 5.87 x 10-4 T. In order to examine the accuracy of the simulations, the 
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value of B RF is also derived from the numerical model. If only the Litz coil is considered 
in the simulation, the magnetic field ERF can be estimated from the magnetic flux <I>i . An 
(RMS) RF power of 240 W, corresponds to an input voltage of 155 Vin the simulated circuit, 
corresponding toa peak current of 93 A through the coil. The magnetic flux can be calculated 
through 

<I> Lili 
i = Ni ' (5.2) 

which, using the parameters given above results in <I>i = 997 x 10-9 Tm2 . Therefrom, 
using the coil geometry described in Figure 5. 7, the magnetic field can be calculated as 
ERF = 3.71 x 10-4 T. This value suggests the actual field in the center of the coil is about 
503 higher than that predicted by the numerical simulations. However, this value is in the 
correct order of magnitude, which indicates the coil setup is simulated fairly well given the 
simplications of the Litz coil and the estimation of the inductance of the coil. 

5.3.2 Magnetic field enhancement 

Coil resonance frequencies 

When initially tuning the frequencies of the Litz coil (fi) and the inductively coupled coil 
(/2), four situations are possible: 

fi < h < 200 MHz 

h < fi < 200 MHz 

200 MHz < fi < h 
200 MHz < h < fi. 

In order to select the optimal initial tuning situation, the system described in Section 5.1.2 
is examined. In this situation, initially fi < f2. The RF energy in both coils is presented 
in Figure 5.8. As can be expected for two coupled systems with equal quality factors, the 
energy distributes approximately evenly over both resonant circuits. At the lower resonance 
frequency, in this case originating from the Litz coil, most of the energy is present in this 
coil, whereas at the higher resonance frequency most energy is present in the inductively 
coupled coil. This is reciprocal in case h > fi. Since the effective volume of the inductively 
coupled coil is smaller, this RF energy distribution is the basis of the field enhancement, that 
was deduced from the increase in signal to noise ratio of the NMR experiments. To obtain 
the highest Bi field enhancement, the resonance frequency corresponding to the inductively 
coupled coil has to be tuned to the NMR frequency of 200 MHz after inserting the coil in the 
set up. 
In Figure 5.9, the phase of the magnetic fields of both coils is displayed. Therefrom it can 
be seen that at the higher resonance frequency the magnetic fields are in-phase and hence a 
better RF field enhancement of the circuit is obtained. 
From these two observations, it can be concluded, the situation corresponding to the highest 
Bi field enhancement, is fi < h < 200 MHz. To compare the simulated results with experi
mental data, the resonance frequency of the Litz coil is tuned at 191 MHz and the inductively 
coupled coil is tuned at 196 MHz. When the inductively coupled coil is placed in the scanner 
and orientated with a maximum coupling, the upper resonance frequency corresponds to the 
NMR frequency of 200 MHz. 
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Figure 5.8: Frequency dependence of the RF energy present in the Litz coil (solid curve) 
and the pick-up coil ( dashed curve). 

SNR measurements 

SNR measurements were performed on the same sample for the Litz coil alone and the optimal 
coupled coil setup as described above. A rubber sample was used to reduce eddy currents. 
The SNR measured with the coupled coil system was found to be about 6.8 times larger than 
that observed in the Litz coil. The RF power needed for a 90° pulse was about 16 dB less for 
the coupled coil system, indicating a factor 40 in RF power and a factor of about 6.3 in B1 
field enhancement. This corresponds to the SNR enhancement, which is expected due to the 
principal of reciprocity as explained in Section 2.2.3. 
According to this principal, the B1 field strength at any point corresponds to the sensitivity, 
hence the SNR, at that point. With the Maple software package, the B1 field of the Helmholtz
like coil is calculated at the axis trough the center of both turns. The B 1 field of the Litz 
coil alone, is perfectly homogeneous using the simplifications described above. Because the 
currents of both coils are in phase in the optimal frequency mode, the total magnetic field 
in case of the coupled system, is the sum of the fields of both the Helmholtz-like coil and 
the Litz coil. In Figure 5.10, the magnetic fields in the situations of the coupled coil setup, 
and the Litz coil setup are displayed. From this figure, it can be observed that in the center 
of the setup, the coupled coil system yields a signal-to-noise enhancement of about 4.5. A 
maximum enhancement of about 5.5 is obtained closer to the turns of the coil. The SNR 
profiles in Figure 4.8 show an enhancement of about 5 in the center of the coil and about 6 
closer to the turns which corresponds very well to the results of the numerical simulations. 
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Figure 5.9: Phase of the magneticfiux generated by L1 {solid curve) and L2 {dashed curve}. 
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Figure 5.10: Numerical calculated magnetic field strength of the magnetic flux generated by 
the Litz coil (solid line) and the coupled coil system ( dashed line) . 
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Chapter 6 

