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Abstract

In this thesis, the probes were modelled and constructed at the SPMMRC. All
measurements were performed on a 7T Philips scanner. The coils have been
successfully evaluated. The dipole, loops, strip line and wrist probes for imaging
the pelvis, knee and wrist were tested for clinical use at 7T. Two elements wrist
coil can pick up signals from the whole region of interest. The advantage is more
uniformity of field of view and better sensitivity. The in vivo MRI images
acquired in the wrist showed the two elements provided the good quality images
for the human wrist. The second study is microstrip line probe. The current flows
over the flat-strip were computed, it showed that a significant increase of current
close to the edges. This result agrees with theory. We did not use the strip line
coil to image a human body, because the coil generated a high SAR/B,*? level in
the region of interest. The third study was of a coil of two square loops. One way
of achieving decoupling is to use the overlapping technique to decouple the coils
in the simulation. It produced high signal-to-noise ratio and provides a large field
of view. Finally, the dipole has been developed for in vivo MRI applications. We
presented a novel model for determining the length of the PECs required for
tuning the dipole at 298 MHz. The efficiency, field of view and homogeneity
were improved by adding the flat strip, two strips and array strips dipole. The
SAR/B,*? generated by the dipoles was much less than produced by the loop coil
and strip line coil in the pelvis. The dipoles showed the desired improvement in

SNR and homogenous coverage. Coverage goes much further into the pelvis and

knee as well.
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Chapter 1

1 Introduction

There are many diagnostic medical imaging modalities in use today such as X-ray,
PET scan, CT scan, Ultrasound and Magnetic Resonance Imaging (MRI). The
latter is one of the most useful techniques and is a powerful tool for the
visualization of the internal structure of a human being and the functioning of the
human brain. It was developed independently by Sir Peter Mansfield [1] and Paul
Lauterbur in 1973. They developed techniques which use NMR to produce
images. They were both awarded the 2003 Nobel Prize in Medicine for
discoveries concerning magnetic resonance imaging. Also Sir Peter Mansfield
developed the echo-planar image (EPI) technique in 1977 [2], now used for
functional MRI. Thousands of MRI systems have now been installed worldwide,

most of them in clinical usage and others for research.

The RF probe coil is one of the main devices in the MRI system. RF probes have
two main functions: excitation of nuclear spins and detection of the signals. RF
probes can be divided into three categories: 1) transmit and receive probe
(transmission mode or/and reception mode), 2) receive only, and 3) transmit only
[3]. The probe can be driven in a single mode (one feeding port) or in a
quadrature mode (two ports). Two port drive should improve the receiving

sensitivity based on the principle of NMR spin direction.

David Hoult [4] stated that the nuclear magnetic resonance (NMR) signal strength
may be assessed by application of the principle of reciprocity. Based on this
principle, an r.f. coil can be evaluated. Early RF probes were simple wires placed

around the region of interest and solenoid probe. A single wire loop probe, and



more generally a set of conductors were the most commonly used to detect the

signal.

Technical developments and improvements to magnet design have increased the
available the static magnetic field, which is extremely significant to enhance the
image quality. Low field MRI is not as sensitive as high field, given that the
Larmor frequency increases as the static magnetic field increases as well as the
net magnetisation. As the frequency increases then the wavelength becomes
shorter than the dimensions of a sample volume. At 7 T (300 MHz) the
wavelength inside the head and pelvis of a human body are approximately 12.5
cm and 13.1 cm respectively. Therefore, the dimension of the head as an example
is roughly twice the operational wavelength [5]. Moreover, the inhomogeneity
caused by the dielectric and boundary conditions in the human body, become
significant at high field strength [6]. Raised RF attenuation in tissue causes
decreased B, efficiency due to conductivity [7]. Also, RF power deposition

increases causing a higher SAR for a given B, [8].

It is difficult to generate uniform radio frequency over a sample volume of
interest and also not easy to design and build large size RF probes which operate
at high frequency when the wavelength of a high frequency in human approaches
the RF coil’s dimension [6]. However, an alternative approach is the transceiver
array probe, where this dcsign will allow for independent phase and amplitude to
be controlled for each individual element [9). Uniformity is necessary for RF
probe as any RF inhomogeneity affects the flip angles and hence the contrast [1].
The B,* uniformity is required to produce accurate multi-echo pulse sequences.
The geometrical structure of an rf coil also needs to be considered. Design of RF
coils involves the accurate characterization of the electromagnetic field
distributions inside a biological sample. The Biot-Savart law can be used at a low
field strength, which gives very good approximations. However, at high field
strength it is necessary to solve fully Maxwell’s equations to determine the
interaction between the coil and phantom or human tissues [10]. There are several
methods, which have been used in the past; the most popular one is the Finite

Difference Time Domain (FDTD) method. Using high field such as 7T faces
2



technical challenges in obtaining good RF penetration, sensitivity, homogeneity
and also a large field of view. All these parameters may be modelled for each

design of coil and discussed in this research.

This research will undertake to design and build a range of RF surface coils for
scanning on a 7T at Nottingham University. In this thesis we wish to answer the
question: which of these geometries is optimum for imaging at high field? The
work in this research is focused on the development of RF coils, which can be
used to overcome some difficulties such as inhomogeneity, by imaging a far field
region. The probes will be able to scan a human knee, wrist and pelvis. Before
building any coils, it is necessary to model the coil by applying FDTD
simulations to develop new coil geometry. Previous studies have shown that the
B,” field distribution depends on the geometry of the coil and signal to noise ratio
(SNR) and sensitivity vary as a function of the B,. The commercial software
XFDTD will be used to simulate the electromagnetic properties of different coil

geometries such as the wrist coil, microstrip line, circular loop coil and dipole coil.

To develop and improve the probe efficiency, the current distributions must be
calculated on the surface of the probe. To obtain deep B;" penetration, the
Poynting vector may be computed to evaluate the probe. To achieve a good
optimization, all model dimensions should be considered the same as those that
will be utilized in experiments. For that reason, the B,*, B;" and SAR must be
determined in order to obtain the best performance of the probe. There are many
precautions that should be taken into account through the stages of designing the
probe such as obtaining high SNR and low SAR, which can be achieved by using
the FDTD method and MATLAB codes. The aim of this project is to design and

build an RF probe to be used on a 7T for wrist, knee and pelvis scanning.

In 2010 Raaiimakers et al. [8] published a first paper that first proposed using the
dielectric material made of a ceramic . This paper described a good comparison
between the dipole, loop and stripline coils. In 1990 Roemer et al. published a

paper [11] which details the coupling and decoupling technique. The overlapping



technique was reported. By using this technique, it is possible to compensate
mutual induction to almost zero. In 2003 Kwok et al. published a paper which
provides description of how to reduce electrical coupling with a knee coil by
distributing three capacitors in each element and the overlapping technique was
used to decouple the elements [12]. Pruessmann et al. [13] have constructed a
mechanically adjustable coil array for wrist MRI. They used low pre-amplifier
impedance to decouple eight elements. The paper by Collins et al. [14] provides a
good description about the calculations of B, distributions, SNR and SAR. In
1998 Chen et al. [15] published a paper. This paper detailed the FDTD method. It
provides numerical simulation of SAR and B;. In 1996 C. Gabriel et al. [16]
published a paper regarding the dielectric properties of biological tissues. This
paper provides an overview about the relative permittivity and conductivity of

tissues at different frequencies.

1.1 Thesis Outline

The thesis is organised into eight chapters. Chapter one presents the introduction
and scope of this thesis. Chapter two presents the MRI theory and instrumentation

such as main magnet and gradient coils.

Chapter three demonstrates the RLC circuit, coaxial cables, quality factor,
coupling and decoupling. It also details noise and eddy current effects. Next we
describe how to simulate the coils using theory relevant to the Finite Difference
Time Domain (FDTD) method, explore tissues properties, as well as finally
presenting the segmentation of the female pelvis model. Chapter four details the

development of the wrist coil, modelling both one and two elements. The By

mapping, sensitivity and the decoupling technique are shown.

Chapter five presents microstrip transmission line theory and then models the one
strip line and two strip line. It also computes the B," and specific absorption rate
(SAR), testing one element and two elements on the 7T. Chapter six provides

background information about the loop coil, models one-loop coil, and two-loop



coils, and explores coupling and decoupling of the two loops. It also tests one

element coil on the 7T.

Chapter seven focuses on the development of the dipole antenna for transmit and
receive. Initially based on a water dielectric, which is a novel design, then the
modelling and building of the dipole antenna using a ceramic material is
described. A high frequency RF surface coil based on the use of ceramic has been
developed for in vivo MRI applications on the human pelvis at 7T. This chapter
deals with four different types of dipoles. We will describe modelling the dipole
antenna as mounted on the ceramic one-strip, two-strip, flat-strip and array strips.
Comparisons with phantom studies were performed. Chapter eight contains a
brief summary of the results obtained from the simulations, tests of the coils on
the 7T and comparing results of simulations with different parameters; some

future work is also suggested in this chapter.
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Chapter 2

Magnetic Resonance Principles

2 Magnetic Resonance Imaging (MRI) Theory

In this chapter, the basic principles of magnetic resonance imaging (MRI) are
described. The main components and function of MRI scanner components such

as the magnet and gradient coils are described.

Nuclear magnetic resonance (NMR) is a phenomenon observed when nuclei such
as hydrogen are placed in a magnetic field By. The main concept behind magnetic
resonance is that some nuclei have the property of spin leading to a magnetic
moment W. MRI is based on the interaction between an applied magnetic field
and a spin. In the absence of an applied magnetic field the magnetic moments of
the protons are orientated in a random manner, but when the sample is placed in
the magnetic field a new thermal equilibrium state is created [1]. The spin
orientations are parallel and anti-parallel and have different energies. The parallel

(spin up) orientation to By has lower energy while the anti-parallel (spin down)

has higher energy [2].

2.1 Boltzmann Distribution

The population distribution of spins between spin-up and spin-down states can be

described as;



Higher energy
g4 4
./"
-
7
l l - Bo I AE
\"—I—I—I—H—' Lower energy

Figure 2.1-1 shows Zeeman energies.

&___ex (_A_E) 2.1.1

Where N, and Nj are the numbers of spins in the spin-down state and spin-up state
respectively, and AE is the energy difference between the states. The difference in

population at high temperature can be computed as given by.

NYB, 2.1.2
Ng =N, =——=2
g~ N 2kgT’

Where T is the temperature, By is the static magnetic field and k; is the Boltzmann

constant (1.38 x102JK™).

The summation of parallel and anti-parallel magnetic moments over the whole
sample will be non-zero and has a value of Mo, This is called the net

magnetization; the vector has the same direction of By:

My = xB, 2.1.3
Where y is the susceptibility.

In a homogenous static magnetic field of strength By the equilibrium

magnetization My is defined by the Langevin equation [3]:



N _ v*h*pB, 2.1.4
AL T

Where kg is Boltzmann’s constant, T is the absolute temperature and p is the

number of nuclei per unit volume.

The MRI principle can be described using both a classical approach and quantum
mechanics. It was noted that there are two possible states for protons +1/2 which

have a magnetic moment u [4] as shown in Figure 2.1-2.

n=yl, 2.1.5

Where y the gyromagnetic ratio (point charge in circular motion = (q/2m)) and I

is the angular moment.

Precession
of single
proton

Figure 2.1-2: Precession of the magnetic moment about B,

The magnitude of the angular moment is quantized, meaning it has an integer

number ranging from +/ to —/ and the z component can be written as:

10



h 2.1.7
Hz =ym Py

It was found that when a sample or human body is placed in the magnetic field, a
new thermal equilibrium is established and the magnetic moment gains the energy,

The Zeeman energies can be written as the difference between two states.

h 2.1.8
AE = ym— e
Yo B,
where m=-], -I+1... ]
The resonance frequency can be defined as [5]:
_4E _vB, 2.1.9

f h 2r’

The above equation is called the Larmor equation, where f is frequency of

precession and it is proportional to the strength of the main static magnetic field.

The equation 2.1.8 shows that the difference in the energy levels relies on the
strength of the static magnetic field. Therefore, the number of spins in each level

depends on the static magnetic field and increases with raising the B, as shown in

Figure 2.3-1.

2.2 Equation of Motion

The NMR phenomenon can be described using either a classical or a quantum
mechanical approach. In the classical theory of motion, the dynamics of a

magnetic moment in the external field B can be expressed as:

11



dp 2.2.1

The above differential equation can be written in terms of three Cartesian

equations:

dpy _ 222
W = YﬂyBO - wo#y,
du 223
_d-tl = =YlxBy = —w, Uy,
duz _ o 2.2.4
dt

In fact, the magnetic moment in the main static magnetic field rotates in two-

dimensional transverse planes. u, and y, can be written in two terms, real and

imaginary parts:

ue(t) = e (8) +1ipy (2), 2.2.5

RO ETN () el 2.2.6

This represents a clockwise rotation in the complex plane.

2.3 Free Induction decay (FID)

Based on the principle of reciprocity, when applying unit current to the probe and
the B; generated at the sample, the signal induced in the probe by the precessing
nuclear magnetic moment, M, will be proportional to the strength of this field and

given as [6]:

12
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&= _E(Bl'M)' 2.3.1

The most basic NMR experiment is the generation of a free induction decay
signal. When the sample is placed in a homogeneous magnetic field and the r.f
probe placed very close to the sample to generate B, at the Larmor frequency, the
B, field causes the spins to flip into the transverse x-y plane [7]. When the B, is
switched off, the spins return to their equilibrium state and the probe receives the
signal. The FID then decays exponentially. The rate depends on the uniformity of
By and the T, of the sample. This provides information about the environment of
the spins. A simple Fourier transform of the free induction decay provides the

complex signal or phase amplitude signal [8].

To excite the spins we apply an electromagnetic wave to the region of interest
using RF coils or antenna. After applying a 90° RF pulse, the observable

magnetization of the sample in the x-y (or transverse) plane.

AT

Figure 2.3-1: Alignment of protons under the influence of

the external applied magnetic field.

If the longitudinal magnetization is rotated into the x-y plane as shown in Figure

2.3-2. The transverse magnetization can be described by

_t
Mxy(t) — Moe T'z-' 2.3.2

Where T, is the transverse (spin-spin) relaxation time.

13



The transverse magnetization M,, rotates about the z-axis. This induces an
alternating voltage which has the same frequency as the Larmor frequency in a
receiver when the coil is tuned at the same frequency. The induced emf in the

receiver coil is expressed by

B, oM 2.3.3
emf = —fzgdv

Transverse plane M,, is MRI signal that is detected to form MRI image. The time
needed to decay the transverse magnetization to 37% is called the T, relaxation
time and is also known as the spin-spin relaxation time. It was found that the T, of
body tissues varies from less than a few milliseconds for bone to more than a
second (1000 ms) for simple fluid such as bulk water [9]. Transverse
magnetization decays and the moments realign with the main magnetic field, as
transverse magnetization decays, the longitudinal magnetization is slowly

recovery, and this process is called longitudinal relaxation or T, recovery.

z z
A §
B M A y 90 degree pulse M 4 Y
o
........................................... e U A .
X x
/Bl /Bl

Figure 2.3-2: The magnetization (M) rotates into the

transverse plane.

T, is a characteristic of the sample and the time needed for 63% of the

magnetization to recover; it can be described by equation:

14



MZ=M0(1—e—t/T1), 234

Where Tj the spin-lattice relaxation time (longitudinal) [10].

2.4 Linearly and Circularly Polarized Magnetic Fields

The 2D Cartesian can be replaced by a left circular or right circular unit vector:

x'¢/t = £ cos wt — § sin wt,

xT9Mt = £ cos wt + P sin wt, 2.4.1

Now, the amplitude B, can be written as the left-handed or right-handed and then
by combining of 2.4.1, the two terms produce the linear RF field along x, as
shown in the first equation, which is the clockwise (negative) and the second
equation, which is the counter-clockwise (positive). A linearly polarized B; can

be produced as the sum of two components rotating around the z-axis at same

frequency but in the opposite directions as:

BY = Bje~iut, 242
B’f = Bqei®t, 243
Blin = BL 4+ BR = 2B, cos wt. 2.4.4

Moreover, by adding two linearly polarized RF fields that have the same
frequency and also the same peak amplitude, but which are spatially orthogonal
perpendicular to each other but having a 90-degree relative phase, will generate

circular polarization, as shown in:

15



B{'" = B,(% cos wt — Jsin wt), 2.4.5

Driving each component 90-degrees out of phase in the x and y coordinates of the
laboratory frame is called a quadrature drive [11]. When simulating the RF coils,
magnetic fields (Hx, Hy and H,) are saved in FDTD and MATLAB code, which

are used to compute either B, or B;” based on the following equations

Bf = By +iB,,, 2.4.6

B;- = th - iBtyl 247

where B," is the positive and By is the negative circularly polarized components.

2.5 Quadrature Driving

Excitation of nuclear magnetization can be achieved by applying circularly
polarized RF rotating in the direction of Larmor precession of the spins. It can be
shown that if the coil is required to function in a quadrature mode, it should have
two decoupled resonant modes, which can generate orthogonal magnetic field
components. The quadrature mode requires two feeding ports on the coil and uses
a circuit that splits the excitation power in quadrature as shown in Figure 2.5-1.
The coil should be correctly connected to the quadrature interface box in order to
generate B, rather than B,". The field generated by linearly polarized coils may
change in magnitude and the direction inside the sample or region of interest due
to attenuation or wave effects. Therefore, combining the field from two elements

of coil may produce elliptic polarization in the ROI [12].

A circularly polarized magnetic field is generated when driving the RF coil in
quadrature mode, which is efficient in exciting the spins during MRI experiments.

Whereas, driving the coil in a single mode will produce a linearly polarized

16



magnetic field that is only half as efficient in rotating the spins. It means the SNR
increases by this factor. It therefore requires half of the transmitter RF power

compared to the signal drive. This mode also potentially allows a receive

sensitivity gain by a factor of V2.

Dual-hybrid coupler

1
T, C b —l— ¢
$190°
‘—1 T~ |/ 000
4 3
Transmitting period

2 N

. S¢

N S, ©+90

Receiving period

Figure 2.5-1: The transmitter pulse on port 1 is divided
into quadrature modes to port 2 and 3, and used to
generate a rotating magnetic field. In receive mode, if the
generated magnetization is in the same direction as the
Larmor precession, it induces voltages (S), in quadrature

which are summed at port 4.

2.6 PIN Diode

A PIN diode is a special kind of semiconductor diode. PIN diodes can be used to
control RF power in circuit such as switches, phase shifters, attenuators and
modulators. There is a difference between the PIN diode forward bias and reverse
bias. An ideal switch device acts as low or zero impedance to current flow in the

ON state and high impedance to current flow in the OFF state. The PIN diode acts

17



as low impedance for RF under forward bias and high impedance under reverse
bias. The characteristics of the PIN diode will be utilized when building and
designing probes such as the wrist coil which functions as an RF receiver coil. By

using a PIN diode the coil may be de-tuned during transmit periods.

