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Abstract

Access to Medical imaging technologies and services still remain a challenge in
low and middle income countries (LMICs). The most common imaging modalities
available are X-ray technologies and ultrasound, none of which is appropriate for
imaging the brain. Diagnosis and monitoring of mental and brain illnesses such as
epilepsy, hydrocephalus, and trauma rely mainly on computed tomography (CT)
even though they are known to have adverse effects [1] especially with repeated
exposures as is required in neuro-surgical interventions.

Conventional magnetic resonance imaging (MRI), a relatively safer technology
than CT is very expensive for LMICs to afford. The capital costs of installing a 3
T MRI system can be as high as $3 million [2]. On top of the high procurement
and installation costs, other requirements such as cryogens and technical expertise
have prevented the proliferation of MRI in developing countries. Premised on
this background, this thesis explains the development of an ultra-low field MRI
suitable for the diagnosis of hydrocephalus in the developing world. Parameters
considered for the suitability of this MRI include low cost, low power and technical
requirements, portability and flexibility in siting.

To meet the aims of this project, an ultra-low field MRI system capable of
admitting an adult head was constructed at a cost of $30,000. This MRI system
requires no cryogens, has maximum power requirement of 1.5 kW, weighs 125 kg
and can operate in an un-shielded room. Images of vegetables were acquired with
the system operated at 113 kHz.
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Chapter

BACKGROUND AND
SIGNIFICANCE

1.1 Introduction

Developing countries generally rely on medical technologies from the developed
world. Most of these modern technologies are not designed to meet the specific
challenges that plague developing countries. For example electricity coverage in
Sub-Saharan Africa stands at about 33% [3]. This means that medical technolo-
gies that rely on electricity can only be used to serve a small proportion of the
population. Even in medical facilities that have access to electricity, utilization of
medical technologies is limited due to the limited technical expertise available to
maintain these devices. Trained biomedical/clinical engineers and technicians that
are necessary for the success of medical technologies are lacking in sub-Saharan
Africa. As a result, some estimates show that up to ”70% of laboratory and other
medical equipment are either partially or completely out of service” [4].

There are currently two approaches being pursued to mitigate the problem



of limited medical technologies in sub-Saharan Africa; 1) Training of biomedi-
cal/clinical engineers and technicians to repair and maintain medical devices [5],
[6] and 2) Developing appropriate medical technologies for such environments [7],
[8]. The ultra-low field magnetic resonance imaging (MRI) project is therefore in
line with the broad aim of innovating appropriate medical technologies for develop-
ing countries. The general experience of a PhD project at The Pennsylvania State
University was also aimed at gaining the relevant expertise necessary for developing
biomedical engineering training programs especially for Uganda where biomedical
engineering is just emerging. While a low field MRI system has been developed,
a biomedical engineering curriculum on which the undergraduate biomedical en-
gineering program at Mbarara University of Science and Technology (MUST) is

based was also partially developed in collaboration with the my thesis advisor.

1.2 General background to Magnetic resonance
imaging

Theoretical discoveries of the principles of MRI date back to the late 1800s when
Nikola Tesla discovered the rotating magnetic field in 1882 during his work on
alternating currents. Although this was not directly related to magnetic resonance
imaging (MRI), discovery was significant in starting to understand the direction-
ality of magnetic fields and in 1956, the Tesla (T) was proclaimed by the Interna-
tional Electro-technical Commission-Committee of Action as one of the units for
measuring magnetic field strength in honor of Nikola Tesla [9]. More important to
MRI however was the the Stern-Gerlarch experiment of 1922 which established the

concept of nuclei spin and magnetic moment [10]. It showed that certain atomic



nuclei posses an intrinsic spin and can be separated or influenced by a magnetic
field depending on the orientation of the spin. This work, together with an earlier
work developed by Joseph Larmor led to the realization that the intrinsic spin of
atoms is influenced in a way that is proportional to the strength of the externally
applied magnetic field [11]. The Larmor precession frequency, w,, was therefore

established as

w, =B, (1.1)

where v is the gyromagnetic ratio, and B, is the magnetic flux density of the
applied magnetic field [12].

A more direct relationship between magnetic fields and MRI was discovered
by Isidor I. Rabi in 1937 when he observed what he called Nuclear Magnetic
Resonance (NMR). This is a condition where atomic nucleus is able to flip its
principal axis of rotation by absorbing magnetic energy resulting into resonant
peaks when exposed to a strong magnetic field. While Rabi demonstrated NMR by
passing a molecular beam of particles through a vacuum, Felix Bloch and Edward
Mills Purcell separately demonstrated the same phenomena with water and paraffin
molecules [13], [14].