In vivo applications 

In this chapter, the developed coil is tested in several in vivo MRI measurements, visualizing 
the rat cerebral vascular system as well as the development of hypoxic-ischemic brain damage, 
in order to assess its performance. Section 6.1 gives a brief overview of the vascular system 
of the (rat)brain, as well as an explanation of hypoxia-ischemia and resulting physiological 
processes eventually leading to brain damage. Section 6.2 describes the experimental setup of 
the in vivo measurements from which the results are discussed in Section 6.3. Finally, Section 
6.4 presents the conclusions that can be drawn from these experiments. 

6.1 Physiological background 

6.1.1 Cerebral vasculature 

Blood supply to the head is provided by two pairs of arteries: the common carotid arteries 
and the vertebral arteries, shown in Figure 6.1. The common carotid arteries originate from 
the arch of the aorta and branch into the internal and external carotid arteries. The external 
carotids travel close to the surface supplying several parts of the neck and face through 
numerous branches. The internal carotids travel up into the skull to supply the brain. The 
left and right vertebral arteries come together to form the basilar artery which joins the blood 
supply of the internal carotid arteries in a ring at the base of the brain, called the circle of 
Willis. From here, several branches leave to supply the different parts of the brain. One of the 
most important properties of the circle is preserving cerebral perfusion in case of unilateral 
supply blockage. 

6.1.2 Hypoxia-ischemia 

Ischemia refers to a blood flow to cells and organs that is insufficient to maintain their normal 
function. This results in a subnormal concentration of oxygen (hypoxia) and lack of nutrients 
and minerals. Cerebral hypoxia-ischemia can result in an impairment of the brain energy 
metabolism. This can cause a failure of the ion pumps, resulting in an increased intracellular 
ion concentration. Resulting osmotic pressure causes an influx of water in the brain cells, 
producing a cellular swelling called cytotoxic edema [14]. If there is no intervention within 
the therapeutic window, this may lead to permanent brain damage. 
Because of the increase of the intracellular space, the tortuosity of the extracellular compart
ment increases. This results in a decreased water diffusion in the brain. This decrease in 
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Circle of Willis 

common carotid artery 

Figure 6.1: Blood vessels supplying the brain. The common carotid arteries and the verte
bral arteries originate at the arch of the aorta. The common carotid splits up 
in two parts of which the internal carotid artery travels to the brain. The two 
vertebral arteries join at the base of the neck to form the basilar artery. The 
three arteries meet in the circle of Willis from where smaller arteries leave to 
supply the entire brain. The purpose of the circle is to preserve perfusion in 
case of unilateral supply blockage. 

diffusion can be observed as a hyper-intense region in a diffusion weighted image, making it 
possible to visualize cerebral hypoxia-ischemia in a very early stage with this technique. 

6.1.3 Animal model 

In this study, a rodent model of perinatal hypoxia-ischemia is used. For the in vivo ex
periments, 10 to 15 day old rats are used because the developmental stage of the brain is 
comparable to premature to a-term human neonates [15]. Hypoxia-ischemia is induced by 
combining unilateral common carotid artery occlusion with a reduction of the inhalation oxy
gen percentage [16]. This reduction of 02 lowers the blood pressure, effectively eliminating 
the circle of Willis. This induces hypoxia-ischemia in one hemisphere. 