2.7 Switching

An RF probe may sometimes be used as both a transmitter and receiver where a
switching device allows double functioning of the coil. Lowe and Tarr, (1968)
stated that the ‘switch’ is easily made by means of crossed diodes and quarter
wavelength lines as shown in Figure 2.7-1. The crossed diodes should be
connected in series with the transmitter. High series impedance is presented when
the transmitter is off. A quarter wavelength transmission line works as a
transformer, which translates its output impedance as shown in the following

equation:

zé 2.7.1

output

Z input =

During pulses, when the shunt diodes are acting as a short circuit, the input
impedance of the quarter wavelength line is infinite and the receiver is effectively
disconnected from transmit circuit. Conversely when the coil is receiving very

low signal amplitudes from the coil, then the diodes are high impedance and the

coil is effectively connected directly to the pre-amplifier.

]

Figure 2.7-1: The Transmit/receive and switching network,

Tx transmitter, Rx receiver, PA preamplifier.
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2.8 Instrumentation

The MRI instrument consists of a radio transmitter and receiver, magnetic field
gradient coils, and a main magnet as shown in Figure 2.8-1. Firstly, for MRI the
main static magnetic field might be in the range from 0.5 T to 9.4 Tesla. Secondly,
the gradient coils are used to determine the location of MRI signals to obtain an
image. Finally, an r.f field is needed for excitation of the transverse magnetization

in the sample, this can be achieved by RF coils.

magnet

Shield

gradient

RF coil

Patient Table 1
[ )

RF coil

gradient

magnet I

[_IGradient AMP RF D?tector

i Digitizer

Gradient Pulse Prog .

I Pulse Prog RFAMP
I

computer RF source

Figure 2.8-1: The schematic diagram of an MRI unit.

2.9 Main Magnetic Field

The main static magnetic field B, is needed to produce the longitudinal
magnetization in the sample. The direction of the static magnetic field is usually
in the z-axis direction. From theory, the signal to noise ratio SNR is a function of
the static magnetic field and usually increases linearly with field strength at above

1.5T [13]. The main static magnetic field that extends outside the scan room is
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decreased by active shielding. The fringe field decreases rapidly at a distance of »

from the main magnetic, as given by:

B, 2.9.1
'T_3'0

Bpp
The fringe field has radial components (x, y) and the axial field is in z direction
[14]. The latter will be greater than the radial field at any distance. The main
magnetic field should be homogeneous to obtain a good quality image. A good
homogeneity is needed and better than 5 ppm or more is required. It can be

computed using the following equation:

Homogeneity (ppm)
ield strength,q, — field strength ,,;
— f 'g max = f 9N min x 106, 20
field strength,yerage

2.10 Gradient Coils

The magnetic field gradient coils consist of three coils. The coils generate
magnetic fields, where the Bz components vary linearly with position, and hence
they are able to generate a systematic variation in frequency. It can be said that
the gradients are additional fields produced by gradient coils and the gradient
fields add or subtract from the static magnetic field By. In the absence of gradient
fields, all protons precess at the same frequency with only small variations caused
by the magnetic field heterogeneity, as well as differences in chemical shift. The
gradient coil is an essential component in the MRI system in order to distinguish
between signals emitted from the voxels in different locations in the sample or

tissues. Three orthogonal magnetic fields gradient of B, can be defined as:

3B, dB, 08,
Ge =52.Gy =52 and G, = =%, 2.10.1
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These are designed to generate varying magnetic fields varying in three

dimensions in x, y and z directions.

2.11 Frequency Encoding, Phase Encoding and Slice Selection

Three of the steps towards localization in order to construct an MRI image as

pixels in matrix are: slice selection, phase encoding and frequency encoding.

The first step in MRI imaging is the localization of the RF excitation to a plane of
interest, in order to excite the protons there and recorded the resulting signal. This
is obtained by utilizing a technique known as slice selection which is applied to
isolate a signal slice in the sample [3]. A magnetic field gradient is generated
normal to the plane direction causing the frequency of spins to vary in this

direction. A band-limited RF pulse is then applied and only spins in the desired

plane will be excited.

Figure 2.11-1: Slice selection.

The slice thickness is determined by the gradient amplitude G, and the bandwidth
of frequencies (Aw=yA (G * thickness)). Where Ao is fixed, therefore the slice
position is varied by adjusting the varying the central frequency which is
computed by (w=y (B+G.r)). Where w; is the frequency of the spin at ;, and G is

total gradient amplitude.
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During reception of the signal the Larmor frequency of a spin is linearly
proportional to its position when the static magnetic field is a spatial linearly
varying field. This variation is usually very small compared with the magnitude of
the static field, so the frequency offset is proportional to position. The aim of
using this readout gradient or frequency encoding is to encode the position of the
spin. A new equation that expresses the magnetic field in a z gradient can be

written as

B,(z,t) = B, + zG,(t), 2.11.1

zZaxis

Figure 2.11-2 shows how gradient coils generate the

spatially varying component of the By magnetic field.

Where G; is the gradient in the z direction:

G, =

(aBz) 2.11.2
0z )

Figure 2.11-2 shows that the static magnetic field is high at one end of the
gradient axis and low at the other end, while in the centre it should be equal to Bo.

It can be described as the variation in the frequency of the spins as:
w(z,t) = w, + wg(z,t). 2.11.3
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It encodes the MRI signal in the phase encoding direction. A similar process is
used for the phase encode direction as this is the same as frequency encoding
except sampled in discrete steps. All the information necessary to reconstruct an
image is stored in the raw data matrix an alternative way to describe the raw data
matrix is called the k space and then a Fourier transform is used to generate the

MRI images [2].
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Chapter 3

RF Circuits and Electromagnetic Modelling Theory

3 Introduction

This chapter will focus on the electric circuit design and properties of elements
such as: ba-luns, probe tuning and matching; behaviour of coax cable; plus the
coupling and decoupling techniques used in this thesis. The signal to noise ratio,
quality factor, and the method used to simulate the RF coils and modelling the
pelvis will be detailed. The specific of FDTD modelling and how it is used to

determine MRI related parameters such as SAR and B," is discussed.

3.1 Tuning and Matching

MRI coils are composed of three main electrical elements: inductor (L), capacitor
(C) and resistor (R), as shown in Figure 3.1-1, in practice these are not
components, as the reactive and resistive properties are distributed. The reason for
using these components is that amounts of energy can be stored in the capacitors
as electric fields and in the inductors as magnetic field. By applying Kirchhoff’s

laws to the circuit, the total series impedance can be computed as:

. 1 o1
Z—R+]Lw+1—.a—R+](Lw —),
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Figure 3.1-1: The series resonant circuit.

The electrical matching circuit is still a significant part of an RF probe. Circuits
composed of capacitors are usually used to match any probe to the impedance of

the receiver [1]. The impedance can be written in complex notation as:

Z=R+ X, 3.1.2

Where R represents the real projection along the horizontal axis known as the
resistive component and X represents the imaginary projection along the vertical

axis known as the reactive component.

When the circuit is a pure resistance (X=0), the current and voltage are in phase.
When this condition is met, the energy is exchanged back and forth, between the

capacitor and the inductor and dissipates slowly in the resistor R, this occurs when

the circuit is resonant.
However, there are two states, which should be considered: when X is greater than

zero or less than zero then the imaginary component acts as an inductor or a

capacitor respectively. In these cases the current and voltage must be out of phase.
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Figure 3.1-2: The real part of the coil impedance.
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Figure 3.1-3: The imaginary part of the coil impedance [2].

3.2 Impedance matching

Research in the field of electrical power has developed the concept of impedance
matching. To carry this out in a suitable way in an electronic laboratory the Smith
Chart should be used, which was invented by Philip Smith (1905-1987). This
chart was made, because impedance is a function of frequency. It defines the
reflection coefficient I', which is a complex quantity which can be described by a

magnitude and phase angle or a real part and an imaginary part:
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I'=|Tle® =T, +jh, 3.2.1

Where

I =|l|cose, 3.2.2

I; =|l|sine, 3.23
Where T is known as the reflection coefficient.

The Smith chart is usually used to represent a number of parameters such as
impedance and complex reflection coefficient S,,. It has become a principal
presentation for displaying the performance of microwave circuit [3]. In this
research, it was used to observe the behaviour of the RF coil and display the
impedance matching of RF coils on a network analyzer. The input impedance of
the probe should be matched to 50 ohms to minimize reflections and maximize
power transfer [4]. The complex conjugate matching form that has been used to
transfer power between a reactive source and a reactive load at a single frequency

should be considered as expressed in:

— *
ZLoad - ZSource' 3.24
When the circuit resonates at its natural frequency, the reactance term should be

equal to zero and the above form reduces to a purely resistive source and loaded

impedance:

3.25

Zioad = Zsource.
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Maximum power transfers from the signal source to the load when impedance of
the signal source equal is to the complex conjugate of the load impedance. This is

essential for high power transmit probes for example.

The idea is to use matching capacitors to vary the impedance of the probe until 50
ohms is obtained. Furthermore, a balanced matching network has been used. It
consists of two matching capacitors connecting both ends of a simple probe, one
to the ground and the second to the cable central connection. The values of these
capacitors should be twice the matching capacitor, which is demonstrated in
Figure 3.2-1 (B). The impedance of both capacitors will be equal, resulting in the
same voltage, but the amplitude will be half. Compared to an unsymmetrical case,

the symmetrical case has the advantage of reducing radiation losses.

...0‘ . CM
P : A
M | ]
— A
L E TG
, l

Figure 3.2-1: (A) the capacitive matching and (B) a simple

balanced matching circuit.

3.3 Baluns

In the previous section we described the impedance matching circuit. In this
section we present many types of the balun circuits, which is a type of electrical
transformer, sometimes used to convert unbalanced to balanced signal. It was
noted during the design of RF probes that a balun is very significant and

sometimes needed in a probe circuit. It can remove currents on the outer shield of
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the cable that induce RF signal into devices close to the probes and also reduce
instability of the S parameter measurement. Figure 3.3-1 demonstrates the 1/4
balun that is called the Bazooka balun. Quarter wavelength transmission lines will
present finite impedance at input. This type of balun acts as a 1:1 transformer,

which means that the impedance at the balanced port is the same as the
: A
impedance at the unbalanced port. A half wavelength coax cable (;) can be used

as a balun circuit as shown in Figure 3.3-2; this type of balun acts as a 4:1
transformer, which means the impedance at the balance port is 4 times more than
the impedance at the unbalanced port. The second type of balun is used with a
coax cable as 1/4 a quarter wavelength and 31/4 wavelength, connected with

any cable length as shown in Figure 3.3-3.

Z, balanced

Z, balanced

—Th

7, unbalanced 7, unbalanced

Figure 3.3-1: Narrow band balun transformers.
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Figure 3.3-2: A balun consisting of a half wavelength

coax cable.
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Figure 3.3-3: Balun circuit consists of quater and three

quater wavelength.

3.4 Coupling and Decoupling

When two coils or more are placed near to each other and the coils are also tuned
to the same resonant frequency, the mutual inductance of the coils will cause the
resonant frequency to split into two peaks as shown in Figure 3.4-1. This will
affect the coil operation, as the sensitivity of the probe at frequency fj is

significantly decreased.
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Figure 3.4-1: Response of two adjacent coils tuned at the

same frequency, the frequency split into two peaks [5].

This is called coupling between the coils. It is a common problem and affects the
operation of the coil array and disrupts it transmitting and receiving patterns. The

mutual inductance of the two coils can be defined as [6]:

M=.LL,, 3.4.1

The previous equation depends on the assumption that all of the flux generated by
one coil passes through the second coil, but in reality this is not so, and the mutual
impedance should be less than that provided by the above equation. The mutual

inductance (M) can be defined as a function of the coupling constant k and self

inductance L; and L; of the coils

M12 = k1/L1L2, 3.4.2

Where k is the coupling coefficient and lies between 0 < k < 1. The coupling

constant & can be computed by using the equation:
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fo 3.4.3
+k =2 —
= (fn 1)

where f; is the resonant frequency, f; and f> are the frequencies of the first and

second split peaks, above and below the resonant frequency [7, 8].

Decoupling methods may be used to minimize the mutual inductance (M). Each
method is based on a different principle and is used for different applications.
Decoupling between neighbouring elements can be minimized using different
methods such as overlapping elements, adding decoupling capacitors, adding
inductors between the elements or connecting each element to a low input
impedance preamplifier. The circular loop coils can be placed overlapping by
0.75 x their diameter and square loops coils by 0.9 X diameter [5] as shown in

Figure 3.4-2. However, this does not always work so well at high frequencies.

T

-I-T
ol

square loops
Circular loops

Figure 3.4-2: Mutual inductance reduces to zero by

overlapping circular loops and square loop.
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Figure 3.4-3: Mutual inductance created by two adjacent

coils.

3.5 Coaxial Cable

The designers and builders of probes need to know about properties of
transmission lines. In order to decouple elements using a low impedance
preamplifier, the length of the cable is extremely critical. The aim of this section
is to describe the behaviour of a coaxial cable. As shown in Figure 3.5-1 the
coaxial cable consists of an inner and an outer conductor isolated by a dielectric
insulator. The electrical length of the cable is measured in wavelength and

depends on the frequency of the wave and its velocity as it propagates along the

transmission line.

Metallic shield

Plastic jacket

S

Dielectric insulator

Centre core

Figure 3.5-1: Schematic view of the coaxial cable, it has
an inner conductor of radius a, and outer conductor of
radius b, the spacing between the conductors has

permittivity ¢, permeability p and conductivity o.
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The transmission line can be used as a wave-guide for transferring signals from
one point to another. The length of the cable is extremely significant for matching
impedances. MATLAB code was written to simulate the coaxial cable based on

the transmission line equation given by:

7 (ZL +jZ, tanﬂl) 3.5.1
in = Z . ’
" ’\ Z, +JjZtanpi

Where Z;,is the input impedance of a lossless line of length /, z, is the load

impedance and g = 3;5 is the phase constant of the line. The equation 3.5.1 can be
considered as a half wave section (I = %,Bl = 1), once the length of a line is an

integral multiple of %, l= n% (n=123,..)[9].

21 A
Bl = _E(B_) = n. 3.5.2

So equation 3.5.1 reduces to:

Zin = Zy. 3.53

It means that a half-wave lossless line transfers the load impedance to the input
terminals without change. The characteristic impedance and propagation constant

of the line can be measured by determining the input impedance of open and short

circuit,

2o = JZia7ie 3.54

1 3.5.5
y =ptanh™ |z./z,,



Where (z;, = —jz, cot Bl) is the input impedance of an open circuit and (z;; =
Jjz, tan Bl) is the input impedance of a short circuit [10]. The line can be purely
inductive or purely capacitive; relying on the value of Bl Transmission line

parameters for a coax cable can be defined in the table below [3]:

Parameters Coaxial cable unit
R/ R, 1 1
2ra b
L L
—In (b/a) H/m
G 210 S/m
In(b/a)
c/ 2me F/m
In(b/a)

Where R, L, G and C’ are the resistance, inductance, conductance of insulation
medium and capacitance per unit length respectively. A coax cable was simulated
in MATLAB. The code was written to explain the properties of the cable as
shown in Figure 3.5-2. This gave an idea of how the coaxial cable behaves. Figure
3.5-2 shows that a change in the length of cable causes a change in the reactance.
Therefore, the input impedance of the cable can be either purely inductive or
purely capacitive, depending on the value of Bl. The code was written in
MATLARB, the length of the cable is fixed at 68 cm while varying the frequencies.
Equation 3.5.1 is used to compute the input impedance so the impedance can be
calculated versus frequency as shown in Figure 3.5-3. At specific points, the input

impedance of the cable should be equal the impedance of the capacitor.
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Figure 3.5-2: The input impedance of the transmission line

versus with length of the cable.
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Figure 3.5-3: The input impedance versus with frequency.

3.6 Signal Noise Ratio (SNR)

Signal to noise ratio (SNR) is an important parameter and should be measured to
determine performance of a probe. If the SNR is not high enough, it is very
difficult to differentiate tissues from one another or from the background, which
means a good coil design, should have a high SNR. We can obtain high SNR and
high spatial resolution at a higher magnetic field strength By because SNR is
proportional to By The spins inside the human body induce an emf at the coil,

proportional to Larmor frequency, which depends on the strength of the magnetic

field and also the coupling between the coil and the nuclei.
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It was noted that the signal received from a small volume element is proportional
to By (B, is the field perpendicular to the static By field, which is assumed to be
along the z axis). SNR is proportional to the MRI signal and also depends on the
voltage of the thermal noise of the probe. SNR can be defined based on Hoult and

Richard’s expression [11].

w§ (B, /1) Vsample 3.6.1

SNR « ,
Ress

Where w, is the resonant frequency, Vampie is a small volume element (voxel), B,
is the transverse linearly polarized magnetic field for unit current in the coil and
Ry is the effective resistance. It has contributions from the coil itself, electronics,

and the sample or patient.

| 3.6.2
Reff = \/Rcz'oil + R?issue + R,?,

Where R, Rissue and R, are resistance of the coil itself, coupled tissue losses, and

radiation resistance respectively [12].

RF losses in MRI can be divided into tissue losses and coil losses. The latter can
be divided into impedance losses to the coil itself R.o and radiation losses R,. The
ohmic resistance of the probe consists of the real resistance of the probe
conductor R, and real capacitor loss Rc. Both of them dissipate RF power as heat

in the probe circuit. The ohmic resistance at resonant frequency can be calculated

by:

12 3.6.3
Pgioss = "'2" Rq,

Rﬂ = RL + Rc, 3.6.4
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Radiation loss is considered as RF loss to the probe environment, a sample or the
human body. Moreover, the radiated power can be calculated as the difference

between the input power and ohmic losses in the probe:

Py ipss = Pip — (IZ/Z)R_Q, 3.6.5

Tissue losses are caused by the B field induced eddy currents in the tissue. It is
very important to consider these losses because at a high frequency the probe
becomes more important. Loss to the sample conductor or the tissue conductor
increases with the frequency. This is potentially due to the tissue conductivity o
increasing with frequency, which generates eddy current J, = 6E = —jwoA and
displacement current J; = —jweE = w?eA [13].Where A is the vector potential

which defines the magnetic field such that B = V X A.

The total power loss density Pjoss can be determined by:

. 3.6.6
Protatioss = 0.5 f(]] /o) dv

for J=Je+]a.

3.7 Noise

Note that the noise in the MRI signal is thermal noise produced in the probe and
sample, and that the noise voltage in the circuit is proportional to the square root
of the total resistance in the circuit. As a result, the noise is proportional to the

square root of the power dissipated in the circuit. This is defined by the Nyquist
formula [14].

Rnoise = \/AksTAfReoir 3.7.1
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Where kg is the Boltzmann constant, T is the absolute temperature of the sample
and Af is the receiver frequency bandwidth. Hence, an efficient probe has low

effective resistance either in transmit or receive mode.

3.8 Quality Factor (Q)

To determine the performance of any MRI coil, the quality factor should be

measured. It has a number of definitions such as:

Q 3.8.1

Maximum energy stored in magnetic field
Energy dissipated per cycle

=2n

’

It can be shown that for a simple circuit, the quality factor is equal to the ratio of

the reactive and resistive parts of the inductor impedance and is defined as

_ 2nfL 3.8.2
= —

Where f is resonant frequency, L is the inductance of the coil and R is the
resistance of the coil. Note that the quality factor is proportional to the inductance

of the coil and inversely proportional to the resistance of the coil.
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R, Ve =ARKTAf v,
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I
|

Figure 3.8-1: A circuit of sample loaded resonant loop,
where Vi, Vys and V. are the detected MRI signal voltage,
the noise voltage produced from the sample and the noise

voltage generated from resistance of the coil respectively

[15].