By the 1950s, principles of NMR were fully explained and commercial instru-
ments to observe resonant peaks of nuclei became available [15]. The field of
NMR spectroscopy was one of the first fields to be developed around this period.
Chemists at this time were able to verify the structure of different molecules con-
tained in a particular compound. Having understood the interaction of magnetic
signals with atomic nuclei and its ability to separate resonant peaks as it was being

done in Chemistry, Raymond Vahan Damadian proposed the idea of whole body



NMR in 1969 (http : //www.fonar.com/pdf /docs0.pdf) and in the early 1970s,
Damadian discovered relaxation time differences between cancerous and normal
tissues, and suggested using these relaxation deferences for tumor detection using
NMR [16]. Shortly after that, in 1973, Paul Lauterbur came up with another idea
of using the principles of NMR to form images [17]. By this time it was now
known that the atomic nucleus absorbs magnetic energy and releases that energy
in form of radio frequency waves once the magnetic field was switched off and the
magnitude of energy released was proportional to the number of nuclei. Using this
principle, it was possible to tell tissue abnormalities for instance, since different
tissues would have different number of nuclei.

Lauterbur later came up with the idea of localizing the position where the signal
is being released from. He demonstrated that one magnetic field can be used to
induce interaction with the nuclei and another magnetic field could be used to
limit that interaction to a specific spatial dimension, essentially introducing the
concept of magnetic field gradients [17].

However, the first clinical application of magnetic resonance imaging (MRI)
can be attributed to Sir Peter Mansfield in which he imaged an in-vivo cross sec-
tion of a human finger reported in his 1977 publication [18]. This was quickly
followed by imaging the wrist by Hindshaw et at in 1977 [19], and another im-
age of a cross section of the human chest by Damadian et al later that same
year [20]. While these were still experimental and research images, Damadian
and FORNA cooperation introduced the first commercial MRI scanner in 1980
(http://fonar.com /history.htm).

Other companies such as Brucker joined in the manufacturing of MRI systems
and the first machines were built using permanent magnets. They weighed up to

100 tons, and had magnetic field strengths of up to 0.1 T. With the permanent mag-



net systems being overwhelmed by weight, resistive electromagnet systems were
developed and could achieve fields as high as 0.35 T before they were limited by
coil heating [21]. With the permanent and resistive electromagnet systems pushed
to the limits, increase in magnetic fields could only come from another type of tech-
nology, the superconducting technology. Electric and Musical Industries (EMI), a
company that was already making Computed Tomography (CT) scanners led the
way in developing super conducting magnets by cooling using liquid helium and
nitrogen. The introduction of superconductors made it possible possible to archive
magnetic field strengths greater than 1.0 T [22]. The advent of superconductors
ideally eliminated the technological hurdles of generating high magnetic fields but
introduced yet another problem of cost.

With the technological limitations now surmounted and understanding the
costs involved, debate arose about the optimal field strength for MR imaging.
Higher field strengths means higher signal to noise ratio (SNR) and therefore bet-
ter image quality, faster imaging times and ability to perform other diagnostic and
research procedures such as functional magnetic resonance imaging (fMRI) and
NMR spectroscopy - all these at very high costs. Choosing to lower the magnetic
field strength for MRI on the other hand would minimize costs, reduce energy re-
quirements, minimize technical complexities, and lower maintenance costs among
other advantages but at the expense of image quality. In this ”field strength war”,
the high field strength proponents took the day and the market for MRI systems
was essentially defined. Low income countries, and by far the largest population
of the world were essentially excluded from accessing MRI services.

Figure 1.1 shows a historical time-line of the development of MRI technology.



¢ 1937 Isidor | Rabi observes the NMR phenomenon in vacuum

* 1946 Felix Bloch and Edward Mills Purcell demonstrate NMR in condensed matter

¢ 1950s: Development of NMR instruments for chemical applications

¢ 1969: Raymond V Damadian proposes whole body NMR ‘

e 1971: Damadian uses NMR to detect tumors

¢ 1971:NMR Gradient method is proposed by Paul Lauterbur

Y

e 1973: Lauterbur acquires first 2D image using gradient method

e 1977: First human image acquired by Damadian

w * 1980: First commercial scanner introduced by Damadian and Fornar cooperation

e Field strengths up to 0.35T were archived

% * Early 1980s: Low field MRI using permanent magnets and resistive electromagnets. }

imaging

w * 1980: introduction of superconducting magnets. 1.5T, 3 T are common for medical

Figure 1.1. Historical time-line of MRI technology.

1.3 The need for low field MRI

While clinical use for low field MRI may be limited because of its low image quality
and inability to perform other diagnostic scans, there is increased need for such low
cost imaging systems. For instance the increased use of CT, X-ray and ultrasound
imaging systems over the years can be attributed to the low cost and infrastructure
requirements for such systems as opposed to MRI. Of these technologies, x-rays
and ultrasound are inadequate for brain imaging leaving CT as the dominant brain
imaging modality. Portable CT units have been developed making its access much

easier [23], [24]. In developed countries however, where MRI is accessible, the use



of CT is limited to regions outside of the brain. This is not possible in developing
countries where the best brain imaging modality available is CT. Increasing use of
CT therefore means increasing radiation which comes with associated risks(6).

The risks of cancer attributed to radiation doses as a result of using CT is
significantly high (7). There is further evidence showing that radiation dose and
risk of death from cancer attributable to radiation is much higher in children than
adults [1] . These risks underscores the need for safe and inexpensive imaging
modalities.