6.2 Experimental setup 

6.2.1 Materials 

For the in vivo MRI measurements of rats, an animal cradle is developed that is compatible 
with the vertical bore of the MRI setup. The cradle, shown in Figure 6.2, consists of a half 
cylinder Plexiglas tray on which the rat is fixed. It is equipped with a nosecone for gas 
anaesthesia, a heating pad, a pressure probe for monitoring respiration, and a three point 
fixation system (tooth-bar and ear-plugs). Cut-aways are provided for external connections 
such as the heating pad water supply, the anaesthetics feed duet, connections to the respiration 
sensor, to various probes and to the coil, if necessary. 
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(3) (4) (1) (2) (5) (6) 

Figure 6.2: Animal cmdle designed in this study, equipped with an inductively coupled vol
ume coil (1), a nose cone for gas anaesthesia {2), a heating pad for body tem
pemture control {3), a pressure probe for monitoring respimtion (4), a tooth-bar 
for fixation (5) and cut-aways for exlernal connections (6). 

6.2.2 Procedure 

In order to test the developed coil setup, two in vivo measurements are performed. 

Control experiment 

45 

A 10 days old Lewis rat is anaesthetized with 1.5 to 33 isoflurane delivered in air and remains 
under constant isoflurane anaesthesia during the experiment. The rat is fixed on its back to the 
animal cradle using earplugs and a headhold which supplies the anaestetics. The respiration 
sensor is placed on the rat and fastened to the cradle. The temperature of the heating pad is 
kept constant at 39°C during the measurement. The standard volume coil is initially tuned 
at 195 MHz. The small volume coil is tuned at 196.5 MHz and placed inside the headhold 
over the head with the plane of the turns in the transverse plane of the rat brain. Then, 
the animal cradle is inserted in the NMR scanner and rotated to maximize coupling between 
the inductively coupled coil and the standard volume coil. Finally, the tuning and matching 
of the standard volume coil is adjusted so the upper resonance frequency of the coupled coil 
system is optimally matched at 200 MHz. 
lD HSE measurements are performed to position the rat brain in the isocenter of the gradients. 
To visualize cerebral vasculature, an MRA measurement of a slab of 64 contiguous slices is 
performed using a 3D gradient echo sequence with settings shown in Table 6.1. 

Carotid occlusion experiment 

Before the measurement, the right common carotid artery of a 15 days old Lewis rat is 
exposed at the bifurcation to the external and internal branch though a midline incision of 
the neck. The artery is then ligated below the bifurcation. During the measurement, the rat 
is anaesthetized with 1.5 to 33 isoflurane delivered in 303 02 and 703 N2. Hereafter, the 
preparations are identical to the previous experiment. 
Again, lD HSE measurements are carried out to position the rat brain in the isocenter of 
the gradients and an MRA measurement of a slab of 64 contiguous is performed using a 3D 
gradient echo sequence with settings presented in Table 6.1. 
DWI measurements are performed with a diffusion weighted TSE sequence using the settings 
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Table 6.1: 3D GE settings for MRA of the vascular system of the rat brain. 

Parameter Control Occlusion 
Matrix 128x128x64 - 128x128x64 -
FOV 26x26x20 mm3 25x25x25 mm3 

TR 65 ms 65 ms 
TE 734 µs 734 mus 
NA 2 - 2 -

Slab thickness 18 mm 25 mm 
Flip angle 90 0 90 0 

Imaging time 17.6 min 17.6 min 

displayed in Table 6.2. Pulsed field gradients with a value GrFG = 525 mT /m are applied 
with a duration of ó = 2.5 ms and a time of ~ = 9 ms between the pulses, resulting in a 
b-value of b = 1008.59 s/mm2 . To induce hypoxia-ischemia, the 02 level in the anaesthetics 
is reduced to 8% [17] and a series of 8 succesive DWI measurements is carried out with the 
settings shown in Table 6.2 to monitor resulting diffusion changes. 

Table 6.2: 2D TSE DWI parameter settings for monitoring hypoxia-ischemia development. 