The ratio of the loaded to unloaded quality factor can be computed as [14]:

Q __ Reon 3.83
QU RCoil + RSample .

It was found that the effective resistance of the probe when the sample or patient
is under loaded conditions is more than when the probe is unloaded. This means
that the quality factor will be very high when the coil is unloaded whereas it will
decrease when the coil is loaded by a sample. Another factor that may decrease
the quality factor is the resistance of the solder joints. It can be determined by
cutting the resonant loop, then soldering it back together and calculating the

change in the quality factor. The resistance is

1 1 3.8'4
R = wl (—— —),
solder QZ Ql
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Where Q; and Q; are the quality factor Q before and after soldering. There is a

simple approach used to compute Q according to the following expression

_fo 3.8.5
Q - Kf-:

Where Af is the bandwidth which the signal is at least half its amplitude and can
be measured by using a network analyzer.
3.9 Power Efficiency

The power sensitivity of the unloaded and loaded coil, which requires generating
field strength B, at a specific point, can be calculated by using the following

equations [16]:

B, 3.9.1

B, Q, 3.9.2

Sy = =5_ |,
Pl 1/Pp'i'Po po Qo

Where P, is the power dissipated in the resistance R, when the coil is empty and

P, is the power dissipated in the equivalent resistance R, of the phantom or the

human body.
The power efficiency of the coil # can be written as a function of the power

sensitivity of the unloaded and loaded coil and also as a function of the quality

factor

N =Pw(Pp+Py), 3.9:3
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n=(Lr1)/Lp, 3.9.4

Where Ly is the ratio of unloaded and loaded quality factor. To obtain high power

efficiency, we should increase Lr, which is affected by the design of the coil [17].

3.10 Specific Absorption Rate (SAR)

There is an energy transfer to a biological tissue when radiofrequency
electromagnetic wave passes through the tissue. This causes an increase in the
temperature of the region of interest and will result in heating of the tissue.
Therefore, the Specific Absorption Rate (SAR) is a measurement of the energy
that is dissipated in a biological sample. SAR can be defined as:

SAR Total RF energy dissipated in sample (Joules) 3.10.1
- Exposure time(s).sample weight(K g)

’

o|E|? 3.10.2
SAR = P

Where g is the conductivity of the tissue, E is the r.m.s electric field and p is mass
density ( kg/m?3) [18]. To acquire the whole body average SAR, the absorption
rate in each cell should be calculated and divided by the mass of the whole body.
When the SAR in the cell i is equal to S;, the whole body average SAR can be

computed based on the equation:

N N 3.103
r ) _1

Where N is the number of cells in the body [19].
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In 2008 International Electrotechincal Commission (IEC) reported that the mass
to determine the local SAR should be 10 grams. Table 3.10-1 shows ranges of
values of whole body SAR, partial body SAR, and head SAR. For whole-body
SAR, these values are valid at environmental below 24 °C but at high temperature

the values should be reduced depending on the actual environmental temperature

and humidity [20].

Table 3.10-1
Average time 6 min
Body region Whole body | Partial body SAR Head
Operating mode (W/kg) ¢ (W/kg) (W/kg)
normal 2 2-10° 3.2
First level controlled 4 4-10° 3.2
Second level controlled >4 >(4-10%) »3.2

a The limit scales dynamically with the ratio “"exposed patient mass/patient
mass”

Normal operating mode:

Partial body SAR=10 W/kg-(8 W/kg* exposed patient mass/patient mass)
First level controlled operating mode:

Partial body SAR=10 W/kg-(6 W/kg* exposed patient mass/patient mass)
Second level controlled operating mode:

Partial body SAR=10 W/kg-(6 W/kg* exposed patient mass/patient mass)

3.11 Finite Difference Time Domain (FDTD) Method

The purpose of the next few sections is to describe the electromagnetic theory
used in this research to model the behaviour of electromagnetic waves. The
interaction of RF field with human anatomy can be modelled using the Finite
Element (FE) method. In this research, the Finite Difference Time Domain
Method (FDTD) is used for EM simulation. Kane Yee was the first researcher to
publish the method in the original FDTD paper in 1966 [21]. The numerical
Maxwell equations solutions are competed in this work by using the commercial
XFDTD software package (Remcom Inc). This method can simulate the time
varying magnetic and electric fields of exact geometry such as a surface coil and
dipoles. It can also compute the magnetic flux density, electric field, current
distribution and the Specific Absorption Rate (SAR). The calculated magnetic and
electric fields are saved and used to determine B, and B, by using additional

MATLAB programs. The electric and magnetic fields are governed by a set of
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four laws, known as Maxwell’s equations. We can introduce these equations in

integral and differential forms.

3.12 Maxwell’s Equations in Three Dimensions

In the following pages, Maxwell’s equations are expressed in terms of vector
differential operators in the rectangular coordinate system. Gauss’ law is one of
Maxwell’s equations for the electric field, which describes how the electric
charge gives rise to an electric field and also that the total of electric flux out of a
closed surface is equal to the net electric charge enclosed by that surface. This is

shown by:

fﬁ".d§= ff p dv. 3.12.1

Gauss’s law for the magnetic field describes the net magnetic flux out through a

Gaussian surface is zero; which means that there are no isolated magnetic poles:

§3.as=0 5122

Faraday’s law of induction was discovered by Michael Faraday in 1831. It
describes a varying magnetic flux induces an electric field, i.e. a time varying
magnetic field gives rise to an electric field. Specifically, the electromotive force

around a closed path is equal to the time rate of increase of the magnetic flux.

L4 3.123
fE.dz=—ﬁ,
T

Therefore, any change in the magnetic flux ¢gwill induce an EMF. This law is
the basis for electric generators. Ampere’s law states that the integral line of B

and d/ around a closed path is 1/, multiplied by the current enclosed by that loop:
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= .10 14 3.12.4
B.dl = —_— ¢ e
f uol+czath.ds.

Maxwell’s equations in differential form can be written as follow:

V.D=p 3.12.5
V.B =0, 3.12.6
o od 3.12.7
XE=—p—
H ot’
o - oF 3.12.8
VXH=0cE+ E-a'?

These differential equations state that at any point in a given medium, the
divergence of the displacement flux is equal to the volume charge density. The
divergence of the magnetic flux density is equal to zero. The curl of the electric
field is equal to the temporal derivative of the magnetic field intensity, and the

curl of the magnetic field intensity is equal to the sum of current density (oE) and

the rate of change of the displacement flux density (¢E).

3.13 Converting Differential Vectors Equations to Differential

Scalar Equations

. The FDTD method is based on Faraday’s and Ampere’s laws and provides a
system of equations that form an independent set of coupled relationships
between time varying electric and magnetic fields. Therefore, differential vector

equations can be converted into differential scalar equations as:
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OH 3.13.1

d 0 d 3.13.2

E= E % + E9 + E, 2 3.13.3

N (aEy 3Ex) 3 3.13.4

H= H 2+ H, 9+ H, 2, 3.13.5

OH _ oHy . OH, oH, 3.13.6

oH (aHx _OH, 3.13.7

Now, comparing equation 3.13.4 and 3.13.6 equation and three differential scalar

equations can be written as the follows:
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(aEZ JE, ) dHx 3.13.8

)= F e
(_a_E_x_aEz )_ _oHy 3.13.9
dz dx ) ot '’
aEy 0E, \ . _ 0Hz 3.13.10
ax oy ) %7 ot '’

(aHy aHx) 2 3.13.11

OE

0E+£5;-

=0'Ex3?+ aEy?+ O'Ezé
aEx aEy A

3t X +6-5t—

+ €

+E— 2, 3.13-12

3.13.13
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J0E 1f/0H, 0H
Y = [( x z ) —O'Ey],

ot el\az  ox
3.13.14
0E, 1|(0H, OH, 3.13.15
=—=ll5 - -0k, |,
gt e{\ 0x Ody

Where y is the permeability, £ is the permittivity and o is the conductivity of the

medium.

The current density J can be defined as o.E, where E is a vector in three
dimensions. Hence the total current density can also be written as: J = g, E, £ +

oy Ey9 + o, E;2. In our simulations of tissue, o is considered isotropic so can be

reduced to a scalar quantity.

3.14 Yee Cell

The Yee cell is used for the FDTD method, which can be used for very
complicated, inhomogeneous dielectric structures. It is a computer modelling
technique applied to simulate Maxwell’s equations, and it was introduced by
Kane S. Yee in 1966. It is based on Maxwell’s curl equations, and Figure 3.14-1
shows the standard Yee cell. Each cell has six field components: three electric
fields E,, E, and E, and three magnetic fields H, Hy and H; in x, y and z directions.
Note that the electric fields are along edges and magnetic fields are through the

cell surface. The diagram below shows that the H field is offset by half a cell
from the E field:
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T—\ (i+1,j+1,k+1)
Ey I

(i+1,j+1,k)

(i,j.k) — (i+1,i,k)

Figure 3.14-1: The standard Yee cell and arrangement of

field components (Electric fields E and magnetic fields H).

The grid coordinates of the space can be described as (i, j, k) = (i Ax,j Ay, k Az ),
where Ax is the dimensions of the cell in x direction, Ay is the dimensions of the
cell in y direction, and Az is the dimensions of the cell in z direction. We apply
central finite difference, which is an approximation of mathematical expression
that is used to convert differential equations to numerical equations. Any function
of space and time is written as F (i 4x,j 4y, k Az,n At)=Fn (i, j, k), where n is
the number of time steps. Function F can be written by using central finite

difference approximation:

AF"(i,j k) _ F"(i+1/2,j,k)-F"(i-1/2,j.k) 3.14.1
X T i ) ;

1 1
OF"(i,j,k)  F™2(i,j,k) — F"72(i,j k) S e

ot At
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Six scalar numerical equations

we can obtain six coupled difference equations, by applying equations 3.14.1 and

3.14.2 to obtain six scalar equations [21].

1
E ! (i + j, k))
1
_ ni. =
= Ai+%,],kEx (l+2,],k)
el 1.1
+ Bi+%,j,k [Hz 2 (l + E'] + -Z'.k)

1,01 1
2 (145, = 5.k)
L. 10
—H," 2(”5"'“')‘ 3.14.3
ES"(,j+1/2,k)

_ Enfi vk
= Ai.j+%,k y (l,] +-2-, )

H n+% L] 1 k 1)
+Bi,i+%,k[ x (l']+5’ T3

3.144
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" ik +1/2) = A, o B (i, k +

1} k+
12+ 85/, /+12 Hyn+ 120412, /44 12— Hynt 124
=12/, 12+ Han+125)=12,4+12— Hrn+124
J+H12,4412,

3.14.5

H™ 2(i,j+5.k+3) = Hx"":'(i,j.}-%,k.{.
12+A 248
By (i +3.k+1) =B (1) +3,k) +
E"(ijk+3) = E" (i + Lk +3), 3.14.6
™ (43, k+3) = H, (z+ Lik+
12+A 245
" (14 Lk +3) - E" (ijik+3) + 3.14.7
Eri+l ik =i+l i+
B (4 k) =1 (414
12,4+A 18
[Ex"(i'+§,j+1,k)—Ex"(i+§,j,k)+
B (i) +5,k) — By (i+ L) +3,k),
3.14.8

Where A and B are defined as - A(i,j, k) =1 ~ 28D - opy, Jik) = . ;k)a

e(Lj.k)

£(i,j, k) is the effective permittivity of the medium and o is the conductivity [22].

By using these equations and applying the boundary conditions, all field

components Ey, E,, E;, H,, H, and H, are calculated in each time step At. And also
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the input power can be calculated by using the following integration equation
[23].

Pinput = Paps+ Prga = fffgzﬂlElde +§II(E x H) ds, 3.14.9

Where P and P,,q are the absorbed and radiated power, E is the electric field; H
is the magnetic field, 7 is the coordinates of the pixel in FDTD and a(#) is the
conductivity of each cell. The absorbed power in the human body relies on a
value of conductivity for each type of tissue. The absorbed power in tissue is
extremely significant and can be computed numerically by changing the

integration to the summation of each FDTD grid as follows:

a(i,j, k)
Pans= ) (g
L,jk

2
X (Exi + Eyiiji
-+ Ezz(i,j,k)) AXAYAZ,

3.14.10

Where o (i, j, k) the conductivity of each cell is at the (i,j,k) location in the x, y

and z directions.

3.15 Poynting Vector

The time average Poynting vector can be obtained by using equation below

1 3.15.1
Say = 'Z'Re(E x H*),

Where E and H are the electric and magnetic fields respectively [24]. The
Poynting vector can be computed pixel by pixel from the E and H fields using
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MATLABE code. The following equation calculates the Poynting vector in three

dimensions x, y and z. where E is the electric field and H is the magnetic field.

S=(E, H, -E, H,) i-( E, H,-E, H,) j+(E; H, -E, 3.15.2
H,) k,

S=(E, H,~E, H,), 3.15.3
S~(E, H,~E, H,), 3.15.4
S~(Ex H,-E, H;), 3.15.5
S=(S, i+S,j+ S, k), 3.15.6

3.15.7

S= |[sZ+5si+5sE

3.16 Grid Size and Stability

The grid size is extremely significant in the FDTD technique. To obtain accurate
results the grid spacing Ax,Ay,and Az should be less than the wavelength.

Usually is A/10 used to excite the model [25]. Therefore, the maximum cell size

may be determined by

Lo 3.16.1
max 10 *f‘

Where L, is the maximum cell dimension, c is the speed of light in the vacuum

defined as € = C. = 1/m =3 X 108m/s, the speed of light in a material

medium is C = 1/ JIXE and f is the frequency of excitation (Hz). The

equation shows that if material is included in the computation in this case, the

speed of light will be decreased in the material, which would lead to a reduction
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of the FDTD cell size. The time step At can be calculated using the following
equation, which is a function of the cell size in x, y and z directions and speed of

light in medium [26]:

1
At < ' 3.16.2
c1/8x2 + 1/Ay? +1/Az2

This is called Courant condition and can be computed in one dimension written
as ¢ At < Ax. The time needed for the field to travel from nth to the (#+1)th node

is a time step At > (Ax/c).

3.17 Brief Description of XFDTD

Development and improvement of MRI systems needs powerful software to
optimize any coil design. Several techniques have been used for modelling
electromagnetic waves such as the method of moment and FDTD. It is a three
dimensional full-wave electromagnetic analysis. It is based on the Finite
Difference Time Domain method. FDTD is capable of simulating a wide variety

of electric and magnetic materials in different shapes. We have used XFDTD by

Remcom extensively in this project.

There are four main steps required to create a simulation in XFDTD. The first
stage in any XFDTD simulation is to create the geometry. We must construct an
object that represents a real device in the software in solid mode. This mode
shows all the features of the object as a three dimensional object in x, y and z co-
ordinates. Secondly, the mesh mode is used to create the mesh i.e the Yee cells.
The third step is defining the run parameters. There are a wide variety of
excitations such as voltage and current sources in XFDTD. The final step is
requesting results such as electric fields, magnetic fields in x, y, and z directions,

specific absorption rate (SAR) etc.
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3.18 Electric Properties of Biological Material

The dielectric properties of materials can be obtained and determined from

complex relative permittivity ¢:

e=¢g' —jé&", 3.18.1

Where £’ is the relative permittivity of the material and £ is the out phase loss

factorg’’ =0 /( £,0) the dielectric properties are calculated using o, £’ and £”
[/]

and these values are function of frequency [27].

3.19 High Field Effects

The effects of electromagnetic propagation in dielectric materials such as human
tissue have been studied. The image quality in MRI depends on the homogeneity
of the time varying electromagnetic field B;. There are many parameters that
affect the homogeneity of the magnetic field. The first parameter is RF
penetration which affected at higher frequencies [28]. Reduced penetration depth
at high frequencies such as 300 MHz is shown in Figure 3.19-4. The Larmor
wavelength becomes considerably shorter in dielectric tissue. The calculation to

find the value of wavelength in muscle and uterus tissue is based on this relation:

3.19.1
Atissue x \/Z_—Afreespacen
r

Where &, is the relative permittivity. It can be said that as the electromagnetic
field is attenuated, some of the energy is converted into heat due to conduction in

the medium as the wave travels through a distance §:

3.19.2
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Some of the propagation parameters for many types of media can be summarized

as lossless medium, low loss medium and good conductor [3].

Any medium Lossless Low loss Good
medium medium conductor

1/2
a=w{%[ 1+(f-,7)2]—f-2£—} 0 i Jrfuo

w\/E w\ﬁl_e ,/nfua

2\e¢
f=w Ei’ 1+(f-'-
2 8"
HE

¥ +1
12
+ T}

The wavelength in water was computed at 128 MHz (3T) and 300 MHz (7T) as
about 27 cm and 12 cm respectively [13]. The wavelength reduces by increasing
the static magnetic field strength for MRI as shown in Figure 3.19-1. Therefore,
interference patterns arise, which may cause inhomogeneity. It is very important
to know that magnetic field homogeneity will be affected when designing and
building RF coils at ultra high frequency. By Comparing Figure 3.19-2 and Figure
3.19-3, it can be seen that the conductivity increases with frequency, while the
relative permittivity decreases with frequency. Figure 3.19-2 and Figure 3.19-3
demonstrate that muscle and uterus tissues are affected by increasing the
frequency from low frequency at 64 MHz to 300MHz (7T). The conductivity and
relative permittivity of each muscle tissue was calculated based on the database
that was published by the Italian National Research Council [29]. The
calculations show that there is a huge difference between these values in different
magnetic fields. As static magnetic field increases, the conductivity of tissue will
increase as well. This leads to induced currents, which produce magnetic fields,

inducing an opposing EMF in the probe.
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Figure 3.19-2: The conductivity of muscle and uterus

increases with increasing frequency.
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The penetration depth is affected by increasing the frequency as demonstrated in
Figure 3.19-4. Because the penetration is a function of the skin depth and can be

defined as:

2p 35191
5= |—,
wp
0.1 -
0.08 -
Penetrationo'06 l
(M) 0.04
0.02 - -$-penetration in Uterus
i - penetration in Muscle
0 —
0.E+00 2.E+08 4.E+08 |
Frequency(Hz) J'

Figure 3.19-4: The RF penetration in muscle and uterus

reduce with increasing frequency.

3.20 Image Segmentation

Image data were acquired on the Philips 3T MRI scanner using the body coil that
functions as transmit and also as a receiver coil. The 3T was used for imaging of
the pelvis of a human volunteer. The aim of this work is to convert the images to
comparable mesh geometry models. Images were obtained from a healthy
volunteer and were then taken for analysis. The ITK-SNAP software was used to
segment the pelvis and MATLAB code was used to convert the segmentation to

XFDTD file format, so that it could be read by this software.

A dielectric patient pelvis model was generated by dividing the healthy pelvis
tissues into the most important dielectric tissue types such as fat, muscle, bladder,

and inner air. The dielectric pelvis model was scaled to a 3 X 3 X 3 mm’ cubic
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grid. It can be said that a model resolution of (3 mm)® provides a good detailed
description of the pelvis anatomy and the boundaries can also be seen with high
contrast. A high resolution model is needed to consider such as transverse B;*
variations and electric fields [30]. Using this model, valuable information will be
acquired examples of interaction of RF with the pelvis and calculation of the SAR.
There are two main parameters of biological material used, which are
conductivity and permittivity. Electrical measurement of electrical properties in
human tissue is a very complicated problem because of tissue inhomogeneity; the
dielectric constant and conductivity of most media vary significantly with
frequency. The pelvis mesh file was loaded in XFDTD and then the dielectric
properties of tissues were computed at 298 MHz [29], as shown in Figure 3.20-1.