Furthermore, there has never been a compelling disease requiring low resolu-
tion images to diagnose and treat. Hydrocephalus is a condition where there is
excessive accumulation of cerebrospinal fluid in the brain leading to distention of
the ventricular system of the brain [25]. More than 60% of hydrocephalus in Africa
is caused by infections usually during childbirth or in the early stages of life - a
condition known as post infectious hydrocephalus (PIH). Other causes of hydro-
cephalus include trauma, intra-cranial hemorrhage and congenital abnormalities
26].

The CURE international (https://cure.org/) estimates that 79% of infants born
with hydrocephalus are in the developing world. There are over 100,000 new cases
of PIH in Sub-Saharan Africa (SSA) each year and globally, PIH is the most
common neurological disease in children requiring brain imaging for neurosurgical
intervention [27]. The economic burden of PIH has been estimated at between
$26 million-$48 million per year in SSA based on the World Health Organizations
disability adjusted life year statistics (DALY) [28].

The CURE children’s hospital in Uganda specializes in treatment of hydro-
cephalus. Because of the absence of MRI, CURE hospital uses CT exclusively to

repeatedly image and monitor hydocephalic children, and therefore putting them



at high risks of radiation induced cancers. In hydrocephalic children, the critical
issue is to distinguish between brain matter and cerebrospinal fluid (CSF) so as to
be able to make treatment decisions. This distinction does not require very high
resolution images to make [26] and therefore an appropriate low field MRI system

would be able to provide images that make the distinction possible.

1.4 Theory of Magnetic Resonance

1.5 Generation of magnetic fields

MRI technology exploits the interaction between atomic nucleus (mostly the hy-
drogen proton) with magnetic fields. The MRI therefore consists of systems that
generate and control magnetic fields as well as measure and encode the resulting
signals from their interactions with the spinning nuclei.

The discovery of the relationship between current and magnetic fields can be
attributed to Hans Christian Oersted who found that the compass needle deflected
in the presence of a current carrying wire in the 1820s [29]. This discovery, which is
considered accidental by some historical accounts, was closely followed by Amperes
theory that relates magnetic fields to the electric currents that produce them [30].
Ampere showed that a current carrying wire generates a magnetic field around
itself-given by

%BdL = ptol (1.2)

where B is the magnetic field generated, I is the current flowing in the wire and

1o is the permeability of free space. From equation 1.2, the magnetic field at any



distance r from the current carrying wire can therefore be written as

_ Mol
- 27r

(1.3)

Equation 1.3 is a fundamental equation upon which generation of magnetic
fields for MRI applications are based. It shows that magnetic fields can be gener-
ated by passing currents around loops of wires (coils). A solenoid is one such coil,
which is easy to design and construct. The magnetic field generated at the center
of the solenoid is given by

B = ponl (1.4)

where n is the number of turns per unit length. While solenoids are one of the
easiest designs of electromagnetic coils, they are not very ideal for MRI applications
because they do not generate very homogeneous magnetic fields. The magnetic field
of a solenoid is much higher at the center and tapers down to the edges (Figure
1.2) [12].

To obtain higher magnetic field homogeneity over a larger volume, most MRI
designs use sets of coils with precise positioning along the z-axis instead of the
conventional solenoid coils. For instance the magnetic field at a point r generated

by a coil loop of radius a is given by

NIj,a?

B=_tHet
2(a® +1r?)z

(1.5)

where N is the number of turns of the wire loop. By arranging coil loops in various

configurations, one can get uniform or varying magnetic fields.



10

E 1 _0 = i y

=

=

= 08| | \ ‘

E

5

[

= 0.6 .

5

(& i

- 0.4 1

TEJ /"/ \\“‘“\“_.

%[) - ~——

s 0.2 ™~
15 <1 -05 0 05 1 1.5

Distance along the axis (arbitrary units)

Figure 1.2. Magnetic field along the axis of a solenoid coil (From [12]
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1.6 Basic concepts of magnetic resonance (MR)

MR imaging gained wide acceptance immediately after its introduction in the 1970s
because of its use of non-ionizing radiation, high resolution and good contrast
especially between soft tissues. The non-invasiveness and ability to acquire images
in any two or three-dimensional planes are some of the additional advantages of
MRI. MRI takes advantage of the fact that a hydrogen nucleus within the body
spins on its own axis and since the nucleus is charged, it generates a magnetic
moment and behaves more or less like a small magnet. Because of the enormous
number of charged nuclei and their random orientation, their fields cancel out and
the body experiences no net magnetization. However, in the presence of a strong
external magnetic field B, produced by the MRI, the individual spins tend to align

with the external magnetic field giving rise to a net magnetization M, [31] given
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_ ?h2B,N,
° 16m2kT