Parameter Setting 
Matrix 128x128 
FOV 25x25 mm2 

TR 2 s 
TE 24 ms 
NA 4 -

TF 4 -

ST 1 mm 
b 1008.59 s/mm2 

Imaging time 4.25 min 

6.3 Results & discussion 

6.3.1 Experimental setup 

The use of the developed volume coil in combination with the animal cradle was not as easy 
as expected. Optima! positioning of the coil is obstructed by the surrounding headhold. This 
headhold also hinders adjustments of the tuning capacitor after the coil is positioned around 
the head. Good respiration monitoring was difficult due to a noisy signal from the pressure 
probe, which was probably caused by bad signal filtering. 

Tom Broux 



6.3. RESULTS & DISCUSSION 47 

6.3.2 MRA 

From the 3D images resulting from the MRA measurements, a maximum intensity projection 
(MIP) perpendicular to the plane of the circle of Willis is made. The results for both mea
surements are presented in Figure 6.3. From the result of the first measurement, the signal 
intensity in the circle of Willis is uniform, pointing out a uniform blood flow as expected. The 
hyper-intense areas at the top and the bottom of the image are presumably the effects of the 
sinc-shaped profile of the selected slab. These artifacts then can be reduced by using sinc
shaped RF pulses resulting in a square slice profile. Comparing the result to the schematics 
of the vascular system in the rat brain (Figure 6.1), other arteries surrounding the circle, such 
as the posterior cerebral arteries and the basilar artery can be recognized as well. The more 
distal arteries are most likely branches of the external carotid arteries. 

(a) (b) 

Figure 6.3: Maximum intensity projections of a 3D MRA image of the rat cerebral vascu
lature. ( a) shows the result of the control experiment showing a normal blood 
flow. The internal carotid arteries, the basilar artery and the circle of Willis 
can be seen, as well as some of the smaller arteries originating from the circle. 
A few distal arteries can be observed, which are branches of the external carotid 
artery. (b} shows the result of the experiment where the right common carotid 
artery is occluded. The right side of the circle of Willis clearly shows a lower 
blood flow. The right internal carotid artery and the distal branches of the right 
external carotid artery cannot be seen in the image, as expected. 

From the result of the second MRA measurement (Figure 6.3), it can be seen that the sig
nal in the right side of the circle of Willis is significantly smaller compared to the left side, 
indicating a lower blood flow. Also, the distal branches of the external carotid artery are 
not visible in the right hemisphere. These results are consistent with the expected effects of 
occlusion of the right common carotid artery. 

6.3.3 DWI 

The result of the first DWI measurement, before the reduction of 02, is presented in Figure 
6.4 together with the image obtained last in the series of eight measurements performed after 
the induction of hypoxia-ischemia. The series of diffusion weighted images is obtained by 
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measuring one image every 4.25 minutes. To examine the change in signal intensity in the 
brain, each image is divided pixel by pixel by the DWI image that was measured before the 
hypoxia-ischemia was induced. In each image, two regions of interest are selected, of which 
the positions are indicated in Figure 6.4. The mean signal of each ROI is plotted as a function 
of time and is displayed in Figure 6.5. 

Figure 6.4: Diffusion weighted images of the rat brain before and 34 minutes after induc
ing hypoxia-ischemia show an increase in signa[ i.e. a decrease in diffusion. 
The white dotted circles indicate the ROis where the mean signa[ intensity is 
determined. 

From these results, significant increase in signal intensity, i.e. a decrease in diffusion, in both 
hemispheres after the reduction of the oxygen level can be seen, pointing out global hypoxia
ischemia. After 25 minutes, the signal intensity stabilizes. These findings are in agreement 
with results in literature [17]. The global hypoxia-ischemia is caused by the fact that the rat 
did not survive the decrease of 02 and <lied during the first of the eight DWI measurements. 
A cause for this can be the suppression of respiration by the isoflorane in combination with 
hypoxia, resulting in a failure of the respiratory organs. 