Table 3.20-1: Table show dielectric parameters at 298 MHz of the pelvis model.

Tissue Conductivity (S/m) | Relative Wavelength
name permittivity (m)
Bladder 0316 20.01 0.205

Fat 0.039 5.63 0.414
Muscle 0.77 58.23 0.123
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Figure 3.20-1: The segmentation of the pelvis model.

The purpose of making the pelvis model is to use it when we need to compute the
distribution of B," and SAR. The dielectric pelvis model will be loaded into the
coils and this be seen in modelling RF coils such as loop, strip line and dipoles in

the next chapters.
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Chapter 4

The Wrist Coil

4 Introduction

In this chapter, an RF probe suitable for multichannel receive operating at 298
MHz has been simulated and built. The performance of the coil was demonstrated

for high-resolution in vivo applications and was tested on the 7 T for wrist

imaging.

There are many examples of multi-receiver probes that have been designed for
field strengths in the range of 1.5 T to 3 T. However, there are fewer that have
been designed for use at 7T, which can provide higher SNR and better spatial
resolution such enhancements bring further clinical benefits [1, 2]. Modelling of
the coil is carried out and design methodologies are reported. A one element coil
detects signals only in very close proximity to the sample. By adding more than
one element, the coil can pick up signals from a wider area surrounding the region
of interest. The SNR intensity will be higher in regions of proximity. In
simulations the image intensity shows a variation as a function of position, even

for a uniform phantom. To show how this can be achieved, we simulated one and

then two-element receive coils.

4.1 Simulation

We used the simulation to develop a new probe geometry that can be used to scan
a human wrist. All simulations were performed using XFDTD (Remcom). Each

element was simulated independently. In addition both elements were simulated
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close to each other and loaded with a cylindrical phantom, which had properties
(conductivity, relative permittivity) similar to that of human muscle tissue.
Dielectric properties were computed at 298 MHz, which have been reported by
the Italian National Research Council [3]. The coil consisted of two identical

elements, each of which consisted of eight tuning capacitors.

Research in this field has noted that the sample and human tissue (dielectric) have
the effect of decreasing the quality factor and the coil sensitivity. This is due to
parasitic capacitance appearing between the ground through the sample dielectric
and the probe [4]. These capacitors appear in parallel with the coil tuning
capacitor as shown in Figure 4.2-1 [5]. This effect can be measured and noted by
comparing different quality factors with different loads. The finite conductivity of

the sample contributes to the losses in the coil.

4.2 Simulation of a One Element and Two Elements Wrist Coil

In this section we present a small search loop coil that was used to simulate and
excite the tuned circuits. The search loop coil is one of the key challenges that
was used in this study. It becomes an equivalent to the signals that are detected
from the spins to generate electromotive force (EMF) in each element. The search
loop coil will induce the current on the receiver and then receiver produces the
electromagnetic fields. The fields in each cell will be used to generate B/", and

hence a measurement of the coil sensitivity.

With regard to Faraday’s law, a time varying magnetic field will induce an
electric current. The loop will excite the element to generate a current to produce
magnetic field, which means that the small loop coil will act as a transformer that
transfers electrical energy from the search loop coil to the main receiver through
inductively coupled conductors (PEC in the simulation). Varying magnetic field

induces a varying EMF or voltage in the receiver.

In this chapter we present a two element receiver coil, it was simulated as shown

in Figure 4.2-2, by exciting two circuits as shown in Figure 4.2-4. The coil strips
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were simulated using a Perfect Electric Conductor (PEC) in XFDTD. The coil
was driven with a Gaussian pulse as the source waveform to provide a wide
bandwidth frequency response. The simulation was run using the Gaussian pulse
to determine the resonant frequency of the coils; the coil resonated at 300 MHz by
varying the values of the capacitors. There was no appearance of coupling in the
spectrum, because the mutual inductance was very small and it was not enough to
split the main peak into two peaks. However, as we will see in the coil
construction section, coupling appeared in the electronic laboratory when two

elements were placed close to each other and connected to the network analyzer.

Each element was tuned at 300 MHz, by allowing the current to flow in the circuit
that consisted of eight tuning capacitors. Therefore, a small loop will induce a
current that flows in each element. The first element was tuned but the second
element acted as an open circuit. It means that high impedance was produced in

the second element, which prevented the current flow in this element.

_ -.-» Parasitic capacitors
p

Figure 4.2-1: The parasitic capacitance introduced

between the coil and a conductive sample.
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Figure 4.2-2: (A) A single element structure in XFDTD
and (B) the two-element structure in XFDTD.

- . By ot
| 2
Coil 1 Coil 2

o ——

v V

Figure 4.2-3: The circuit diagram representing the two-

element coil and mutually coupled inductors.
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Figure 4.2-4: The circuit diagram, which represents: (A)

the one-element coil and (B) the circuit interacting with

search loop coil.
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4.3 B, Mapping

After the coil simulations were tuned at 300 MHz then the coil was driven with a
current source (10 A) and the simulation was continued until the system reached a

steady state. The magnetic fields (Hy, H, and H, ) were saved in XFDTD and

then MATLAB code was used to compute the By . In this research, four
comparison studies were performed as the following: The B,” mapping produced
from an individual element was computed, produced from both elements together
and as well as that B,” generated by adding two images together, it means that the
coil is fully decoupled numerically. The magnitudes of the negative B,” magnetic

fields were computed using the following equation [6]:

By =(B,-i B,)/2. 4.3.1

Figure 4.3-1 and Figure 4.3-2 compare the generation of one element and two
elements simultaneously in the simulation. It can be seen that more magnetic field

was found to be close to the surface of each element and less in the centre of the

phantom.

Simulation imaging results showed that the receptive field B, distribution
produced from the first element and the second element seemed to be uniform, as
shown in Figure 4.3-2. The B, generated from individual elements decayed away
from each element. The profiles are taken in the x-direction, the field intensity
was very high close to the coil, but fell away further into the phantom. The B,
reached a peak of 0.055 (uT/A) close to the surface of the receiver coil and then
the B, dropped away and reached a minimum value 0.03 (pT/A) close to the
second element, as shown in Figure 4.3-2 (A) and Figure 4.3-2 (B). Moreover,
adding more than one element increased the field of view, as more B;” will be
detected when using this design. The B, values demonstrated in Figure 4.3-2 (C)
that B, increased in the centre of the coil, and the By in this probe become more
uniform. The By” from the individual elements was combined by using root of the

sum of squares method as shown in Figure 4.3-2 (D).
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Figure 4.3-1: The B,” mapping and sensitivity of the one-
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simultaneously.

As far as the magnetic field uniformity is concerned, it is computed by using the

following equation [7]:

U= (B-max'B-min) / (B-max+B-min)- 432

The image uniformity values for each individual element appeared approximately
identical. The uniformity of the first and second element were about 0.696 and
0.716 respectively, whereas combing two elements together reached at 0.466, a
lower value indicates to higher uniformity within the region of interest. Therefore,
two-element close to each other is the key to acquiring good uniformity and

coverage.

4.4 Sensitivity

Once the B, is obtained, the sensitivity can then be computed. The coil sensitivity
should be considered to obtain good quality images by improving the coil design,
because non-uniform sensitivity generates problem in image quality. It can be
said that the signal to noise ratio proportional to B,  and the intensity of By

depend on the tissue’s location. The image intensity will vary as a function of
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position, even for a homogenous sample or tissue. Simulation results
demonstrated that the coil sensitivity varied with depth as shown in Figure 4.4-1
(A and B).
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Figure 4.4-1: The sensitivity mapping computed: (A) the
first element, (B) second element and (C) two elements

simultaneous, in linear scale and normalized for 1 W

delivered power.
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elements together, normalized for 1 W delivered power.
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4.5 Results

The performance of this coil has been characterized by XFDTD software and
phantom studies were used to compare the designs. This comparison indicates
that the magnetic field was stronger near the first element, but weaker near the
second element and vice versa. The B, field is computed by analyzing the H,and
H,, data set produced in XFDTD. The B,” was calculated for each coil and then for
the two elements simultaneously in order to predict the B, uniformity after the
B;” combination of two elements, therefore uniformity calculations showed
improvement in homogeneity when adding two elements. Simulation calculated

very little coupling between elements but in reality coupling was certainly present.

4.6 Coil Construction

The coil was constructed in the electronic laboratory for imaging a phantom and a
human wrist. A coil with two identical elements was built as shown in Figure
4.6-1. Each element was made of copper tape (10 mm wide and 55 mm long) and
placed on a Perspex tube with an inner diameter of 92 mm. This is constant

throughout this study. Each element consisted of 8 tuning capacitors and |

capacitor for matching impedance.

Figure 4.6-1: A photograph of the coil.

As described in the simulations section, the reason for having multiple tuning

capacitors is to reduce electrical coupling with the wrist. This coupling is due to
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parasitic capacitances that occur between the coil and the phantom or human wrist.
Distributed capacitors reduce the electrical length of the coil. By adding more
tuning capacitors to the coil, the sensitivity of the coil is improved. It means that
the quality factor should be increased. The coil consists of two electrical circuits;
the first circuit consists of a large loop with eight tuning capacitors and the second

circuit has a capacitor for matching impedance and a PIN diode.

In order to reduce coupling between the transmitter coil and the receiver coil, the
receiver coil must be sufficiently detuned when the transmitter coil is tuned for
transmission [8]. Therefore, the PIN diode is used as an electronic gate [9]. One
advantage of this configuration is that when the PIN diode becomes reverse
biased, the coil behaves as a receiver. During transmission the PIN diode becomes
forward biased and presents a very low resistance, it acts as a switching device
detuning the circuit and the currents induced only in the small circuits in each
element generated small amount of magnetic fields that add or subtract from the

main exciting RF field produced by the head coil.

4.7 Electric Circuit of the Coil

The electrical components of a single element are shown in Figure 4.8-1. The
large circuit consists of equivalent inductance( L,) that is made of eight segments
of copper tape. The equivalent capacitor is C3 (8 capacitors were distributed) in a
single element. Two capacitors (C; and Cz) were used for varying tuning
frequency and matching impedance respectively. The resonant frequency of each
element was adjusted to be 298 MHz. When element one was put close to element
two, their frequency response split into separate frequencies due to
electromagnetic coupling between the elements. This means that inductive
coupling (M) between the element was created [10]. In this study, a low input
impedance pre-amplifier was used to decouple the elements as shown in Figure
4.7-1. The output port of the receiver coil is connected to the low input impedance
preamplifier. A lower input impedance preamplifier can obtain very good

decoupling; usually the impedance of the preamplifier lies between 1 and 2 ohm.
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Figure 4.7-1: Block diagram of the decoupling of two
elements by connecting them to a low input impedance

preamplifier.

4.8 Decoupling Techniques

Decoupling between neighbouring elements can be minimized by using different
methods, such as adding decoupling capacitors, adding inductors between the
elements [11, 12] or connecting each element to low input impedance pre-
amplifier [13]. In this study, a low input impedance pre-amplifier (typically 1
ohm) was used to decouple multiple elements. Elements will function
independently and receive signals from a single region only. Each element of the
coil was fed by a coaxial cable and in order to decouple elements using low
impedance pre-amplifiers, a precise length of 50 ohm cable was used, as shown in

Figure 4.8-1. A search coil was used to introduce a small signal into the line and

the output of the amplifier was monitored.

The coaxial cable was simulated and obtained the precise length for use at 300
MHz as already shown in chapter three. The cable length (one plus an eighth
wavelength) was determined by connecting one end of it to a low input
impedance preamplifier and the other end to the coil with only the match

capacitor in circuit.
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Figure 4.8-1: The schematic illustration of the electric

circuit of a single element.

The line length is correct when this part of the circuit tunes to 298 MHz. the

transmission line equation gives:

Zin = Z,((Zy + jZ, tan 1)/ (Z, + jZy tan BI). 4.8.1

If Z; is the pre-amplifier low real impedance then for an electrical length just
greater than a wavelength an impedance equivalent to an inductor is generated,
which forms the tuned circuit, which then gives rise to high impedance across the
capacitor and de-tunes the probe. For a signal picked up by the probe, then Z,

(now the coil source impedance) is equal to 50 ohms and the length of the cable is

not important.

The pre-amplifiers see the coil as 50 ohms, in order to demonstrate that the

decoupling is working, a signal is introduced by a search coil into the probe and

the signal at the amplifiers monitored.

The coils were tuned and evaluated at 298 MHz on a work bench using a Network
analyzer as shown in Figure 4.8-2. The coils were loaded with a cylindrical plastic
bottle 6 cm in diameter and 11 ¢m long, containing KCI and CuSO,. It was found

that during the experiments in the electronic lab, the phantom provided similar RF
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loading to the human wrist. The frequency response of a single element showed a
characteristic double peak. The operating frequency was located between the two
peaks [1] as shown in Figure 4.8-2. The probe tuning and balanced matching
ensures that the coils were intrinsically balanced so no additional bal-un circuit
was required. Note that although the frequency of operation appears to be at a

minimum, this is the point of optimum noise-match.

.(lill 5‘." L] N s L 3;'32

Figure 4.8-2: The operating frequency lies between the
two peaks at 298 MHz.

4.9 Quality Factor

It is important to test the coil on the workbench before it is used in the MRI
scanner. Its behaviour can be assessed in the presence of the sample loading such
as by a phantom. The quality of MRI images depends on the probe used to detect
the signal emitted from the phantom or patient. The receiver coil should have a
high quality factor to generate a good signal to noise ratio [14]. O-factor is
measured as the ratio of the resonance frequency to the full width half maximum.
The unloaded and loaded quality factors Q for each individual element were
measured using a network analyzer. The first and second elements had an
unloaded Q, to loaded Q, ratio [15]: L;=103/27 and L;=109/33 respectively.
Where the Lyis the loaded factor and affected by designing of the coil and can be
increased by increasing distance between the coil and the load [16]. Therefore, the

sensitivity of the first element and second element equal to 3.8 and 3.3

respectively.
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4.10 Phantom Imaging

Two comparison studies were performed by imaging with each of elements
individually and both elements together. MRI experiments were performed on the
7T Philips scanner, localized images were acquired by using 2 channels out of the
16 channel receiver box and the volume transmitter coil. The receiver coil had to
be placed parallel to the main magnetic field B,, its sensitive direction was
transverse to Bo. Therefore, the receiver coil was placed in a head transmitter coil
and the phantom was placed in the receiver coil and then images were obtained

from a homogenous cylindrical phantom (6 cm diameter, 11 ¢m in length).

Figure 4.10-1 shows an axial slice, which displays good image quality. A Fast
Field Echo (FFE) technique was used to image the phantom with imaging
parameters: TE/TR=4.92/30 ms, FOV= 120x15x120 mm’. Moreover, each
element has its own channel for signal reception. Images are obtained from each
element and then combined in one image. Therefore, saving raw data is very
significant, as it can be used to reconstruct the image from different channels after
the scan. The images shown in Figure 4.10-1 (A) were obtained from the
reconstruction of combining channels one and two, while images Figure 4.10-1 (B
and C) were acquired from the channel one and channel two respectively. Images

were reconstructed for each channel and the volume of interest was fully covered.
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(A) channel 1 and channel 2

(B) Channel 1

(C) channel 2

Figure 4.10-1: The image of the phantom (6 cm diameter,
I1 e¢m in length) obtained from the combination of both
elements (A), from a delayed reconstruction of channel |

(B), from a delayed reconstruction of the channel 2 (C).
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Figure 4.10-2: The line cross in the middle of the image
obtained from channel one, channel two, from channel

one and two.

In this study, the delayed reconstruction method was used. Therefore, we can
compare the mean signals that were obtained from the wrist coil by detection with
signals from both elements simultaneously, as shown in Figure 4.10-2. The values
were calculated in the same slice and a line in the middle of each image was
chosen. It seems from the figures that the coil had very good reception. We
obtained good detection from element one (channel one) and element two
(channel two). It was noted that there was a little difference between the values
shown in Figure 4.10-2. This is because the phantom should have been in the
centre of the wrist coil and exactly between the two elements, and the wrist coil

should also been in the centre of the transmitter.

4.11 Signal to Noise Ratio (SNR)

It is very important to compute the signal to noise ratio (SNR). If the SNR is not
high enough, it becomes impossible to differentiate tissues from each other or the
background. We can calculate the SNR by computing the ratio of the mean signal
in a sub-region within the region of interest (ROI) with the standard deviation in

the background electrical noise [17]. The SNR can be defined as follows [18]:
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Mean signal
SNR =
Standard deviation’

SNR may be influenced by using several parameters such as spin echo (SE) and
fast spin echo (FSE) sequences, a long repetition time (TR) and short echo time
(TE), the narrowest receive bandwidth, a flip angle of 90 degree, slice thickness,

and size of the coil and tuning.

To calculate the SNR, Imagel software is involved to obtain the average signal
intensity of the ROI and the background noise. If no background noise appears in
the images the same scan should be repeated with the same parameters and then
the subtraction of two images to obtain the noise in the images; the noise is the
standard deviation (random variation in pixel intensity) in the ROI in the
subtracted image [4]. Figure 4.11-1 shows the SNR of two elements combined
together. Therefore, this configuration provides improved SNR in the centre. This
study showed that the intensity is higher in the region where the elements were
closest to the phantom. This is because the magnetic field induced voltage picked

up close to the element and weaker further away from the element as shown in

simulations.

SNR

Figure 4.11-1: Turbo Spin Echo sequence (Tr/Tg=
3000/100 ms and a flip angle=90°) was used to obtain
SNR from two elements simultaneously loaded with

phantom.
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4.12 In Vivo Imaging

Localized anatomical images were acquired successfully from a two-element
receiver coil. A quadrature transmitter head coil was used and a two-channel
receiver coil was connected to 2 channel of the 16 receiver box. High-resolution
images of the wrist were acquired using TIW-TSE (Turbo Spin Echo) sequence
TE/TR=23/800 ms, a 90-degree flip angle and FOV= 80 x 92 x 80 mm3 and the

images resolution was about 0.5 mm’,

some of the in vivo MRI images of the
human wrist are presented in Figure 4.12-1. Many anatomical features of a
human wrist can be recognised such as muscle and bone. Various imaging
methods were attempted to image a human wrist. Images were performed on the
7T to scan the same volunteer (right wrist). The FFE sequence was used with the
following parameters: TE/TR=4.93/500 ms, a flip angle=20°, FOV=80 x 47.5 x

80 mm3.

blood
vessels

Figure 4.12-1: In vivo wrist cross-section obtained in
transverse slices using a two element receiver coil and the
T)-weighted Turbo Spin Echo sequence was used with
following parameters: TE/TR=23/800 ms, a 90-degree flip
angle and FOV=80 X 92 x 80 mm3.
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Figure 4.12-2: The human wrist images obtained in
transverse slices using a two element receiver coil. FFE
sequence was used with following parameters: (Tg/Tg) =

(4.93/500) ms and a flip angle=20°.