(1.6)
where 7 is the gyromagnetic ratio, h is Planks constant, B, is the external magnetic
flux density, Ny is the number of spinning nuclei, & is the Boltzmanns constant
and T is the temperature. This magnetization precesses around the direction of
the applied magnetic field B, with a Larmor frequency w, given in equation 1.2.
The net magnetization M, is in the direction of the externally applied magnetic
field B,, and since it is much smaller in magnitude compared to B,, its detection
requires that it is tipped away from the direction of B,. This is made possible
by the application of a radio frequency (RF) magnetic field B; orthogonal to B,.
The frequency of the RF field has to match the Larmor frequency w, of the net
magnetization. Once this is done, the precessing protons will tip away from the
direction of B, by an angle «, which is proportional to the strength of the B;
magnetic field and the time duration 7 over which the RF field is applied (Equation
1.7).

a =BT (1.7)

For spin echo pulse sequences, a of 7 is preferred since it provides maximum signal
for long repetition times [12]. If we assume B, to be a long the z- direction, the
application of the RF pulse therefore tips the magnetization onto the x-y plane.
The precession of the magnetization about the x-y plane can induce an electrical
voltage onto a receiver coil placed in that plane. From Faradays law, the induced

emf is given by
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d
emf = jgg(M.Brc)d:Sr (1.8)

where B,.c is the magnetic field produced by the RF coil per unit current, M is the
magnetization vector whose magnitude is proportional to M, given in equation 1.6,
d? is an infinitesimal volume and 7 is the position of the coil from the magnetization
source. The signal detected by the receiver coil is therefore proportional to the

emf generated in the coils.

1.7 Magnetic resonance imaging (IMRI)

So far we have explained MR signal generation and detection; however, the process
of obtaining an image from these signals is more complex than this. The previous
section can be summarized in the following steps: 1) application of an external
static magnetic field B, to generate a net magnetization in the z-direction, 2)
application of RF magnetic pulse to tip the magnetization onto the x-y plane, 3)
Precession of the magnetization vector in the the x-y plane induces an electrical
signal in the receiver coil, 4) Detection of the induced electrical signal.

The signal detected by the receiver coil is from the whole object or part of the
object being imaged and has no spatial information which is a key component in
image reconstruction. For imaging to be possible, we must be able to correlate
the signal detected with its spatial source within the object being imaged. This is

done by the use of gradient magnetic fields.



13

1.8 Gradient Magnetic fields

From equation 1.2, the Larmor frequency of the protons is proportional to the
local magnetic field experienced by the protons. Gradient magnetic fields work to
vary the local field according to the spatial location of the proton thereby varying
the Larmor frequency according to location of the spins. Gradients are applied in
the x, y and z directions to give a full 3D spatial mapping of the signal location.
By varying the local magnetic field experienced by protons according to location,
we are able to get slightly different signals in terms of frequency and amplitude
from these locations. Differentiation of signal amplitude and frequency according
to position provide the contrast necessary to form an image. Gradients in MRI are

therefore used for slice selection, phase encoding and frequency encoding.

1.9 Slice selection

As the name suggests, the slice selection gradient is used to select a 2D plane
through the object being imaged. We explained earlier that the application of
the RF pulse of the right frequency tips the magnetization onto the x-y plane
or the transverse plane as is more appropriately called. By spatially varying the
precession frequency along the z-axis for example, applying an RF pulse of a certain
frequency range will only tip the magnetization corresponding to the frequency
within a certain region of the object being imaged (figure 1.3) [32]. To cover the
required field of view (FOV), the bandwidth of the RF field is selected accordingly.
Changing the bandwidth of the RF pulse or varying the strength of the gradient

magnetic field, GG, can change the slice thickness. Slice thickness d; is thus given
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Figure 1.3. Slice selection in MRI

1.10 Phase encoding

After slice selection, a re-phasing gradient is applied to bring back spins within the
slice to the same precession frequency and phase. Once they are precessing with
the same frequency and phase, application of an additional gradient along one of
the axes in the transverse plane for example will change the precession frequency
of protons according to their location. This will allow some protons to precess

faster than others thus altering their phase relative to each other. When the phase
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encoding gradient is turned off, the protons will go back to precess at the Lamor
frequency but will retain the phase differences introduced earlier by the gradient.
The phase change accumulated by the spins ¢,.(G,, At), is directly proportional
to the strength of the phase encoding gradient (G,) and the duration over which

the gradient is applied (At), and can be given by

bpe(Glyy A) = w, AL = (G, AL) (1.10)

1.11 Frequency encoding

While phase encoding alters the phase of the precessing proton nuclei, it does not
change the frequency of precession. By applying another gradient field in the third
direction, we can vary the precession frequency of the spins according to their
location (Figure 1.4). After altering the frequency and phase of the precessing
protons using the frequency and phase encoding gradients respectively, it now

becomes possible to use Fourier transforms to form an image from these signals.
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Figure 1.4. Tllustration of frequency encoding [33]