6.4 Conclusions 

In conclusion, the inductively coupled volume coil, developed in this study, allows the mea
surement of diffusion changes in the brain due to hypoxia-ischemia. The signal-to-noise ratio 
in the diffusion weighted images is sufficiently high for measurements within a time resolution 
of about four minutes, which meets the requirements that were set at the start of the study. 
The results are consistent with those described in literature. 
The MRA images give a good representation of the blood flow in the brain. The circle of 
Willis and large arteries flowing to and from the circle are clearly visible, as well as some of the 
smaller arteries originating from the external carotid artery. The 3D images are comparable 
to images found in other studies. From the results of the experiment with the occlusion of 
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Figure 6.5: Normalized mean signal intensity in the left and right half of the brain is shown 
from the onset of induction of hypoxia-ischemia. 
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the common carotid artery, clearly a difference in signal intensity, hence a difference in flow, 
between bath hemispheres can be observed. 
The setup of the developed coil with the animal cradle needs a few modifications to facilitate 
its use. 
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Chapter 7 

Conclusions 

In this study a setup for DWI measurements of hypoxia-ischemia in rat brain, compatible 
with the available MRI setup was developed and implemented. This development consisted 
of optimizing the standard setup, designing an animal cradle, and developing a new coil setup, 
capable of measuring diffusion weighted images with a sufficiently high SNR and time reso
lution to visualize acute cerebral hypoxia-ischemia induced diffusion changes. 

Optimization of the MR hardware (by a.o. improving signal preamplification and reducing 
RF and gradient cross-talk) resulted in an SNR increase of a factor 3.3. 
An animal cradle compatible with the vertical bore of the MRI setup is designed which pro
vides all necessary features for in vivo experiments , such as animal fixation, anaesthesia, 
respiration monitoring and body temperature control. 
The main part of this study was to design an improved coil setup is developed consisting of a 
small Helmholtz-like RF coil without external connections, inductively coupled to the Litz coil 
of the standard setup. The dimensions and the geometry of the coil were optimized, resulting 
in a sufficiently homogeneous magnetic field in the area of interest, i.e. the rat brain. It was 
observed that the SNR enhancement depended largely on the initial resonance frequencies of 
both coils. To understand the effects on the SNR of the different frequency modes for which 
the coil can be coupled to the Litz coil, numerical simulations were performed, describing the 
coupled coil system. These showed a maximal increase of the B1 field, hence a maximal in
crease in SNR, when the currents in both coils were in phase and maximum coupling between 
the coils was obtained. Measurements with these settings have shown a SNR enhancement of 
a factor 6.8 compared to the Litz coil. 
To verify the performance of the developed coil, two in vivo experiments were performed, 
comprising MRA measurements of the cerebral vasculature and DWI measurements of the 
rat brain. In the first ( control) experiment, the animal cradle was tested and cerebral vas
culature was visualized. In the second experiment, hypoxia-ischemia was induced through a 
combination of occlusion of the common carotid artery and reduction of oxygen inhalation. 
Angiography showed a decreased blood flow in the ipsilateral hemisphere, matching the uni
lateral carotid occlusion. DWI revealed a globally decreased diffusion, caused by the decease 
of the rat during the experiment. The timescale of this global ischemia induced diffusion 
change matches results described in literature. 

In conclusion, the inductively coupled volume coil developed in this study, can be conveniently 
used in in vivo experiments. The use of the developed coil, together with the optimizations 
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of the standard MRI setup, resulted in an increase of the SNR by a factor 22.5. The signal
to-noise ratio in the diffusion weighted images is sufficiently high for measurements within 
a time resolution of about four minutes, which meets the requirements that were set at the 
start of this study. 
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Chapter 8 

Recommendations 

In this study, a setup to measure the development of cerebral hypoxia-ischemia was designed 
and implemented. Specific aspects of this setup can still be further improved or optimized. 
Section 8.1 discusses possible modifications of the experimental setup, while in Section 8.2, 
recommendations for future measurements are given. 

8.1 Experimental setup 

The developed Helmholtz-like inductively coupled volume coil enables monitoring of changes 
in diffusion coefficient in the rat brain. To improve the homogeneity of the sensitivity of the 
coil, the geometry could be modified. Turns with a larger diameter and stronger curvature 
could provide a better filling factor, possibly increasing homogeneity as well as SNR. The 
quality factor of the coil could be further increased by using silver wire instead of copper, 
reducing Ohmic resistance. This could possibly decrease energy dissipation in the coil, effec
tively increasing the SNR. 