4.13 Discussion and Conclusion

A two-channel array coil for imaging of the wrist was designed. Two elements
were simulated individually and had the same dimensions and also the same
structure. The phantom was placed in the middle of the coil. One of the main
advantages of this method was that the receptive field distribution could be
observed individually. The results of this study demonstrated that one element is
insufficient for wrist detection, but adding two elements has a larger coverage.
Modelling and experiments showed that the desired improvement in SNR and
homogeneous coverage compared to a one element design. The noise correlation
should be measured when adding n elements, the noise will affect the SNR and
homogeneity. It can be measured by using the noise covariance matrix (NCM)

from raw data by using the following expression:

pi=Ni N; cos(®P; -(I),-)/\/(<N,>2<1\/,>2). Where N is max noise amplitude, @; is the
angle between the B; and m is the magnetic moment of the voxel for element 7 [4].
It can be said that the B,” generated from two elements appeared to be more

uniform. The result of simulation is quite agreeable with measurements.
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Therefore, the two-element design could be used as a fully decoupled pair of

elements for multi-channel data acquisition at 7T.
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Chapter 5

Microstrip Line Coils

S5 Introduction

This chapter describes the development of coils consisting of one element and
two element striplines. The microstrip transmission line has been used in various
types of non-MRI applications such as antenna feed lines and computer network
cables. Recently it has been widely used in the field of designing MRI RF probes.
In this research, RF stripline coils were designed and build that can be used to
transmit and receive the signals. We designed and built one-strip and two-strip
line coils close to each other, which will be detailed in the following sections.
One-strip line and two-strip line were loaded with the muscle tissue phantom for
the simulations. Further study was carried out for one-strip and two-strip coils

+

loaded with the dielectric model of the human pelvis to compute the SAR and B,".

5.1 Microstrip Line Theory

This section will give a brief overview of microstrip line theory. The simplest
structure of the microstrip line is composed of a thin strip of conductor, usually
made of copper, and a ground plane separated by a dielectric layer as illustrated in

Figure 5.1-1. It can usually be assumed that most of the electric field resides

within the substrate [1].

87



Y

Dielectric material I
Strip conductor
| el P
Ground plane
: T |
1 ) T —— X
T > Electric field

Figure 5.1-1: The microstrip line, where L is the length of
the strip line, W is the width of the strip conductor; 4 is the

thickness of the substrate.

The transmission line circuit parameters are distributed and defined as:

e the capacitance parameter C (F/m), which is the capacitance per unit
length between the strip conductor and the ground

e the inductance parameter L (//m), which is the loop inductance per unit
length

o the resistance R (£2/m), which is the series resistance per unit length

Therefore, R, C and L are the transmission line parameters, which can be

represented in terms of the electric and magnetic fields, as follows

5.1.1

R = l—IF f]] dl
! 5.1.2

c= |;|2 fE E* ds,
L= fu H* ds, Eo

Where E and H are the electric and magnetic fields, Ry is the resistance of the

conductors and €’ is the permittivity.
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Moreover, it can be assumed that the resonant wavelength of the microstrip line is
= Ao/ [€css » Where L, is the wavelength of the magnetic field in free space and

e is the effective dielectric constant [2]. To determine the characteristic

impedance of a microstrip line, the following parameters need to be considered:

o the relative dielectric constant &,
e the dielectric substrate thickness A,

e the width of the strip conductor W,

Based on the follows equations and in this theory the interaction with a body is
neglected [3, 4], the characteristic impedance, effective dielectric constant and a
fundamental or primary resonance frequency can be computed this occurs when

the physical length of the strip conductor is roughly half the wavelength:

\/60 o+ 5.1.4
preed — i < .
Zo T In (W + o when w/h<1,
Where:
w
Eeff = Er:l 4 Ere = +0.02(e, — 1)(1 - 71_)2_ 515
2 f1+%—
Otherwise:
- 120m 5.1.6
Zy= VEr [+1393+0.667In (5 +1444)} When W/h21,
Where:
e N 5.1.7

ferr T Tz T ’1+l’—",
w
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_ c
f= = 5.1.8

5.2 Current Distribution in the Flat-Strip

The current density in a flat conductor is highest at the surface of a conductor and
decays exponentially from its value at the surface. The distribution of the current

on a flat-strip conductor is given by

.(x)_L_;__ Ch<x<bh 5.2.1
] —27_[ (———-bz_xz )

Where I represent the total current and b is the width of the strip. The magnetic

field at any point on the surface of the strip line, as shown in Figure 5.2-1 can be

determined by using the following equation:

Ho j(x) 522

dB(x') = 2 (x —x')’

The total magnetic field at any point can be defined by:

Ho x'-e j(x) x=b _j(x) 5.23
B(x) =£2(~ [~ r o dx+ [ e 4% ).
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Figure 5.2-1: The magnetic field generated by the flat

conductor which is produced by a current filament j;(x) dx.

jolx)

Figure 5.2-2: The current distribution of the flat-strip line.

A net increase of the current close to both edges of the strip-line conductor can be
observed, whereas there is a uniform lower distribution near the centre of the
conductor as shown in Figure 5.2-2. The current density can be described as a set
of discrete longitudinal current filaments Ji positioned at a certain location x;. The

magnetic field generated by all currents can then be calculated as [5]:
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Ho 1
By =22 2 fe—— — fe—— |
2” k(xj>xk) |x] - xkl k(xj<xk) lx] - xkl

It can be concluded from this section that the total magnetic flux density across
the strip conductor has two peaks, both of which appear on the edges of the
element. Therefore, it can be estimated that the majority of the current flow is
close to the edges of the conductor. The current distribution over the flat-strip
surface shows a significant increase of current close to the edges therefore
increasing the net resistance of the conductor. To evaluate these formulas
numerically, the current conduction magnitude (CCM) is computed and plotted in

section 5.5.

5.3 Simulations

The strip-line coil was simulated as one strip and two strips close to each other
using XFDTD. The purpose of this study was to design an array coil that can
provide higher SNR and increases the FOV compared with one element coil. The
simulation can be described as follows: each element consisted of two plates
made of Perfect Electric Conductor (PEC). The first plate was a thin-strip
conductor and the second was used as a ground plate. The width of the strip was
chosen as 2 ¢cm and the distance between the strip lines and ground plate was
approximately 0.5 cm. There were also two capacitors used in each element. The
first capacitor was used as a tuning capacitor and placed at one end of the strip
conductor, and the other was used for matching impedance and placed at the other

end of the strip conductor as shown in Figure 5.11-1.
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Simulations of One Element and Two Elements

Loaded with Muscle Tissue Phantom

5.4 One-Strip Line and Two-Strips Coils

The one-strip line coil and two strip lines were loaded with the muscle tissue
phantom filled with a dielectric of human tissue (¢, = 58), the distance between
the surface of the coils and the surface of phantom being 10.5 mm. Two elements
were driven with Gaussian pulse to provide a bandwidth frequency response. The
coils were tuned individually at 298 MHz. Coupling between strips was noted in
the simulation by exciting one element with a voltage source and recording the

voltage induced in the second element.

The coil was driven in quadrature mode by two unit power sources, 90 degrees
out of phase with a sinusoidal voltage source of 300 MHz to produce steady state
electric and magnetic fields inside the phantom. At 300 MHz, the wavelength in
the phantom was 13.1 c¢m. The main advantages of this simulation were being
able to observe the electromagnetic behaviour in the dielectric material, to
consider the SAR distribution and to compare the one-strip with the two—strip coil.
Furthermore, we were able to investigate if there was an increase in the efficiency
of the coil when two elements driving zero and 90 degrees out of phase and also

whether the field of view was increased by adding more than one element.

We tried to minimize the mutual inductance by increasing the distance (D)
between the two elements to reduce the generation of an emf in the second
element and vice-versa. The results obtained from the simulation showed that
there was a little current flowing in the second element due to the magnetic field
produced by the first element. It means that coupling between two elements was
finite. Figure 5.5-3 (A and B) shows that the current distribution over the flat-strip
surface showed a significant increase of current close to the edges. This study
shows that the simulation agrees well with the theoretical equations mentioned in

section 5.2.
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5.5 The B," and Efficiency

Figure 5.5-4 demonstrates a comparison of the B;" produced by one element and
two elements driven simultaneously. Calculations were performed in such a way

as to make a useful comparison between one-element and two-element.

One of the most interesting observations was that more B;" was generated close to
the surface of the phantom, there were two bright areas under the elements, which
had high magnetic field intensity and then dropped in the middle of phantom as
shown in Figure 5.5-5. It can be said that the coils have high efficiency in a near
field region, because high magnetic field was produced exactly under the strip
line, but the efficiency rapidly dropped off further away. When the electric fields
and then the SAR were calculated, it was noted that high electric fields and SAR
were located in the same area, and there was lower electric field and SAR
between two elements as shown in Figure 5.5-7. Two elements approximately
covered the entire phantom, and less B, appeared between the two elements, and

the magnetic fields cancelled each other between the elements.

Y
Ground plane
Strip line conductor

W=2cm

|< d=10cm old

e D

H=0.5cm t
'# J > x

Figure 5.5-1: The schematic of a two-strip line coil
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Figure 5.5-2: The two-element strip line modelled in

XFDTD

Strip (2 cm)
| P2 ~ 0
N —

(1d

(A)

Figure 5.5-3: (A) The Conduction Current Magnitude
(CCM) fields and (B) plot CCM versus distance and
reached a peak on the edges of the PECs.

Figure 5.5-4: Simulated B," distribution inside the

phantom: (A) one strip and (B) two strips.
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Figure 5.5-5: Simulated in depth B," profiles: (A) one
strip and (B) two strips.

The B," inhomogeneity generates variation in the efficiency, and for this reason it
should be computed. Figure 5.5-6 demonstrates a comparison of the uniformity it
was found that two-element provides better uniformity than one element,

therefore an increase in the number of elements could further enhance the

homogeneity.
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Figure 5.5-6: The histogram shows the distribution of data

values (B;") generated: (A) one strip and (B) two strips.
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Figure 5.5-7: The SAR mapping: (A) one strip and (B)

two strips.
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5.6 Results of Simulation

The By distribution shows that there was good homogeneity of the RF field close
to the coil, which reached a peak at the centre of each strip element and that the
transverse field also dropped off away from the centre of each element. Therefore,
the RF field reduced between the coils as expected and because of this a small
amount of signal will appear in the images, when used as a transmit and receive

coil.

With regard to the SAR, the maximum SAR was generated directly below both
the one-strip and two-strip line coils. The SAR profile produced by one element
and two elements taken in the x-direction showed that the maximum SAR/B,*?
reached a peak at 1.27 (W/kg)/p’l“2 produced by one element and about 0.28
(W/kg)/pT* and 0.77 (W/kg)/uT? produced by two-element simultaneously. The
maximum SAR/B,*? were higher for one element than two elements. Note that the
efficiency of the coil in x direction was increased by adding the second element.
Two elements can be used to increase the field of view and a two coil emit more

B,* in x direction.

5.7 One Strip and Two Elements loaded with the Human Pelvis

Figure 5.7-1 (A and B) demonstrates one element and two-element were loaded
on the human pelvis model and then were tuned individually at 300 MHz. It was
noted that the amplitude of tuning frequency was slightly different. This is due to
two coils being placed in inhomogeneous diclectric materials and also the
distance between the coils and from the shape of the pelvis to the surface of each
element being different. This will affect the impedance of the coils. Note: when
the adaptive mesh was used in the regions of the coil and closed to the pelvis,
more cells would be generated in these regions. It would affect the actual shape of
the pelvis and it stretched in vertical direction, but we are interested in the pixel’s

values.
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(A) (B)

Figure 5.7-1: (A) One element loaded with the pelvis and

(B) two elements loaded with the pelvis.

5.8 The B,"Mapping and Efficiency

The B," comparison in the human pelvis showed that one element and two-
element produced a uniform transverse magnetic field. Comparing Figure 5.8-1
(A and B), it can be seen that the field of view was increased by adding two
elements and almost completely covered the pelvis region. The efficiency for one
element and two elements was computed as shown in Figure 5.8-3 (A and B).
These calculations explain that the coil had a higher efficiency in the near field
region. Therefore, the efficiency was increased in x direction. However, it seems

that the efficiency dropped away in y direction for one strip and two strips as well.

llo‘ T

Depth 1
(0.68 cm)
—

Depth2
(7.7 em)
PO
Depth 3
(15cm)
b

(A) (8)

Figure 5.8-1: (A) The B," produced by one strip and (B)
the B," produced by two strips. Note: the actual shape of
the pelvis model affected by the adaptive mesh, more
pixels generated in vertical direction and the pelvis model

stretched in vertical direction.
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Figure 5.8-2: Computed in depth B," profiles generated:

(A) one element and (B) two elements.
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Figure 5.8-4: Calculated in depth efficiency profiles
generated: (A) one element and (B) two elements,

normalized for 1 W delivered power.

5.9 Electric Field

The electric fields in three dimensions x, y and z can be computed by saving

XFDTD output data and then analyzing it to create the image in two dimensions
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such as the x-y plane, as shown in Figure 5.9-1. These images demonstrate the
total electric field generated in each pixel inside the human model. It can be seen
that a higher peak electric field appears between the surface of the pelvis and the

coil.

Electromagnetic waves generated by the coils will create electric and magnetic
fields perpendicular to each other. As electromagnetic waves travel in free space
no reflections should occur, but there is a boundary between free space and
dielectric material. This can cause some electromagnetic waves to reflect back
and some of these waves will be absorbed into the tissue and some will also travel
in free space. It depends on the type of the material and depths. The absorption of
electromagnetic wave should be considered, because it can increase the
temperature of the materials. For safety reasons, the coil should be placed as close
as possible to the area under examination but should not directly touch the
patient’s skin as it may become warm during examination. A small foam pad (2

cm thick) placed between the skin surface and the coil is sufficient insulation.

. 2(V/m)

Figure 5.9-1: Er produced: (A) one strip and (B) two

strips. Note that because the adaptive mesh was used it

affects the shape of the pelvis on this graphic.

5.10 The Specific Absorption Rate (SAR)

The SAR and SAR/B.Jr2 were calculated for one and two element coils loaded

with the pelvis as shown in Figure 5.10-1 (A and B) and Figure 5.10-2 (A and B).
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It can be noted that the two-element coil created a higher SAR compared with one
element. This was due to the inhomogeneity of electric fields that was generated
by two elements. It can be seen from images that hot spots appeared in the surface
of the pelvis. Therefore, most of the energy absorbed in this area, which would
cause an increase in temperature. Plots of the SAR/B,*? produced inside the pelvis
model by the one-strip and two-strip coil show the locations of the highest
SAR/B;"? were on the surface of the pelvis, which was very close to the coils and
reached a peak of 17.09 (W/kg,)/uT2 for the one-strip, 21.9 (W/kg)/uT2 for two-

strip coils respectively, as demonstrated in Figure 5.10-4 (A and B).

l‘ 10
W/g
Depth 1 8
(0.68 cm)
——
Depth 2 6
(7.7 em)
—

Depth 3
(15¢cm)

Figure 5.10-1: The SAR distributions generated: (A) the

one-strip line and (B) two strips.
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Depth 3
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Figure 5.10-2: The SAR per B, distributions generated:

(A) the one-strip line and (B) two-strips.
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Figure 5.10-3: The line profile of SAR in depth generated:

(A) the one-strip line and (B) two strips lines.

18
16
14

12
SAR/B1? 1

(W/g)/ut?

oONBL_BO®

A)

—deptg 1] 25 4

~—depth 2 ; 20

sAR/B1? **
‘(Wﬂll/ut’ 10

~——depth 1
~——depth 2
100 200 300 400 500 |
y(mm)
——depth 1

—depth2 |
i
|

100 200 300 400 500 |

___y(mm)

Figure 5.10-4: The line profile of SAR/B,** in depth

generated: (A) the one-strip line and (B) two strips lines.

5.11 Coil Construction

A two-channel transceiver coil was built based on the transmission line principle.

The coil consisted of two identical elements that could be driven in quadrature.

Each element was individually tuned at 298 MHz and matched to 50 ohms by

using high power capacitors varying from 1 pF to 10 pF. The reason for using two

elements was to enhance the signal to noise ratio (SNR) and also to obtain a larger

field of view.

The elements were isolated and covered by a safety sheet made from perspex.

Therefore, each element should be used individually or both together by

connecting them with a linking piece of perspex, as shown in Figure 5.11-2. The

coil can be placed on the phantom or a human pelvis and the field of view can be

increased by increasing the distance between the elements. The link will allow
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movement or rotation of the elements to any angle. The coil was connected to the

network analyzer, and it was noted that no coupling existed between the elements.

Tuning Strip line

capacitor conductor Matching
| capacitor

V-

—_

2 <— Ground

=

Figure 5.11-1: The schematic view of the strip line coil.

Figure 5.11-2: A photograph of the coils.

5.12 Phantom Imaging (One Strip and Two Strips)

The probe was placed parallel to the z axis of the magnet By, which guaranteed
that the transverse component of the magnetisation was perpendicular to the probe
and maximum signal was generated. The probe loaded with three phantoms (8.5
cm diameter, 17 c¢m in length). The first and second elements were independently
connected to the linear interface box. We then obtained the images from each
element as shown Figure 5.12-1 (A and B). Then both elements were driven in
quadrature together to produce a circular polarized field by driving two elements
at 90 degrees out of phase as shown Figure 5.12-1 (C). It can be noted that the

field of view was increased when two elements placed close to each other and
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loaded with the phantom as shown in the simulation. Moreover, the maximum
signals were generated at driving points. Figure 5.12-1 shows the strip lines coils

cover only the near field regions.

(A)

(C)

Figure 5.12-1: Coronal phantom images that obtained
from (A) Left element, (B) right element and (C)
combined two elements together. A cylindrical phantom

(8.5 c¢m diameter, 17 cm in length) was scanned.
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5.13 Discussion and Conclusion

Two strip line coils were simulated and constructed in the laboratory. The B,*
was very weak between the elements and decays away from centre of each
element. It was found that the efficiency of two strips coil was higher than the one
strip coil and also the field of view was increased when adding two elements.
When two elements were tested on the work bench, there is no coupling apparent
on the network analyser. While in the simulation, a weak coupling appeared
without splitting the main resonance frequency. By driving the first element with
voltage source and second element which was connected with 50 ohm and data
were recorded such as CCM on the surface of each element. It was noted that the
current flowed in the second element. The simulation result showed that there was
a weak coupling between the elements and can be minimized by increasing the
distance between two elements. In this study, two elements were driven 90° out of
phase and more simulations are required to be carried out to calculate the effect of
changing the phase difference on the B;". It can be concluded that the strip line
coil will not be used as a surface coil because interference patterns and reflection
from the ground plane occurred when a sample was placed close to the coil; the
strip line coil generated high local SAR levels at the capacitors locations. It was
noted that the SAR/B,+2 produced by one strip line less than produced by two
elements in the pelvis. We did not use the coil to scan a human pelvis, because we

found that the strip line coil generated a high SAR/B,* level in the region of

interest.
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Chapter 6

Loop coils

6 Introduction

Research continues to show improvements in and uses of a radio frequency coil
designs such as the simple and conventional loop coil. There are many
applications of the loop coil that are widely used such as imaging of a knee. In
this chapter single and dual loop coils were modelled for uses at high frequency
for transmit. In the following sections, the basic theory of the loop coil is
described, and a detailed study of how to design and fabricate one and two
element coils. Also shown is how to decouple two elements in the simulation
using XFDTD software when loaded with both the phantom and the human pelvis
model. To make a comparison between the coils, the B," field, efficiency, field of
view and a measure of homogeneity will be calculated. A difference in the By*,
efficiency and SAR generated by one and two elements can be observed. The
purpose of this work is to design coils to increase the field of view (FOV),

improve the homogeneity and efficiency, whilst preserving low SAR.