1.12 MRI relaxation

Recall that before the application of an RF pulse to tip the magnetization onto
the transverse plane, there existed an equilibrium magnetization M, in the z-
direction as a result of the static B, magnetic field. When the RF magnetic field
is applied momentarily, a component of M,, which we will call M is flipped onto
the transverse plane. The precession of M in the transverse plane is described by

the Bloch equation [12] as

—~ = MXB (1.11)

where B is the applied magnetic field. Because of energy exchange between the

magnetization M and the surrounding lattice, there will be components of the
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magnetization vector both in the transverse and longitudinal directions. Therefore

the rotational motion of magnetization vector can be decomposed in two directions

dM,,
dt

dM,
dt

as and . At the instant of application of the RF pulse (assuming a 7/2

pulse), M, is zero but it grows back to its equilibrium value M, according to the
equation
dM, 1

dt - ﬁ(Mo - Mz) (112)

where T} is the longitudinal relaxation time. It is empirically determined and
represents the time taken by the longitudinal magnetization to recover to 63% of

its original value. Equation 1.12 can be evaluated to give;
M.(t) = M,(0)eT + My(1 —e™) (1.13)

T7 is also known as the spin-lattice relaxation because the longitudinal magnetiza-
tion relaxes back to equilibrium as a result of energy exchange with the surround-
ing lattice. The other component of the magnetization as mentioned earlier is the
transverse or xy component. This is maximum immediately after application of

the RF pulse and can be described by the equation

— (M) (1.14)

Solving equation 1.14 gives
_t
Ma:y = Mee T (115)

It can be seen that the transverse magnetization decays exponentially with
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Figure 1.5. Longitudinal relaxation. Adapted from http://mri-q.com/what-is-t1.html

time. T2 is the time taken for the transverse magnetization to decay to 37% of its
original value. T2 is also referred to as the spin-spin relaxation time because the
interaction between spins causes the protons to go out of phase with each other
causing decay of the resultant signal. These relaxation times are very important

in determining the timing sequence of the RF pulse and signal acquisition.

1.13 Repetition Time (TR) and Echo Time (TE)

MRI signal that is detected is the component of the magnetization in the xy
plane since it is orthogonal to Bo. This transverse magnetization is realized as a
result of the application of the RF pulse. Repetition time TR is the time between
two successive RF pulses. The value of TR determines how much longitudinal
magnetization M, has recovered before another spin excitation pulse is applied.

From Equationl.13, assuming that M, (0) is equal to zero, M, becomes
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M.(t) = My(1 — ¢ 77) (1.16)
When t =TR
M,(t) = My(1—e ™) (1.17)

From equation 1.17, it can be seen that as T'R increases, the signal M, ap-
proaches M,. This means that the longer you wait to apply another excitation
pulse, the more signal you will have to flip onto the transverse plane.

On the other hand, when the magnetization is flipped onto the xy plane, some
time period is normally required between the application of the excitation pulse
and the acquisition of the resulting signal. This time delay is called echo time,
TE. Caution must be taken in selecting the value of T'E because the signal being

acquired decays according to equation 1.15.

TE

My, (t) = Mye™ ™= (1.18)

Delays in acquiring the signal are penalized by decay of the signal.

1.14 Tissue contrast as a function of T1 and T2

Different tissues have different relaxation time constants 71 and 72. Figure 1.6
shows the differences in relaxation times of different tissue types at 1.5T [12]. This
implies that at a given value of T'R, each tissue type will have a different value of
longitudinal magnetization or signal. To maximize contrast between tissue types,
the repetition time T'R of the RF pulse is chosen such that the difference in signal
between the tissue types of interest is at maximum value (Figure 1.7). For example,

white matter with a short 7'1 relaxation time will have a higher signal compared



to cerebrospinal fluid (CSF) at a T'R of 500 ms (Figure 1.7).

Tissue type

T1 (ms)

T2 (ms)

Gray matter

950

100

White Matter

600

30

Muscle

900

50

Cerebrospinal fluid

4500

2200

Fat

250

60

Blood

1200

100-200

Figure 1.6. T1 and T2 relaxation times of common tissue types [12]
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Similarly, at a given value of TE, different tissue types will have different sig-

nals remaining in the transverse plane because of the differences in T2 relaxation.

Figure 1.8 shows that T2 contrast increases with TE up to a point where addi-

tional increase in TE will result into reduced T2 contrast. TR and TE can be

manipulated to generate images which are either T1 weighted or T2 weighted. If

for example a long TR and a short TE are chosen, there will be no T1 contrast

between tissues but relatively good T2 contrast. The resulting image is said to

be T2 weighted. The other way of getting contrast between tissues is by using

the actual number or density of protons within a specified voxel or pixel of tis-

sues. Depending on the TR and TE, tissues with different proton densities can be

manipulated to give different signal strengths from which image contrast can be

achieved. These types of images are referred to as proton density weighted images.
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Illustration of T1 relaxation between different kinds of tissues
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Figure 1.7. The red and blue curves show different tissue signals at different times.
The yellow curve shows the contrast between the two tissues. The TR that maximizes
contrast between the tissues is shown (Adapted from [33])
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Figure 1.8. T2 Contrast: The blue and red curves show signal decay of different tissue
types over time. The yellow curve shows the T2 contrast between the two tissues. T2
contrast is maximized by choosing appropriate echo time, TE as shown (Adapted from