Because the final goal of this research is to combine EEG and MRI in the investigation of 
cerebral hypoxia-ischemia, EEG electrodes will have to be added to the developed coil setup. 
To investigate the infiuence of the electrodes on the performance of the coil, phantom mea
surements are required. 

For the pilot DWI measurements performed in this study, a single slice in the center of the 
brain was imaged to reduce acquisition time. The setup could further be optimized by the 
addition of a multislice TSE sequence, enabling fast measurements of the whole brain. 

The animal cradle designed in this study currently obstructs the manipulation of the coil 
setup because of the size of the combined head holder and anesthesia nose cone. A smaller 
nose cone would result in a more convenient use. This would also facilitate tuning of the 
coils once placed around the head of the rat. Another factor improving tuning is the use of 
an angled ceramic screwdriver, which was designed but not yet available during this study. 
Further difficulties were encountered monitoring animal respiration. Obtaining a clear signal 
proved difficult. Modified signal filtering and processing could possibly solve this. Finally, 
the addition of an animal temperature monitoring system, with feedback to the heating pad, 
is required to accurately maintain constant body temperature during anesthesia. 
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8.2 Measurements 

During the in vivo MR experiment monitoring the rat with unilateral occlusion of the common 
carotid artery, the animal stopped breathing immediately following the reduction of the in
halation oxygen percentage. This was most likely caused by suppression of respiration due to 
a combination of anesthesia and hypoxia. A possible solution would be to artificially ventilate 
the animal. Because of the size of neonatal rats, intubation is difficult, making tracheotomy 
a more viable option. 

As mentioned in Section 8.1, the addition of a multislice TSE pulse sequence would enable fast 
acquisition of images of the entire brain. This is necessary to accurately determine position 
and size of the hypoxic-ischemic region. Furthermore, the addition of a reference measure
ment without diffusion weighting would provide the possibility to obtain quantitative diffusion 
information. The MRA measurements performed in this study still contain artifacts, most 
likely caused by the use of block-shaped RF pulses. Using sinc-pulses might reduce these 
artifacts. 

A useful addition to the measurement procedure would be some form of histology, e.g. TTC 
staining, to verify measured location and size of hypoxic-ischemic regions. 

Finally, when above mentioned optimizations of setup and measurement procedure are real
ized, an interesting expansion of this study would be monitoring the development of reperfu
sion injury resulting from temporary hypoxia-ischemia, as this is more clinically relevant than 
permanent hypoxia-ischemia, and underlying damage mechanisms are not fully understood . 
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Appendix A 

Coupled coil system 

> restart; 
-------- first coil -----
> eq1:= vin=vn1+iin*(rs+zcs) ; 
> eq1a:= vin=vs+iin*rs; 
> eq2 := iin=ic2+il1; 
> eq2a:= subs(eq2,eq1); 
> eq2b:= subs(eq2,eq1a); 
> eq3:= ic2=vn1/zc2; 
> eq3a := subs(eq3,eq2a); 
> eq3b:= subs(eq3,eq2b); 
> eq4:= vn1=il1*(rs1+zl1+zc1)+vm12; 
> eq4a := subs(eq4,eq3a); 
> eq4b:= subs(eq4,eq3b); 
> eq5:= vm12=-il2*zmm; # Lenz 
> eq5a:= subs(eq5,eq4a); 
> eq5b:= subs(eq5,eq4b); 
-------- second coil - -----