The loop coil will be used to transmit and receive the signals required to construct
an image of the sample. Ideal coils would be easy to use, safe, and also have good
quality factor. The loops should have adequate coverage and provide excellent
B;* near the coil. It is useful for detecting signals near the surface of the sample.
The coil will be placed over the desired anatomical region such as the knee. It is
necessary that consideration should be given to the safety aspects. Therefore, the
SAR should be computed in order to validate the coils. Detailed calculations and

measurements will be provided in the validation sections. Since there are a
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number of problems associated with ultra high frequency, it can be said that it is

impractical to design and build a single coil to cover all possible circumstances.

6.1 Background Theory for Loop Coils

In this section a brief overview of the loop coil has been provided. We can

consider a circular loop coil of radius a placing in the x-y plane, and carrying

current / as shown in Figure 6.1-1.
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Figure 6.1-1: A circular loop coil of radius a in the x-y

plane.

The current density J has a component in the o direction as defined in the

following equation:

]0 — 15(7"—(1). 6.1.1

a

Where r is radial distance, @ is polar angle and @ is azimuthal angle.

The above equation represents the distribution of the current on the surface of the

conductor as defined using the delta functions, the current distribution will be
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explained later and plotted in two dimensions in the simulation in the section 6.7.

The current density J and the vector potential A can be written as

J=—x]psin® +y]Jycos @, 6.1.2

Uo 4]la
4amvaZ+ri+2arsinb

A¢ (T, 9) =

...[(z—kz)Kl((l:)-ZK(k)],

6.1.3

Where r is the radial distance from the centre of the loop coil and K is

the elliptic integral and defined as:

K—( 4arsinf )
“\a2+r2+4+2arsinb/

The components of the magnetic field can be expressed in three

directions in the spherical coordinate system as [1]:

=1 9 6.1.4
By = rsin 6 26 (sind Ag),
19
Be=__r_; TAQ)), 615
Bq) - 0 616

According to the Biot-Savart law, the linear polarized magnetic field of a loop

coil an axis can be defined as:
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u,l a? 6.1.7
3 ’
2 (a% +22)2

Bi(z) =

Where a is the radius of the coil, z is the depth of observation point and L is the
permeability of the free space. Equation 6.1.7 would be equivalent to Equation

624for@=0andr =1z

6.2 SNR

The Signal-to-Noise Ratio that is generated by a loop coil can be computed as

defined in the following expression:

B V:|M(r).B4(1)] 6.2.1
~ JBKTAF(P, + Pg)

SNR(r)

Where M is the magnetization, k is Boltzmann’s constant, T is the absolute
temperature, Af is the receiver bandwidth and P4and Py are power losses within

the coil and sample respectively [2, 3]. These can be defined as follows

8 a I? 6.2.2
=
2m 5 b
Py =0 w? ( ]ff |A|? 2 sin(8) dr dB do
000 623
21r—21zoo -
+ Hf |A|?r? sin(@) dr d8 d©),
00D

Where A is the vector potential, @ is the Larmor frequency, o is the sample

conductivity and § is the coil thickness.
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SNR
wViMB, (r)/]

28b .
BKTAf(m"l-O’w X .. 6.2.4
w ST 7§ 4272 sin6drd6dd + [T [ A2r2 sin6drdodg)

Where M is the magnetization, k is Boltzmann’s constant, T is the absolute

temperature, Af is the receiver bandwidth.

We can see that the SNR of a coil is related to its B;* efficiency. However, at high

frequencies this reciprocity relationship can be broken, because the receive coil

observes the B,” component.

6.3 Simulation

The FDTD method was used to simulate the time varying magnetic and electric
fields. Each element consisted of one capacitor for impedance matching and eight
tuning capacitors, the perfect electric conductors were split into many parts with
small gaps for the capacitors which were distributed at eight equally spaced
intervals around the square loop. The reason for adding more than one tuning
capacitor in the coil is that reduces the electrical coupling (parasitic capacitance)
that occurs between the coil and the dielectric of the sample or human tissue [4].
Also the resonance frequency of 300 MHz can be more easily achieved. Moreover,
reducing the sample losses caused by the displacement current can be achieved by
distributing multiple tuning capacitors. However, resistive losses caused by eddy
currents induced in the sample or human tissue are unavoidable [5]. Furthermore,
reducing the size of the coil decreased the overall parasitic capacitance and
increased the quality factor of the coil. The parasitic capacitance affected the

matching impedance when the coil was built in the laboratory.
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6.4 Simulation of One-loop and Two-loop Coils loaded with a

Muscle Tissue Equivalent Homogeneous Phantom.

The model can be described as the follows: The resolution of the model was 0.5
mm in the x direction in the region of the coils and 1.3 mm in the y and z
directions. All simulations were performed with same grid. The coil was driven
with a Gaussian pulse as the source waveform to provide a wide bandwidth
frequency response. The loops were simulated as 10 mm wide PEC tape and
isolated from shorting together with insulating plastic sheet. The coil was loaded
with a muscle tissue phantom with body equivalent dielectric properties
(conductivity and relative permittivity had constant values of 0.77 S/m and 58.201
respectively). The coil was placed at 10 mm distance from the phantom surface. A
homogenous phantom was preferred because the character of the electromagnetic
field can be observed without perturbation by tissue heterogeneities, as an
example the effect of RF inhomogeneity can be obtained with a uniform phantom.
Adjusting the relative phase of the dual coil was required to obtain better signal-

to-noise ratio (SNR) over a large field of view [6].

6.5 Coupling and Decoupling

Coil coupling has to be considered during the modelling process. When two
elements are placed near each other, the magnetic fields from the first element
will pass through the second element [7]. The changing magnetic field from the

first element will induce an EMF in the second element and vice versa. According

to Faraday’s law, this is

e =—(ddg/dr), 6.5.1
Where ¢ is the electromotive force EMF and @ is the magnetic flux.

In addition electric fields will also introduce a degree of coupling, which means

that the expected geometrical positioning at low frequencies cannot be used. This
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problem can be overcome by connecting the first element by a voltage source (1
volt, 50 ohms) and the second element was set at 50 ohms impedance. Simulation
results demonstrated that there was very strong coupling between two elements as
shown in Figure 6.5-1 (D), which caused the main resonance frequency to split
into peaks and it can be said that the mutual coupling between adjacent elements
was strong enough to split the resonant peak. The coupling will add noise,
decrease the signal to noise ratio and affect the image quality [8]. In the
simulation, one of the most difficult tasks was to make two elements invisible to
each other. Therefore, reducing the flux linkage from the closest neighbouring

element was more challenging.

This was achieved by reducing the coupling between the elements. The literature
suggests that the coupling between two elements such as square loops can be
minimized to zero by proper overlapping of the elements as mentioned in chapter
3. We found that this could be achieved for square coils by separating the coils by
a distance approximately equal to 90% of the side length, while loop coils are
separated by approximately 75% of the circle diameter. The simulation shows
that the overlap between coils could be adjusted to reduce the coupling as shown
in Figure 6.5-1 (E). From the simulation results, the coupling constant k can be
calculated based on results shown in Figure 6.5-1 and using the method described
in Chapter 3. It was found that k lies between 0.2 and 0.3 with an average of 0.25.
It was noted that the overlapping method works well for decoupling two elements
as shown in Figure 6.5-1 (F). The coils were tuned to the same frequency, as
when using only one element as shown in Figure 6.5-1 (B). This means that the

mutual inductance of the elements would have been diminished (M = 0).
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Figure 6.5-1: (A) A single element structure in XFDTD,
(B) one element resonant at 300 MHz, (C) a two element
structure in XFDTD, (D) the original resonance frequency
split by the mutual inductance between two elements in
the simulation, (E) a two element overlapping and (F)
decoupled by the overlaping technique and resonating at

300 MHz.

6.6 The B," Mapping produced by One Loop and Two Loops

For safety validation, the B," distribution and SAR were performed at 298 MHz
for one element and an overlapping two-element coil, with voltage source
magnitude equal to 1 volt. For calculations with two voltage sources such as two
loops, the same amplitude must be used. Net input power driving into one element
and two elements were about 2,04 X 1073 and 4.183 x 1073 W respectively.
The total power absorbed in the phantom was computed in FDTD. The absorbed

power P depends on the conductivity of the phantom and is defined as the
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following: paps = fffizr-IEl2 dV. The FDTD simulation showed that the power

dissipated in the phantoms are 1.96x107 and 4x10”* watts which were generated

by one element and two elements respectively.

Taking the simulation results a MATLAB program is used to process the results
and show the Bf map in Figure 6.6-1. All line profiles were calculated at the
same depths for all simulations in order to be able to compare the results. The
numerical calculation shown in this work offers a simple approach to make a
comparison between one loop and two loops. It can be seen that the magnetic
field was higher close to the coil and also that there was a large local B,*
generated above the PECs and less B," between the PECs. B, was reduced as we
moved further away from the probe. An area of low B," intensity was found

between the coils themselves as shown Figure 6.6-3.

Moreover, the magnetic fields cancelled each other out somewhere in the middle
and also on the top right of the phantom, as shown in Figure 6.6-1. It can be
assumed that when the coil is loaded with the phantom and scanned on the 7T, the
same distribution of the B, will be produced. This will be shown in section 6.14.
With regards to the two-loop coil, it had very good coverage in the middle of the
phantom and better and more homogeneous penetration of the B;" than the one-
loop coil. This is because the fields from two loops are combined, and also the
field of view was increased, it is approximately 15 cm and 25 cm for one element
and two loops respectively. When two loops were loaded on a large phantom a
good uniform magnetic field and high B," appeared above the PECs as the current
flowed in this region, but less signals appeared between the PECs and also a null
appeared in the centre of the coil. When adding two-loop, the null disappeared in

the same area as shown in Figure 6.6-3.

It can be concluded that two loops behaved as a one-loop coil and also the
magnetic field produced by two loops acted as three parallel strips just in this
plane, as discussed in the previous chapter. The efficiency of the coil was

calculated as shown in Figure 6.6-4 and Figure 6.6-5, using the equation
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presented in chapter 3. As the efficiency is a function of transverse magnetic field,
it has the same distributions of the B,". The coil has high efficiency in the area
near the PECs, directly below the elements and it decays between the PECs. The
efficiency decreases more rapidly with increasing depth from the surface of the

coil as shown in Figure 6.6-5.
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Figure 6.6-1: The B;" generated: (A) one element and (B)
two elements.
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Figure 6.6-2: The line profiles of the B," in depth close to

and further away from the coils, ( 0.5 ¢m and 5.3 cm,

respectively).
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Figure 6.6-3: The B," generated in the coronal plane: (A)
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phase): in the surface of the phantom, in the middle of the

phantom and in the end of the phantom.
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Figure 6.6-4: The efficiency mapping of one element and
two elements in the transverse plane, in linear scale and
normalized for 1 W delivered power.
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Figure 6.6-5: The lines cross of the efficiency mapping
close to and further away from the coils generated by one

loop and two loops.
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We can now compare the results of the simulations. A comparison between one
loop and two loops can be clearly seen when the coils were loaded in the
homogenised phantom, a summary of these results is shown in Figure 6.6-6.
However, it is useful to quantify the uniformity which can be a measure of the
coils’ RF fields. To do this a histogram of the B," is plotted. A good homogeneity
would result in a narrow distribution. If we compare Figure 6.6-6 (A and B), note
that the result from the two loops improves field homogeneity in comparison to
one loop coil. Therefore, the improvement we can make to the field produced by

the coil is to add a second identical element.

(A) . ;o‘ (B)

Figure 6.6-6: The histograms show the distribution of data
values (B,") generated: (A) one element and (B) two

elements.

6.7 Conduction Current Magnitude (CCM)

As has been described in the previous sections it is important to know how the
current flows on the surface of the coil conductors. In this section, we present the
current distribution in two dimensions as the CCM mapping. The coil was driven
in quadrature by two unit power sources 90 degrees phase difference with a
sinusoidal waveform and frequency of 298 MHz. The simulation was run until the
system reached a steady state. The CCM was obtained from data sets in XFDTD.
Figure 6.7-1 shows the current distribution equally on the PEC. It can be seen that
hot spots appeared in the regions where the capacitors are connected to the perfect
electric conductors. In these areas a high potential difference between two points

was generated. This caused an increase to the electric fields in these locations as
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shown in Figure 6.7-2 and Figure 6.7-3. These are sometimes referred to as

electric conservative fields as opposed to induced fields.

When distributing n capacitors in the loop coil, the voltage and electric field
generated by each capacitor is v; and E; then the total voltage and electric field

generated by each capacitor in the loop can be given by:

VT:ZUL 6.7.1

n
i=1
n
ET = Z Ei'
- 6.7.2

The above equations have described the physical principle. Therefore, by looking
at the previous equations, we can make some important conclusions. Distributing
more than one capacitor has the advantage of the result reported here. The electric
fields can be distributed in many locations instead of in one place when using one
capacitor [9]. This means that electric field generated in many locations is
smallest because the total electric field should be divided by the number of
capacitors distributed in the loop. Therefore, this will decrease the localised tissue

heating in these locations and reduce electrical coupling with the tissue.

Figure 6.7-1: CCM (A/m) on the left and an electric field
(V/m) on the right.
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Figure 6.7-2: An electric field (V/m) line profile across
three capacitors in the upper region and three capacitors in

the lower region.

Figure 6.7-3: The electric fields generated in the locations
of the capacitors. Cross section taken through the phantom

and conductor.

6.8 SAR Generated by One Loop and Two Loops

SAR calculations for the simulations were performed for the phantom and also for
the female pelvis model. Figure 6.8-2 (A and B) shows the distribution of the
SAR for the simple phantom. There was a higher SAR produced fora B," of | 4T
above the PECs, which means that more electric fields were generated in this
region and very low SAR appeared between the PECs in the y direction. The
simulation results of two loops demonstrated that the locations of the highest SAR
were on the surface of the phantom in the region close to the loops. Therefore,
when we scan a human, the coil should be placed 1 ¢m from the tissue and spacer

material should be put underneath the coil to avoid increasing the local SAR and
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casing a temperature rise in the tissue. Attention should be paid to all the safely

[ "i’ V/m)
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aspects.

Figure 6.8-1: The Electric fields mapping in x-y plane and
the maximum E directly below the elements produced by

(A) one loop and (B) two loops. Each element was driven

by 1 volt.
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Figure 6.8-2: The SAR mapping in x-y plane with the

maximum SAR directly below the elements produced by

(A) one loop and (B) two loops.
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Figure 6.8-3: The line cross of the SAR mapping in depth
close to and further away from the coil, ( 0.5 ¢m and 5.3

cm, respectively).
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Figure 6.8-4: The local SAR per B;"> mapped in the

coronal plane with the maximum SAR/B,*? directly below

(8)

the PECs and capacitors produced: (A) one loop and (B)

two loops: in the middle of the phantom.

6.9 The Loop Coil loaded with Human Pelvis Model

The loop coil was considered by loading it on the human pelvis model as shown
in Figure 6.9-1.The loop dimensions were 14 by 14 cm” and made of PEC, and 8
tuning capacitors were used (7 capacitors = 7 pF and 1 capacitor = 5 pF and one
capacitor for impedance matching =100 pF). The coil was placed very close to the

surface of the pelvis at about 10 mm from the coil and then it was tuned at 300

MHz.

Figure 6.9-1: The loop coil loaded on the pelvis model.

6.10 The B," Mapping

The coil was driven in single mode at 300 MHz, so that the average wavelength in
the pelvis was estimated at 13.1 c¢m. The simulation results showed that the

magnetic field Bf" was strong close to the loop and it weakened as we moved
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further away from the coil in the pelvis as shown in Figure 6.10-1 and Figure
6.10-2. It can be expected that during the reception, a voltage is induced in the
loop by the precessing nuclei and the voltage will be very strong when the nuclei
are closer to the loop, and as a result the amplitude of the magnetic field decreases
as the distance between the loop and the pelvis increases and also the sensitivity

distribution depends on the geometry of the coil as shown in Figure 6.11-1.

-
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Figure 6.10-1: The B;" produced by the loop coil.
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Figure 6.10-2: The line profile of B," in depth: depth (1)
(4 cm), depth (2) in the middle of the pelvis (10 c¢m) and
depth (3) in the end of the pelvis (14 cm).
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6.11 Efficiency
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Figure 6.11-1: The efficiency in the transverse plane of
the loop coils, in linear scale and normalized for IW

delivered power.
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Figure 6.11-2: The line profile of efficiency in depth,

normalized for 1W delivered power.

6.12 Specific Absorption Rate (SAR)

The plots of the SAR produced by the loop coil inside the pelvis model show that

the highest the SAR were generated in near field region. Therefore, the locations

of the highest SAR were on the surface of the pelvis, and in the area close to the

loop coil. It is necessary to introduce a maximum of the SAR; the profiles are

taken in the regions of the SAR maximum and in depth. It can be seen that the

124



amount of SAR reached a peak and then dropped dramatically from 2E-3 (watt/kg)
close to surface of the pelvis to 2E-4 (watt/kg) in the end of pelvis as shown in

Figure 6.12-2.
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Figure 6.12-1: The SAR mapping on the pelvis.
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Figure 6.12-2: The line profile of SAR in three regions:
near field (4 c¢m), middle (10 ¢m) and in the end of the

pelvis (14 cm).
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Figure 6.12-4: The line profile of the SAR per B;"* in
three regions: near field (4 c¢m), middle (10 ¢m) and in the

end of the pelvis (14 cm).

6.13 Coil Construction

The coil was built in an electronic laboratory. It was designed to be similar in
shape and dimensions as in the simulation as shown in Figure 6.13-1. Each
element was designed as a square loop. Two square-loops coils were built with

dimensions of 14 cm X 14 cm and a 10 mm wide copper tape. Each coil was
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individually tuned and matched. The component values used for tuning the coil

were found to be C; = C; = 5.7 pF and Cg = 3.3 pF.

If the coils are placed near each other, the mutual inductance M among the
elements causes the main resonant frequency to split into peaks. This was
observed on a network analyzer. It is extremely important to diminish the mutual
inductance. This is because the coupling results in a loss of sensitivity at the
frequency fp. There are different techniques to decouple the elements such as the
overlapping technique, the interactions between the coils reduced by overlapping

adjacent coils and the coils were tuned at 298 MHz.
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Figure 6.13-1: The schematic view of loop coil.

The coil was tested on the workbench before it was used in the 7T. Validation of
the coil involved measuring the quality factor using a network analyzer by using
two search coils perpendicular to each other. The quality factor for a loaded coil
will be smaller than the quality factor measured without a sample. The coil had an
unloaded Q to loaded Q ratio of 74/14 when the loop was loaded with two

phantoms. The real resistance of the coil can be estimated by using this formula.

R = Lw/Q. 6.13.1
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We assume that the imaginary impedance diminishes as the coil is tuned at 298
MHz. We used RLC lumped components to estimate the equivalent inductance of
the coil circuit for tuning at a resonance frequency. The coil was designed to work
at 298 MHz and has an inductance of 437.9 nH. The unloaded and loaded coil,
real resistances were calculated using the equation 6.13.1 and found to be 11 and
58 ohms respectively. Experimentally, it would appear to be significantly less or

greater than the estimate above. This is only an approximation, not an exact value.