[33])
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1.15 MRI pulse sequences

The basic MRI pulse sequence is a series of excitation RF and gradient pulses
aimed at generating data that can be transformed into an image. The MRI pulse
sequence can be illustrated with a timing diagram showing intervals at which RF
and gradient pulses are turned ON and OFF. In its general terms, it consists of
selecting a slice made possible by simultaneous application of the RF pulse and slice
select gradient G, followed by phase encoding step in which the phase encoding
gradient, G is turned ON. The last step is acquisition of data in the presence
of frequency encoding gradient, Gs.. This process is repeated several times until
the whole object is scanned. Several pulse sequences are derived by changing the
order in which the gradient and RF fields are applied. The most common pulse

sequences are the spin echo and gradient echo pulse sequences.

1.15.1 Spin echo pulse sequence

The spin echo pulse sequence [34] consists of a 90° excitation RF pulse applied at
the same time when the slice selection gradient is turned on. This ensures that only

spins from a thin slice are excited and tipped onto the transverse plane. After the

90° pulse, the phase encoding gradient is turned on. After a time %, a refocusing
180° RF pulse is then applied to recover the spin-spin relaxation loss that will have
occurred. This is again done while the slice select gradient is on. The signal echo
appears after a time TE and is recorded while the frequency-encoding gradient
(also clled the read-out gradient) is on (Figure 1.9).This process is repeated untill

the whole k-space is filled up.
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TE

Figure 1.9. Spin Echo pulse sequence diagram ([35])

1.15.2 Gradient echo pulse sequence

Unlike spin echo, the gradient echo pulse sequence [34] does not use the 180° and
the initial RF pulse tips the spins to an angle «, usually less than 90°. A phase
encoding gradient is applied to the signal before a read out gradient is finally
applied during signal acquisition. The read out gradient is first applied in the
reverse direction to mitigate the effects of signal decay due to spin-spin relaxation

(Figure 1.10).
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Figure 1.10. Gradient echo sequence diagram ( (http://mri-q.com))

1.16 From signal to image

MRI signal is acquired in what is called the k-space. This is a temporary coordinate
system in which complex image data is stored during MRI data acquisition. The
signal from each data point in k-space corresponds to the sum of all signals from

the whole object being imaged and can be written as

S(Gay Tpe, Gy, 1) = // p(x,y)eIVCvyTre =Gt oy (1.19)

where p(z,y) is the proton density in that voxel, G, and G, are the phase and
frequency encoding gradients respectively, and 7,. and t are durations over which
the gradients are applied.

By defining K, and K, as k, = %th and k, = %GyTpe, Equation 1.19 becomes

S(Gy, Tye, G t) = / / p(x, y)e I2mrvve T2kt do dy (1.20)
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From equation 1.20, it can be deduced that the acquired signal in k-space is a
Fourier transform of the imaged object in the x-y coordinate system. Thus using

inverse Fourier transforms,

p(z,y) ~ / / S(ky, k,)ed?m vl qk dk, (1.21)

k—space data can be digitized according to signal density from each voxel. The

digitized data can now be transformed into an image of the object [32].

1.17 MRI hardware

The hardware of an MRI constitutes the highest percentage of the capital cost of
the MRI system. The whole system consists of a number of magnetic fields gener-
ated by coils arranged in different configurations using the principles of magnetic
field generation described earlier. These coils include the super conducting or main

magnet coil, the gradient coils and the radio frequency (RF) coils (Figure 1.11).

1.17.1 The main magnet (B,) coils

The main idea behind the Bo coils is to generate a strong homogeneous magnetic
field normally along the z-direction which is responsible for polarizing proton spins.
To achieve the required magnetic field strength and homogeneity, coil configura-
tions such as the Helmholtz pair [12] can be adopted. This uses two loops of
wires carrying current in the same direction (Figure 1.12), giving a magnetic field

governed by the equation

toNIa? . toNIa?
2a2+ (z+9)2)2  2(a®+ (2 —s)?)

B, = (1.22)

3
2
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Z-gradient coils

Main magnet coil

RF coil

Y-gradient coils

X-gradient coils

Figure 1.11. Hardware components of MRI.

where a is the radius of the loops, s is their position along the z-axis and N is the
number of turns. To get a relatively homogeneous magnetic field, the recommended
coil separation for a Helmholtz coil pair is 2s = a. However, a single Helmholtz
pair may not give the homogeneity required of the B, field. As a result, a number
of Helmholtz coil pairs at different locations along the z-axis may be used.
Magnetic field homogeneity is not the only requirement for the B, field. The
strength of such a magnetic field is one major factor to be considered. The mag-
netic field strength is directly proportional to the number of turns and the current
passing through the loops. Achieving high field strength requires thousands of
turns and hundreds of Amperes of currents. While increasing the number of turns
will greatly impact on the weight and resistance of the system, passing high cur-

rents through a conductor generates results in considerable heating because of
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A Helmholtz pair
25