> eq6:= il2*(rs2+zl2+zc3)+vm21=0; 
> eq7:= vm21=-il1*zmm; # Lenz 
> eq7a:= subs(eq7,eq6); 
> eq8:= solve(eq7a,{il1}); 
> eq9:= solve(eq7a,{il2}); 
> eq10:= subs(eq8,eq5a); 
> eq11:= subs(eq9,eq5a); 
> eq11a:= subs(eq9,eq5b); 
> eq12 :=solve(eq11,{il1}); 
> eq13 := subs(eq12,eq11a); 
> trs:=solve(eq13,vs)/vin; 
> refl:=1-2*trs; 
> tr1:= solve(eq11,il1)/(vin/2); 
> tr2:= solve(eq10,il2)/(vin/2); 
> zcs :=1/(I*omega*cs); 
> zc1 :=1/(I*omega*c1); 
> zc2 :=1/(I*omega*c2); 
> zl1:=I*omega*l1; 
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> zc3:=1/(I*omega*c3); 
> zl2 :=I*omega*l2; 
> zmm:=I*omega*kk*sqrt(l1*12); 
> rs :=50; 
> cs:=6*10A(-12); 
> c1:=140*10A(-12); 
> c2:=120*10A(-12); 
> csub:=(c2+cs*c1/(c1+c2))*c1/(c2+c1+cs*c2/(c1+c2)); 
> 11:=10.72*10A(-9); 
> freq1:= evalf(1/(2*Pi*sqrt(l1*csub))); 
> q1 :=250; 
> rs1:=2*Pi*200*10A6*11/q1; 
> c3:=6.5*10A(-12); 
> 12:=102.5*10A(-9); 
> freq2:= evalf(1/(2*Pi*sqrt(l2*c3))); 
> q2:=250; 
> rs2 :=2*Pi*200*10A6*12/q2; 
> kk:=0.07; 
> trs1:=simplify(tr1); 
> trs2:=simplify(tr2); 
> refp:=simplify(abs(refl)); 
> omega:=2*Pi*f; 
> plot({abs(0.5*11*trs1A2), abs(0.5*12*trs2A2)},f=170*10A6 .. 210*10A6); 
> plot(20*log(refp),f=170*10A6 .. 210*10A6); 
> plot({abs(trs1), abs(trs2)},f=170*10A6 .. 210*10A6); 
> 



Appendix B 

Magnetic field Helmholtz-like coil 

> restart; 
The off-axis equations for a loop at xl 
> Bx1:=B01/(Pi*sqrt(Q1))*(EllipticE(k1) 

*(1-alphal '2-betal '2)/(Ql-4*alphal)+EllipticK(kl) ); 
> Br1:=B01*gamma1/(Pi*sqrt(Q1))*(EllipticE(k1) 

*(l+alphal '2+betal '2)/(Ql-4*alphal)-EllipticK(kl)); 
> alpha1:=r1/a1; 
> beta1:=x1/a1; 
> gamma1 :=x1/r1; 
> Q1:= ((1+alpha1)~2+beta1~2); 

> k1:=sqrt(4*alpha1/Q1); 
> B01:=mu0/(2*a1); 
N ext the off-axis equations for a loop at x2 
> Bx2:=B02/(Pi*sqrt(Q2))*(EllipticE(k2)*(1-alpha2~2-beta2~2) 

/ (Q2-4 *alpha2)+ EllipticK(k2) ); 
> Br2:=B02*gamma2/(Pi*sqrt(Q2))*(EllipticE(k2)*(1+alpha2~2+beta2~2) 

/ (Q2-4 *alpha2)-EllipticK(k2)); 
> alpha2:=r2/a2; 
> beta2:=x2/a2; 
> gamma2:=x2/r2; 
> Q2:= ((1+alpha2)~2+beta2~2); 

> k2:=sqrt(4*alpha2/Q2); 
> B02:=mu0/(2*a2); 
Create a pair 
> a1:=a; 
> a2:=a; 
> x1 :=x-b; 
> x2:=x+b; 
> a:=0.01; # meters 
> b:=0.009; # correction for curvature of the loops 
> mu0:=4*Pi*10~(-7); 
> Bxt:=Bx1+Bx2; 
> r1 :=r; 
> r2:=r; 
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> Brt:=Br1+Br2; 
> r:=O; 
> # x:=0.01; 

APPENDIX B. MAGNETIC FIELD HELMHOLTZ-LIKE COIL 

> plot({Bxt,Bx1,Bx2},x=-0.02 .. 0.02); 
> 
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