6.14 Phantom Imaging

This section refers to the assessment of the loop coil. MRI experiments were
performed on a 7T (Philips scanner) system. The loop was placed on two
homogenous phantoms (8.5 cm diameter, 17 cm in length) filled with a solution of
9 g/ml NaCl, and then the coil was matched, tuned and then it was connected to a
linear interface box. Transverse MRI images were obtained by using the
following parameters: a Fast Field Echo (FFE) technique, with repetition time TR
of 30 ms, an echo delay time TE of 4.9 ms and flip angle of 15 degree. Figure
6.14-1 shows images of two phantoms, the signals intensity in the region where
the coil is closest to the phantoms is very high in comparison to other regions.
This indicates that the sensitivity decreases with increasing depth as we noted in

the simulation. There is a dark line in the images, this due to cancellation of the

B," in these regions.

Figure 6.14-1: Images of uniformity phantom (8.5 cm

diameter, 17 c¢m in length), obtained with the loop coil

(Tx/Rx).
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6.15 In Vivo Imaging

Data were acquired on the Philips 7T MRI scanner using a square coil that was
designed and built at the MRI centre. The surface coil was used for imaging the
knee. Some of the in vivo MRI images were obtained from a healthy volunteer as
shown in Figure 6.15-1. The coil was connected to the linear interface box and
placed about 1 ¢m from the knee. The FFE technique was used with the following
parameters: a repetition time (TR) of 17.1 ms, an echo time (TE) of 4.9 ms and a

flip angle set to 20 degrees.

Patella

Muscle

Figure 6.15-1: axial MRI images of the knee in a normal

volunteer at 7T.

S0E+S
~=middle of the knee 45645
40645
35645
30645

5.00E+05

4.00E405 —— Near field

3.00E+05
Mean Mean 2.56+5
2.00E+05 20645
15645
1.00E+05 10645
S.0E+4
0 0.0E+0
0 50 100 150 0 50 100 150

(A) x(mm) (8)

Figure 6.15-2 : (A) The mean signal in horizontal cross
section close to the knee and in the middle of the knee, (B)

in vertical cross section of the image.
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6.16 Discussion

We have shown through simulation the one loop and two loops can be tuned to
resonate at 300 MHz and then produce a huge B," field in the near field region as
shown in Figure 6.6-1 and Figure 6.6-2. The two elements were driven 90 degrees
out of phase. We generated a phase difference between the currents that flowed in

each element.

In the phantom study, the efficiency and FOV was analyzed. The results indicated
that a two-element coil will be able to improve the field of view. In order to
determine this, two-loop coil was compared to one loop coil. The two-loop
covered about 25 c¢m while one loop covered approximately 15 cm. It was
expected that one loop will image a limited area and the field of view is
comparable to the dimensions of the coil. So, the coil can pick up signals from the

area surrounding the region of interest.

This study has shown that the efficiency of two loops coil shows the desired
improvement, compared to a one loop design. The efficiency is increased by
adding two elements in horizontal direction and reached a peak close to the
surface of the phantom and then dramatically decreased in the end of the phantom
and also in the pelvis as shown in Figure 6.11-1. Depth penetration can be defined
as efficiency of the coils to detect weak signals. We expected that the maximum

depth of visualization is limited.

Furthermore, based on our computed results the high SAR/B,*? reached a peak of
3.39 and 3.276 (W/kg)/uT* by the one loop and two loops respectively. The
calculations shown that the two-element coil had better homogeneity compared to
the one element. The coil was constructed in the laboratory for imaging a
phantom and human knee at 7T. It was built and developed as a transmit and
receive coil and it was tuned to 298 MHz (the proton Larmor frequency of the 7T).
We were only able to test one square coil on the scanner. It is hoped that the two-

loop version can be used on the 7T when independent drive (2 channel multi-
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transmit) becomes available. This will allow the phase shift to be controlled and

B," shimming employed.

Attempts were made to image a healthy human knee and the images demonstrate
a good excitation along the knee over approximately a 14 c¢m field of view. Figure
6.15-1 shows axial MRI images of the knee. The structure of the subject was
observed and could be easily identified from the images as: clear muscle, fat,
bone, vein, and trabecular bone. This indicates that anatomic details of the knee
were well visualized. It was found that there was a significant increase in the
mean signal intensity close to the coil as shown Figure 6.15-2. This means that

the intensity was best in the region where the coil was closest to the knee.
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Chapter 7

Dipoles as MRI Transmit and Receive Probes

7 Introduction

This chapter will discuss in detail the stages involved in the design and building
of dipole probes. It focuses on the development of RF dipole probes that can be
used to overcome several of the problems associated with loop coils and strip-line
geometries such as inhomogeneity and interference patterns. This approach shows
that when imaging a far field region a very good image quality can be obtained

whilst maintaining low SAR levels.

In the previous chapters conventional loops and strip lines coils were designed
and tested. In this chapter five new dipole geometries were developed for use at
7T. Theoretically, the electromagnetic field of an antenna can be divided into a
near- field and far-field regions. Up until now the majority of RF coils have been
designed as near field antennas such as loops and strip lines coils. The coils
produce a large magnetic field in the near field region. This is good when the
Region of Interest (ROI) is located close to the probe. However, at high
frequencies most of the ROIs are located at a depth similar to one wavelength,
which is a major problem because as frequency increases the wavelength becomes
shorter than the dimensions of a sample volume [1]. This is a significant problem
when imaging human organs located deep within the body such as a female pelvis

(uterus).

Previous research suggested that using a dipole can overcome these problems [2,
3]. It can be shown that the dipole will be suitable for imaging structures deeper
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in the human body than conventional coils, as the electromagnetic energy is
expected to propagate more uniformly in the far field regions. A brief overview of
the dipole antenna will be given in the following section. The results obtained
from the simulations and practical applications are explained. Images of phantoms

and in vivo were obtained at 7T by using the dipoles.

7.1 Background Theory for Dipole Probes

The aim of this section is to describe the electromagnetic wave emitted by an
antenna. The dipole antenna can be designed to emit and/or receive
electromagnetic energy. It can be made in various shapes and sizes such as an
electric dipole which is a centre fed linear antenna. It is assumed to be along the z
direction as shown in Figure 7.1-1. It consists of two approximately quarter
wavelength conductors and has a narrow gap at the centre for excitation. The
currents on the two halves of the dipole are symmetrical. The voltage reaches a
maximum Vy,,, at the end of dipole and is zero in the centre. The current reaches

a maximum at the centre with a value of I, and has nodes at both ends, the current

phasor I(z) can be assumed to be a sine function [4]. The current is given by:

I(x' =0,y =0,z') = e,l, sm[k(——z)] 0<z' < ;‘ 7.1.1
<o0.

d
I(x' =0,y' =0,2') = ¢,l,sin [k (—2-+z )] —-2-
Where k (= 27") is the wave number and d is the length of the dipole.

From equation 7.1.1 we would expect that the magnetic field generated nearby to
be proportional to the current through the dipole [5]. Also it may be predicted by
reciprocity that the receive signal to noise ratio has the same spatial pattern [6],
which will be investigated later. From the continuity equation iwp = V. ], the

linear charge density p' (charge per unit length is constant along each arm of the

antenna with value p'(2) = i(mO
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The upper and lower sign refer to positive and negative values of z. The dipole
d

moment can be defined as the follows: p = f_;g zp' (z)dz = %. The total power
2

Zo13 (kd)?

radiated is defined as: P =
481

[7]. Moreover, the vector potential A and

magnetic field B generated by the dipole antenna in the cylindrical coordinates

can be written as [7]:

_ o (d/2 0 e k{p7 a2 dz’ 712
Ap2) =24\ e 42

B(p,z) =V x A(p,2z)

— _Klo [e-ik,/p2+(z-d/2)2 + e—ik/p?+(z+d/2)? _
4mip

2 cos(icz-l-)e'”‘\' "2”2] eg- 7.1.3

In general, the magnetic field generated by the dipole antenna can be computed at

any point in space by using the Maxwell equation, which can be written as the

following:

i) 7.14
VXB= posso-5€+ HoOE

= (iwyyeg, + poo)E,

From the previous equation, the electric field can be defined as:

-——'  UxB. 7.1.5

- (iwpoeEpt+po0)
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The magnetic and electric fields generated by the dipole in a near and far field

region can be expressed as:

_lolk? _iyRr[J_ 1 : 7.1.6
)= [kR+(kR)2]Sm9’
2lp L k2 ..ij[ 1gagt i) e Ly
Bp = ar 10€ (k R)? (kR)3]COSB’

Iotlikcs 1 7.1.8

Snerld J
kR b
4 10¢ [k RYR? " (kR

Eg = ] sinf.

In this research, we are interested in the radiation pattern of the dipole at a
distance far from the antenna, which corresponds to a distance R such that R >
A. It can be achieved by keeping only the term varying as (1/kR) in the above

equations, thus ignoring terms which reduce with R’ and R’, which usually

dominate the near field expressions [8].
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Figure 7.1-1: (left) the dipole, (right) electric field and

magnetic field lines surrounding the dipole [9].

Moreover, the length of the resonant dipole can be computed using this equation
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d = 0.47 x A=o.47;, 7.1.9

Where v is the propagation speed on the antenna, which relies on the effective
dielectric constant. Voltage and current distributions on a dipole can be described
using simulations, which used MATLAB code. Figure 7.1-2 shows voltage
distribution on a dipole for a half wavelength. Figure 7.1-3 demonstrates current
distribution on a dipole antenna for different wavelengths on an antenna tuned
at d = A/4 where d is the length of dipole and A is the wavelength of the
oscillating current source. At quarter wavelength the current reaches a peak in the

centre fed point. This will be detailed later in the simulation of the dipole antenna.

Figure 7.1-2: Voltage distribution on a dipole for a half

wavelength.
TGN AR
z [ Jaar)
- }’ 4
bR
[ 5 ) s ;l‘, e —k ’.‘0
(A) length (8)

Figure 7.1-3: Current distribution on a dipole antenna for
different wavelengths: (A) wavelength/2 and (B) a full

wavelength.
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The purpose of considering the distributions of the current and voltage is to
determine the point impedance. When the dipole is fed at distance z as an example
from one end of a half wavelength, the feed point resistance becomes very high

while at the centre the impedance is low.

7.2 Simulations

A simulation of an RF dipole was performed to compute the homogeneity,
efficiency, electric field, RF field and SAR. The dipole antenna was simulated in
water and also using a ceramic material. Four different antenna structures were
modelled for imaging at 300 MHz as shown in Figure 7.2-1. These are new

designs and they have shown to improve the field of view, homogeneity and

efficiency.

Figure 7.2-1: Four different antenna structures: (A) the

structure of the one-strip dipole, (B) two-strips dipole, (C)
flat-strip dipole and (D) the dipole array structure.

The copper strips were mounted on the top of the ceramic: The first model was a

10 mm wide strip mounted on top of the dielectric material. The second model
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was two strips mounted on the same block material. The third model was a 70
mm wide flat strip placed on the block. The final model was array strips mounted
on the block as shown in Figure 7.2-1 (A, B, C and D). There is no mention in the

literature about the last three dipole designs.

Results of all simulations and practical applications are compared and discussed
in the next sections. All models had the identical dimensions and mesh as well. In
this research, the dipole antenna in water was the first to be studied, to obtain
information such as the distribution of the B," and imaging near field and far field
regions on the 7 T. Details about modelling and building the dipole antennas will

be provided.

7.3 Dipole in Water

In this section we describe how to simulate the dipole antenna in water. It consists
of two arms. Each arm is a quarter wavelength long. Figure 7.3-1 and Figure
7.3-2 show the electric circuit and structure of the dipole antenna in XFDTD. The
arms of the dipole were simulated using Perfect Electric Conductor (PEC) in the
simulation. The dipole was placed in a number of different dielectric materials
that have very low conductivities of 0.005 (S/m). The coil was driven with a
Gaussian pulse as the source waveform to provide a wide bandwidth frequency
response. The frequency range of the model was 0 to 18.74 GHz. The cell size
was chosen to be 0.5 mm in the x direction and 1.5 mm in the y and z directions.

Approximate memory required for the calculation was 200 MB.

Figure 7.3-1: A diagram of the circuit used to tune the

dipole in the simulation.
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In this part of this section, we investigate the effect of the dielectric to tune the
dipole. It was tuned by adjusting the length of the dipole, there are no electric
components such as capacitors in the simulation used to tune the coil. It tuned as a
self-resonance at 300 MHz. The dipole was placed in the dielectric material of
water and the distance between the surface of the water and the dipole antenna
caused a variation of the effective permittivity, which affected the tuning
frequency. The table below shows two dipoles placed in the same depth in the
simulations, but in different two dielectric materials. It was observed that the
permittivity can affect the total length required to resonate the dipoles at a self
resonance frequency, the simulation results showed that there is a relationship
between the length of the dipole, frequency and permittivity can be expressed
as f = C/2L,[e.zy , 5o that the shortest wavelength is 11.5 cm in the dipole. The

resonant length of the dipole for 300 MHz under loaded condition was found to

be 13 ¢m as shown in Figure 7.3-3.

Permittivity The total length of dipole Self-resonance
under unloaded condition(cm) (MHz)
33 13.601 300
76 12.64 300

(A) (B)

Figure 7.3-2: The dipole structure in XFDTD: (A)

Unloaded and (B) loaded conditions.
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Figure 7.3-3: The dipole tuned at 298 MHz.

7.4 The B," Mapping

Figure 7.4-1 shows the B;" maps produced by two elements inside the dielectric
material. It can be noted that the highest intensity of magnetic fields were
generated inside this material, under the two elements. It can be predicted when
testing the dipole that the NMR signal will be generated in the water inside the
box and the same pattern will be obtained when testing the dipole to image a
phantom. Figure 7.4-2 demonstrates that the B," values were very high close to
the dipole, in the region of interest the B;" produced only decayed slowly as

shown in Figure 7.4-2.

Dipole

ey

R —
_ e
0

Figure 7.4-1: The B] mapping in the x-y plane.
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Figure 7.4-2: Computed B," profiles for different depths
in phantom material, (the net input power used for

transmission into the dipole was about 1.47x107 watt).
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Figure 7.4-3 : The histogram shows the distributions of

data values (B, ") generated by the dipole in the phantom.
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Figure 7.4-4: The magnitude of the Poynting vector
generated by the dipole.
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7.5 The Dipole Construction

The dipole antenna is a very simple design, which consists of two thin cylindrical
conductors that have a total length of half a wavelength. The dipole was placed in
a small box, which contained distilled water as shown in Figure 7.5-1. The
purpose of using distilled water was to obtain low conductivity to minimize
antenna losses and to get high permittivity (close to the relative permittivity of the
human body) in order to decrease reflections between the surface of the sample

and the dipole.

The size of the box was 16 ¢cm in length, 11.5 cm in width and 9.5 cm in height.
In this design, the dipole was tuned to 298 MHz by adjusting the length of the
dipole and also by varying the amount of water in the box. This was done to bring
the resonant frequency of the antenna to 298 MHz without having to change the
dielectric permittivity of the water. However, the effective relative permittivity of
the dipole could have been varied by changing the amount of water in the box or
adding non-polar or lower permittivity liquids such as methanol. In chapter three
we discussed that many different types of a bal-un circuits can be used to convert
an unbalanced signal to a balanced signal. In this study a half wavelength coaxial
cable was used as a bal-un circuit. Adding it to the dipole had many advantages,
such as removing currents flowing on the outer shield of the coaxial cable and
reducing the instability of the S-parameter measurement. It was observed that
without a bal-un circuit the measured S-parameter relied on the position of the
cable. If the cable touched or was placed close to dielectric material, the S-
parameter changed. In chapter three we studied and showed how to use the
coaxial cable, and the electric half wavelength and full wavelength were

computed. Therefore, a 1/2 length of coaxial cable was used as a bal-un circuit to

eliminate feeder radiation.
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Figure 7.5-2: The dipole built in water.

7.6 Testing the Dipole

The constructed dipole was loaded with two phantoms filled with a solution of 9
g/ml NaCl. This study showed that the dipole was tuned at 298 MHz and matched
to 50 ohms without adding any capacitors. Therefore, it can be said that the
experiment results agree well with simulation. The antenna was used to transmit
RF and receive the MR signal. It was tested on the 7T Philips scanner. It was
connected to the linear interface box and used as a transmitter antenna and
receiver. Figure 7.6-1 shows that most of the signals were generated from the
water. However, it can be said that the antenna covered near field and far field
regions. From this design, we can see that the B," is uniform as demonstrated in
Figure 7.4-3. These results point towards the fact that the coil is suitable for the
7T and would improve the image quality above that of surface coils. It can be said

that the dipole antenna is a very good transmitter and a receiver.
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Signal from water

phantoms

Figure 7.6-1: The images obtained by using dipole as a

transmitter and receiver.

The work with this simple system gave confidence that a ceramic based dipole for
human imaging would be worthwhile. Using ceramic with high relative
permittivity ensured that both the near electric and magnetic fields are inside the
block, resulting in the Poynting vector being directed into the sample or patient as
demonstrated in Figure 7.4-4. The electromagnetic wavelength travelling in this
material was found to be 16.4 cm. The dimensions of the ceramic block were very
important parameters in the design (such as the length, width and height). In most
of our discussions in the next sections, dipole dimensions will be referred in
wavelength units. The height of the block must be the quarter wavelength long,
about 4 ¢m [2]. This is to minimize the reflections of electromagnetic waves when

the coil is placed close to the surface of a sample or a human body.

7.7 Dipole (Ceramic)

A high frequency RF surface coil based on the use of ceramic has been
developed for in vivo MRI applications on the human pelvis at 7T. The steady
state calculations of B," fields and SAR were performed at 300 MHz with voltage
source magnitudes equal to 1 volt. In the phantom study and pelvis model, the

FOV, efficiency and uniformity of each dipole was analyzed.

A difference in the B, efficiency and SAR that was generated by four dipoles
can be clearly observed and compared. All line profiles predictions were

computed numerically in the same depths, so the numerical method presented in
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this work offers a simple approach to make a comparison between the dipoles.
Radiofrequency field inhomogeneity, and the field of view and the SAR were

major challenges in this research. The latter is a significant RF safety concern,

The purpose of this design study was to increase the FOV, improve the B,"
homogeneity and the efficiency of the antenna. It may be improved by adding flat
strip, two strips or four strips, or when more than two antennas are joined together
such a combination is called an antenna array. Two strips acted as two dipoles
connect to the quadrature interface box to produce two signals which have equal
amplitudes and 90° out of phases. This mode potentially allowed a sensitivity gain
by a factor of V2. A partially circularly polarized magnetic field is generated
when driving the RF coil in quadrature, but driving the dipole in a single mode as
described here with only one strip will generate a linearly polarized magnetic
field that is only half as efficient in rotating the spins. This is only exact if the

spatial modes are orthogonal.

The dipoles were chosen to work at an electrical-half wavelength. The wave in
the dielectric does not have the same wave length as a wave travelling in free
space. So the length of whole the structure of the dipole was considerably shorter
than the length computed for a signal travelling in free space (the wavelength at

300 MHz in free space is about one meter long).
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(B)
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Figure 7.7-1: Four possible structures: (A) the structure of
the one-strip dipole, (B) two-strips dipole, (C) flat dipole
and (D) the dipole array structure (the total currents

divides equally between the four strips).