Magnetic field profile of Helmholtz coil along the z-axis

Magnetic field (Arbitrary units)

Figure 1.12. The Helmholtz coil pair. The left shows the positioning of the coils along
the Z-axis and the figure on the right shows a one dimensional magnetic field generated
by the Helmholtz coils

s 0 m m
Distance along the z-axis

conductor resistive losses. For conventional MRI therefore, super conductors with
negligible resistances are used. These super conductors are further cooled using
liquid helium and nitrogen to maintain a stable temperature of about 4K. The con-
ductors are directly immersed in liquid helium. To reduce the rate of evaporation
of helium, a layer of liquid nitrogen is added [36]. Current clinical scanners using
super conductor technology have field strength between 1.5T to 3T with animal
and experimental scanners having field strengths of up to 20T. These magnetic
field strengths are not possible to achieve without enormously increasing the cost

of the MRI system.

1.17.2 Gradient Coils

While the B, coils generate a static homogeneous magnetic field, gradient coils are
designed to generate linearly varying magnetic fields in the x-,y-, and z-directions.
Unlike the Bo magnetic field, these gradient magnetic fields are turned on and off

depending on the need. For most MRI configurations, the z-gradient is designed
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using Maxwell pair of coils. Like the Helmholtz pair, they consist of two loops of
wire but carrying current in opposite directions. The magnetic field generated in
this coil pair is governed by the equation

1o N Ia? o NIa?

B. = _— . (1.23)
2(a2 + (z —8)2)2  2(a?+ (2 +5)?2)2

Where again 2s is the separation of the coils just like in the Helmholtz pair (Figure
1.12).

Gradient magnetic fields in the plane transverse to the z-axis are generated by
an arrangement of saddle coils first described by Marcel Golay in 1958 [37] (Figure
1.13). The direction of currents and angles of curvatures are chosen to generate

the most uniform linear field in the region of interest.

< 4

21.30

Z-axis

Figure 1.13. Configuration of the Golay pair commonly used to generate gradient
magnetic fields in the x-and y-directions.
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1.17.3 Radio frequency (RF) coils

The next set of MRI coils are the RF coils. The RF coils are designed to generate
magnetic fields at frequencies matching the precession frequency of the spinning
nuclei magnetization. Unlike other MRI coils, RF coils are made from resonant
circuits containing resistance R, inductance L and capacitance C', normally referred
to as an RLC circuit. Consider an RLC circuit in 1.14, the current I flowing in

such a circuit is given by

V;“ms
I,ms =
\/R2 + (wL — %)2

(1.24)

Where w is the angular frequency. When the frequency of the circuit is varied,

there will reach a point where (wL——%)? = 0 givingw = \/% or f = Qm}E At this
condition, the circuit will have the least resistance to current flow and therefore
maximum response.

RF coils are therefore designed with capacitance and inductance specifically
chosen to match the resonant frequency of precession, - the Lamor frequency.
Apart from the resonant frequency matching the Lamor frequency, RF coils are

also required to produce magnetic fields that are orthogonal to the B, field [38].
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Chapter 2

LITERATURE REVIEW OF THE

LOW FIELD MRI SYSTEMS FOR
POTENTIAL BRAIN IMAGING

2.1 PRE-PULSE MRI

Generating strong magnetic fields require high electric currents and thousands of
turns of superconducting wire immersed in cryogens. To minimize system costs,
the pre-pulse MRI system uses resistive conductors without the need for cryo-
genics. However, generating magnetic fields using ordinary resistive conductors
creates considerable heat as a result of resistive losses. While the strength of the
magnetic field generated depends on current flowing in the coils, the amount of
heat generated depends on the square of the current. This therefore limits the
magnetic field that can be generated before the conductors burn out.

Pre-pulse MRI (PMRI) tries to limit this excessive heat dissipation by sep-

arating the B, magnetic field into two components - the static, relatively weak
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magnetic field strength component called the Bm and the relatively strong pulsat-
ing component called the Bp. The stronger magnetic field, (Bp) is switched on to
polarize the spins and then switched off before the signal is acquired. The weaker
magnetic strength Bo is used to set the Lamor frequency of the spins. This way,
signal can be maximized while minimizing heat generated by resistive losses in the
copper coils. While the Bm magnetic field is required to be highly homogeneous
within a few parts per million (ppm), the Bp field can have inhomogeneities of up
to 30% [39]. The magnetic field strengths proposed for these systems were in tens
of millitesla for Bm and hundreds of millitesla for Bp, however rapid acquisition
sequences may allow fields of up to one Tesla to be used. This approach was first
proposed by Conolly et al in 1993 [40].