In this study, the FDTD method was used to compute the electrical half
wavelength of the dipoles. One method of tuning the dipoles is as a self-resonant
structure in the simulation. A small search loop coil was used to excite the dipoles.
We should pay special attention when we excite the dipole using the search loop;
the search loop coils were placed in the middle of the strips because the maximum
current density occurs at these locations. Hence the search loop located at the
centre can pick up the signals at these excitation positions to obtain better
simulation results. In order to demonstrate that the interactions between the search

loop coil and the dipoles were working, signals were introduced by a search coil

into the dipoles.

The coils were tuned at self resonance as follows: the narrow strip dipole, two
strips dipole and array dipole tuned at 295 MHz, 298 MHz and 289 MHz
respectively. However, when the second strip was added, the resonance frequency

was shifted and two strips were tuned at a self-resonance of 236 MHz. It was
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found that this shift of the frequency was caused by coupling between the two
strips, which also acted as a parallel capacitor. The coupling was very weak in the
simulation. Therefore, strong coupling may have occurred if the elements had
been placed very close to each other. An attempt was made in the simulation to
decouple the two elements by placing two strips away from each other. We found
that this could be achieved by increasing the width of the dielectric material or
placing two blocks close to each other. These results agree well with work done in
the laboratory when the dipoles were exicted by a search loop connected to a

network analyzer and tuned to the desired frequencies.

Designing correct dipole function requires an accurate knowledge of the
distribution of the current on the PECs. Figure 7.7-1 demonstrates a comparison
of the current distributions on the PECs obtained for the four dipoles. The half-
wavelength was found to be 14.2 cm and which generate two nodes at each end of
the PEC and a maximum current in the middle of the PEC. The impedance of the
drive point of a narrow strip dipole is purely resistive at this length. As the array
dipole consists of two identical elements and each element consists of two parallel
strips. The total current was applied to a single port, the current divides equally by
symmetry between the four strips with the same amplitude and phase. Figure
7.7-1 showed that the current distribution would cover all the PEC. Results of the
simulation demonstrated that, the current distribution covered almost all the PEC
and was distributed over the surface of the coil. This leads to a formation of two
currents which reached a peak on the edges of the PEC. There was a lower
conduction current magnitude (CCM) in the middle of the flat-strip but the
maximum signals appeared to be at the end of the edges. It seems clear that the
impedance between the edges is slightly higher than at the end of the edges. There
was more magnetic field energy near the edges because there was a change in the
amplitude of the current across the conductor. This result agrees well with theory
mentioned in chapter five. The second study was to resonate the dipoles at about
298 MHz in simulations by adding a small bridge above the elements, which
acted as a circuit which consists of a voltage source, one capacitor for tuning and

a second for matching. The dipoles were loaded with the homogeneous tissue
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equivalent phantom and tuned at 298 MHz, so that the performance in the coil

could be evaluated.
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Figure 7.7-2: (A) the CCM (A/m) created on the surface
of the narrow strip dipole and (B) the current distribution

on the surface of the flat dipole.

7.8 B," Mapping Generated: One Strip Dipole, Two Strips
Dipole, Flat Strip Dipole and Array Dipole

In this section four comparison studies were performed. For SAR safety
validation, the dipole models were tuned to the desired frequency then the
magnitudes of the positive B;" magnetic field were generated and the SAR
calculated as demonstrated in Figure 7.8-1 and Figure 7.9-1. Calculations were
performed at 298 MHz with voltage source magnitude equal to 1 volt. SAR is
then normalised to that produced for a B," field of 1 uT.

The net input power used for transmission into the narrow strip dipole and two-

strip, flat-strip and the array dipole to generate H and E fields was about 2 x
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1073,3.67 x 1073, 1.07 x 1073 and 6.8 x 10~* W respectively. It seems clear that

the RF power needed depends on the transmitter coil design and tuning

arrangements.

Figure 7.8-1: (A) Mapping of the B," produced by a
narrow strip, (B) two strips dipole, (C) flat strip dipole and
(D) array dipole.

7.9 B," Line Profiles
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Figure 7.9-1: Computed in depth B," profiles generated:
(A) a narrow strip, (B) two strips dipole, (C) flat strip
dipole and (D) array dipole.
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As far as the uniformity is concerned, the four dipoles generated different
uniformity that can be clearly seen when the dipoles were loaded with the
homogeneous phantoms as shown Figure 7.9-2 (A, B, C and D). The distributions
of By values were plotted as histograms. When calculating the homogeneity for
the surface coil, a narrow histogram graph indicates a good homogeneity.
Therefore, the two-strip dipole provides more homogenous signal than array strips
dipole followed by narrow-strip dipole, while flat strip dipole has the lowest
image uniformity. The array dipole and two-strip dipole are the best geometries

for obtaining good homogeneity.

(A) x10° T

Figure 7.9-2: The histograms show the distributions of
data values B," generated: (A) a narrow strip, (B) two

strips dipole, (C) flat strip dipole and (D) array dipole.
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7.10 Efficiency Mapping Generated: One Strip Dipole, Two Strips
Dipole, Flat Strip Dipole and Array Dipole
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Figure 7.10-1: The efficiency mapping for (A) a narrow
strip, (B) two strips dipole, (C) flat strip dipole and (D)

array dipole, in linear scale and normalized for 1 W

delivered power.
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Figure 7.10-2: Calculated in depth efficiency profiles for
(A) a narrow strip, (B) two strips dipole, (C) flat strip
dipole and (D) array dipole, normalized for 1| W delivered

power.
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7.11 SAR Mapping Generated: One Strip Dipole, Two Strips
Dipole, Flat Strip Dipole and Array Dipole
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Figure 7.11-1: The SAR distribution (W/kg) generated: (A)
a narrow strip, (B) two strips dipole, (C) flat strip dipole

and (D) array dipole.
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Figure 7.11-2: The line profile of SAR in depth: (A) a
narrow strip, (B) two strips dipole, (C) flat strip dipole and

(D) array dipole.
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7.12 SAR/B,’ Mapping Generated: One Strip Dipole, Two Strips
Dipole, Flat Strip Dipole and Array Dipole
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Figure 7.12-1: The SAR per B, distribution generated: (A)
a narrow strip, (B) two strips dipole, (C) flat strip dipole

and (D) array dipole.
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Figure 7.12-2: The line profile of the SAR per B,* in
depth: (A) a narrow strip, (B) two strips dipole, (C) flat
strip dipole and (D) array dipole.
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7.13 Poynting Vector

We computed the Poynting vector by using the same method that was used to
generate B, and the sum of squares root method. The results point towards the
fact that the Poynting vectors were oriented towards regions of the phantom as
shown in Figure 7.13-1 and Figure 7.13-2. The total Poynting vector below the
surface of the phantom was higher, but it started dropping in the end of the
phantom as shown in Figure 7.13-3. To demonstrate this we have compared the
four dipoles. The two-strip dipole and one-strip dipole provided good
distributions of Poynting vector compared with the flat-strip dipole and array
dipole. This difference in image intensity distribution due to the excitation net
input power is large. Based on our calculated results, the four dipoles have as a
main advantage, the B, transmitted towards deep locations. We obtained good
penetrations in order to excite the spins and then detect the signals from these
locations. As we discussed already in Chapter 3, the penetration depends on the rf
frequency. Moreover, there was distribution of electromagnetic energy in both
field regions. Therefore, less electromagnetic energy was absorbed in the near-

field region, and some energy was absorbed in the far-field region.
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Figure 7.13-1: The magnitude of the Poynting vector
generated in the x direction: (A) a narrow strip, (B) two

strips dipole, (C) flat strip dipole and (D) array dipole.
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Figure 7.13-2: The magnitude of the Poynting vector
mapping generated in the y direction: (A) a narrow strip,
(B) two strips dipole, (C) flat strip dipole and (D) array
dipole.
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Figure 7.13-3: The total magnidue of the Poynting vector

generated: (A) a narrow strip, (B) two strips dipole, (C)
flat strip dipole and (D) array dipole.
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7.14 Results of Simulation

It can be noted that the narrow strip, flat strip, two strips and dipole array
produced a high B;" in near field regions and then the B,* decayed slowly in the
depth as shown in Figure 7.8-1, Figure 7.9-1 and Figure 7.9-2. These show that
the distribution of the transverse field B,* was homogenous. To make a
comparison between the four dipoles, a good homogeneity can be obtained by two
strips dipole followed by the array dipole and flat strip dipole, but a narrow strip

dipole generated more signals directly below the element.

The sensitivity calculations for each dipole were taken along the y axis of the
dipole and were considered in different depths as shown in Figure 7.10-1. The
results of the calculations showed that the four coils had very high efficiency
close to the phantom and also that the efficiency of the coils dropped down in the
depths as shown in Figure 7.10-2. The high efficiency reached a peak of 1.8 (uT/
W) by the array dipole in near field regions, followed by flat-strips and narrow-
strips. Images showed that very good coverage and a large field of view can be
achieved by a dipole array followed and a flat dipole. Increasing the width of PEC
that was mounted on the block tended to produce a larger field of view. The
current amplitude on the flat-strip generated good RF field strength in the edges
of the dipole and the central region. The simulations have shown that the
dimensions of strips agree well with the field of view. The four coils generated
high SAR values close to the surface of the phantom as shown in Figure 7.12-1
and Figure 7.12-2. The values can be estimated as the following 1.44 (W/kg)/uT?,
1.52 (Wkg)uT? 5.9 (W/kg)/uT? and 1.35 (W/kg)/uT? for narrow-strip dipole,

flat-strips, two strips and array dipoles respectively.

7.15 Loaded One-Strip Dipole, Two-Strip Dipole and Flat-strip

Dipole on the Human Pelvis

In next section, we demonstrate three different designs using the ceramic. All
simulations were performed with the same grid, so the probes had to be identical,

the voxel dimensions varying from 0.5 mm in the region of the dipole to 3 mm in
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the pelvis. The human pelivs model consisted of 3 different tissues and 3 mm
resolution was generated as described previously. We used an adaptive mesh in
the region of the dipole, so we generated many voxels in this region compared
with the pelvis region. Therefore, the dipole antenna appeared very large when
data were imported from the files in MATLAB. The pelivs model was adjusted to
match the dielectric such as the conductivity and permittivity of a human tissue at
300 MHz. The wavelength at 7 Tesla (300 MHz) depended on the type of tissue,
as mentioned in Chapter three in the section in electric properties of biological
material [10]. The wavelength inside the pelvis and the uterus (relative
permittivity constant of 66.2) was about 12 cm. Therefore, the largest dimension
of the pelvis was approximately more than twice of the operational frequency at

300 Miiz.

The coils were placed above the pelvis model and were tuned to 300 MHz. When
the coils were driven by a current source or voltage source it was difficult to tune
it during the simulation, but we added a circut consisting of one capacitor used for
tuning and a second used for matching. The second capcitor was used in the
simulation just to reduce the impedance of the coil. It is very complicated to
match the coil to 50 ohms in the simulation because we needed to change the
value of the capacitor many times, and at certain values it started to act as a tuning
capacitor. In simulation we may accept this because the simulation can always

normilse to a power delivered to the coil.

Results of the simulation showed that two strips mounted on the dielectric
material can be tuned at 300 MHz. Therefore the RF coil was tuned by changing
the length of the strips. This was accomplished using a search loop coil which
induced a current and EMF. Furthermore, it was noted that there was only a very
weak coupling, and no splitting appeared in the spectrum. As we mentioned
before, parasitic capacitance occurred between the two strips. It is possible that
these capacitors worked approximately as decoupling capacitors elements. It can
be said that the coupling between strips in an array dipole adds to variation in the

input impedance of the dipole array.
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In this study a new approach for designing a dipole was investigated. A flat-strip
dipole was simulated as shown in Figure 7.15-1, by adding a wide PEC on the
dielectric material to increase the field of view. The coil was driven from the
middle of the coil by adding a small bridge (PEC) on the top of the flat strips. We
placed a tuning capacitor between the two flat strips and a matching capacitor
between the bridge and flat strip, the coil was tuned at 300 MHz. The RF field

and SAR were simulated for the human pelivs loaded coil.

(©)

Figure 7.15-1: (A) A narrow strip, (B) two strips dipole
and (C) flat strip dipole.

7.16 The B," Generated by the Dipoles

Figure 7.16-1 shows that there was very good distribution and also that the coil
covered almost the surface of the pelvis model. By using this coil we were able to
image all the field of view without moving the coil around the ROI. This has the
advantage of minimizing the energy absorbed by the patient. Furthermore, The
B;" appeared to be uniform and covered the area close to the coil and the far field
regions. It seems that a near field region had a high B," value and in the middle of

the model as shown in Figure 7.16-1.
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In this model, two elements were driven 90 degrees out of phase so there was a
phase difference between the currents that flowed in the PEC. Therefore, adding
more than one strip increased the field of view, two strips covered approximately
all the pelvis. However, the B," values fluctuated; this was due to the
inhomogeneity of dielectric materials such as conductivity and permittivity inside

the pelvis. It can be noted that more magnetic fields appeared in the beginning of

the pelvis and started to drop down in the end of the object as demonstrated in

Figure 7.16-1 and Figure 7.16-2.
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Figure 7.16-1: The B;" produced by the dipoles: (A) a
narrow strip, (B) two strips dipole and (C) flat strip dipole.
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Figure 7.16-2: Computed in depth B," profiles for (A) a
narrow strip dipole, (B) two strips dipole and (C) flat strip

dipole.
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Figure 7.16-3: The efficiency mapping generated: (A) a
narrow strip dipole, (B) two strips dipole and (C) flat strip

dipole, in linear scale and normalized for 1 W delivered

power.
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Figure 7.16-4: Calculated in depth efficiency profiles: (A)
a narrow strip dipole, (B) two strips dipole and (C) flat

strip dipole, normalized for 1 W delivered power.
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Figure 7.16-5: Calculated in depth efficiency profiles
along a vertical line passes through the centre of each
dipole: (A) a narrow strip dipole, (B) two strips dipole and

(C) fat strip dipole, normalized for 1 W delivered power.

Based on the B,", the results were used to calculate the power efficiency of each
coil as shown in Figure 7.16-5. Plotting the vertical line profile across the image
mapping for the three coils, the comparison results showed that the dipole
consisting of two strips had higher efficiency compared with the one strip and flat
strip. The two strips and flat strip have more advantage of increasing the
efficiency and field of view, as well as there being more efficiency in depth using
two strips as shown in Figure 7.16-5. It can be concluded that using the two-strips

and flat-strips provides best coverage.

162



1
o
‘ 510" (W/kg)
.8
o

(A)

J

(c)

Figure 7.16-6: The SAR distribution (W/kg) generated: (A)
a narrow strip dipole, (B) two strips dipole and (C) flat

strip dipole.
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Figure 7.16-7: The line profile of SAR in depth: (A) a
narrow strip dipole, (B) two strips dipole and (C) flat strip

dipole.

163



Depth 1 gus  (W/kg)/uT?

ey (W/kg)/uT?

(1 om)
-—
Depth 2
(7.4 cmj |5
«—

|

(W/kg)/uT?

(B)

(c)

Figure 7.16-8: The SAR / B,? distribution generated: (A) a
narrow strip dipole, (B) two strips dipole and (C) flat strip

dipole.
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Figure 7.16-9: The line profile of SAR per B,% in depth:
(A) a narrow strip dipole, (B) two strips dipole and (C)
flat strip dipole.

7.17 SAR

For safety validation, calculations of the SAR per B,*? were performed on the

female pelvis model. The SAR was computed for each dipole and compared with
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each other. Table 7.17-1 shows the flat-strip dipole generated more SAR
compared with the one strip and two strips. Results of simulations showed that
two strips mounted on the block can provided us with the lowest SAR. The two
strips coil is the best with regard to the SAR and also the coil which covered most
of the region of interest (ROI) of the pelvis. The coil produced lower SAR, due to
the inhomogenity of the electric field and therefore we expect that the electric

fields cancelled each other out in some regions.

Table 7.17-1
coil Narrow strip Two strips Flat strip
Net input power 8.91x10"* 2.131x10” 4.15x10°
(Watt)
10 g average 1.06x10* 3.48x10°* 9.03x10°
SAR (W/kg)
(SAR/B,") 0.102 0.967 2.78
(W/kg)/uT?

7.18 Radiation Efficiency

The radiation efficiency is a significant parameter, which is affected by losses that
may occur in electronic devices and materials surrounding the coil. It is defined as

the ratio of the radiated power to the input power of the coil as the following

7.18.1

€R=P,adiated/Pinput”

The radiation efficiency can be computed based on equation 7.18.1 for the narrow
strip dipole antenna, flat strip and two strips dipole antennas. It can be noted that

the efficiency of the narrow-strip dipole was better than the flat-strip and then

followed by the two-strips.
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Coil Narrow-strip | Flat-strip Two-strips

Radiation 54.14% 37.2% 33.24%
efficiency

As the B," was computed, the results were used to calculate the power efficiency
of each coil. This research has shown that plotting the vertical line profile across
the image mapping for the three coils shows that the dipole consisting of two
strips had higher efficiency and shows desired improvement compared with the
one strip and flat strip whereas flat-strips provides good coverage. It can be
concluded that the two strips and flat strip have more advantage of increasing the
sensitivity and field of view, as well as there being more efficiency in depth using

two strips.

7.19 Construction of the One-Strip, Flat-Strip, Two-Strips and
Array Dipoles

In this section, the dipoles with different strip shapes were built as shown in
Figure 7.19-1, There are three possible structures; the dipoles were built with the
same dimensions that were used in the simulations. MRI results comparison was
performed and some of the results were summarized in the sections 7.20, 7.21 and
7.22. The coil consisted of a dielectric ceramic (15 x 7.3 x 4 cm?®, ceramic
material is D36 made by Morgan Technical ceramic, UK), with copper mounted
on top of the dielectric. The coil was tuned at 294.6 MHz as a self-resonance
when 13.6 cm copper length was placed on the top of dielectric. Each arm of the
dipole was a quarter wavelength long (6.7 cm) so that the maximum current
distributions were at the centre and the nodes were at both ends. It is important to
point out that the dipole could be fed at any point but it was fed at the minimum
voltage and maximum current point i.e. to generate very low impedance. By
adding a half wavelength coax cable, which acted as a balun and a matching and
tuning circuit, the antenna could be tuned at 298 MHz and matched to 50 ohms.
The circuit shown in Figure 7.19-2 was made of two variable capacitors which
were enclosed in a plastic box, one for tuning and the second for matching. This
circuit uses a half wavelength line between the circuit and dipole to ensure no

change in impedance due to impedance transformation. In order to obtain 50

166



ohms impedance at the circuit where the capacitors were soldered is exactly the
same if the capacitors soldered on the dipole. These properties should be clearly
obtained at the frequency for which the line is a half wave long. This needs an
accurate cutting of the cable, but it would not have mattered if the length of the
cable had been slightly greater or less than a half wavelength, a small difference
in the electric length of the cable has no dramatic on the performance of the
dipole. The coaxial cable behaves as a capacitor or inductor, depending on the

length, this was discussed in detail in chapter three.

The main advantage of this kind of feeding scheme is that the tuning and
matching capacitors were placed away from the region of interest. This will
reduce the electric fields in this location producing by the capacitors. It has been
shown that a good level of matching was obtained and therefore the dipole
worked at its maximum efficiency. This circuit is suitable for impedance
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