Connolly and group then set out to demonstrate the feasibility of their pro-
posed device and in 1996, they constructed a prototype readout pre-pulse MRI
magnet with field uniformity of less than 40 ppm within a 10 cm x 10 cmm x 10
cm region of interest [41]. This was a six-coil magnet system with the Bm field
strength reaching 54 m'T, Bp field of up to 0.4 T and weighing approximately 110
kg [42]. Development of the PMRI system continued in the subsequent years with
construction of the other components including the gradient and radio frequency
coils. By 2001, Connolly and group had constructed a fully-fledged PMRI scanner
with a pre-polarizing field of 0.4 T and read out field of 25 mT. With this, they
were able to acquire images of a human wrist [42]. As can be seen from the ac-
quired images in figure 2.1, PMRI at this point in time could not reveal much detail
on which clinical decisions could be based. However, it was able to demonstrate
feasibility of the PMRI system and its potential contribution to medical imaging.

To improve this system, there was need to optimize the pulse sequences and

increase the magnetic field strength. Using spin echo pulse sequence and a rela-
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1) Photograph of Conolly’s 1996
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111) Wrist images acquired using the PMRI System in

a) 0.25 T polarized image near base of thumb.
b) 0.4 T polarized image of wrist near base of hand

Figure 2.1. Pre-polarized MRI [41]

tively stronger magnetic field of 27 mT, this group was later able to acquire better

images of the wrist (2.2) [43]. The remarkable improvement in the PMRI systems

was focused mostly at imaging of extremities. Clinical application would require

that this system is improved to a level where brain imaging is possible.

The niche for low field MRI relies on being able to provide diagnostic imaging

of brain diseases at costs which are much lower than those of conventional MRI.
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Figure 2.2. PMRI images of the human wrist [43]

No protracted attempts have been made to integrate such a system into clinical
practice. This is partly because the resolutions needed to diagnose tumors of the
brain are still much higher than could be achieved with this resistive coil based
technology. The other huddle is the need for very sensitive room temperature
sensors that could be used to detect the small signals generated by PMRI systems.
Even though materials for PMRI systems may seem inexpensive, the engineering
expertise needed to get these systems running is formidable.

Motivated by Conolly’s group, some research centers have attempted to refine
PMRI systems for possible medical application. One such research unit is at Los
Alamos National Laboratory that has for some time been working on different

aspects of PMRI system. [44].

2.1.1 Possible PRI detection technology

PMRI technology has evolved over the years and there is hope that once engineering
aspects of the technology are optimized to enable clinical applications, industrial

manufacturing of such systems could considerably drive the total cost down to



36

tens of thousands of dollars. One of the major hurdles of PMRI is that the main
magnetic field may not be increased beyond 0.1 T without considerable increase
in the weight and current injected into the coils. Cooling the system under such
circumstances may considerably increase costs and obscure the intended benefits of
PMRI technology. Keeping the magnetic field strengths to practical limits implies
working with small signals and this calls for very sensitive magnetic sensors to
detect and resolve such signals. Exploring possibilities of more sensitive magnetic
sensors continues to be an active field of research. Realization of such sensitive
detection technologies is pivotal in driving PMRI technology towards its intended

application.

SQUID sensor D = 24 mm, Echo 1 D = 24 mm, Echo 2

D =24 mm, Echo 3 D =24 mm, Echo 4

Z,cm

]
N E-C

6 4 -2 0 2 4 6

Figure 2.3. Sketch of PRI system showing SQUID sensor (left), and images of the brain
acquired at 46uT using SQUID sensors (right) [45]

To investigate such applications, in 2008 Zetov et al. employed superconducting
quantum interference device (SQUID) as sensors in PMRI systems to demonstrate
the feasibility of brain imaging [45]. This resulted in a remarkable demonstration

of brain imaging using PMRI as the acquired images showed considerable contrast
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between brain matter and fluids within the brain (Figure 2.3). Their research
showed that even at very low magnetic fields of 46 uT', there is enough signal to
reconstruct brain image if sensitive detectors are used to pick up and resolve the
signal (Figure 2.3).

Although SQUIDS are sensitive magnetic sensors which can pick up signals as
low as 107147, they are a cryogenic technology and use superconductors that are
very expensive to procure, operate and maintain. The goal of PMRI is to have a
clinically diagnostic system at low capital and operational costs, which is the main
purpose of this project. Using low cost PMRI systems together with expensive
SQUIDs technology defeats the purpose of this project. More suitable inexpensive

sensors would therefore be ideal for PMRI applications.

Input coil of the FT Kapton heaters

Atomic cell
Glass oven

Output coil of the FT

Laser beam

NMR sample /

Ferrite shield Thermal insulation

Figure 2.4. The detection system based on the flux transformer and the atomic mag-
netometer [46].

Atomic magnetometer (AM) is one type of sensor that is relatively inexpensive
compared to SQUIDs, but with sensitivity comparable to that of SQUIDS. De-
velopment of AM sensors has progressed over the years with their main biological

application being measurements of magneto encephalographic (MEG) signals [47]
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[48]. The feasibility of NMR detection using AM was first demonstrated in 2005 by
Savukov et al [49]. One of the downsides of AM is that it is sensitive to both the
static magnetic field Bo, and gradient magnetic fields. During signal detection in
MRI, there are at least two magnetic fields present and using AM would distort the
resulting signal. Separation of magnetic fields is therefore key if AM are to be used
for PMRI signal detection. This problem was investigated and partly addressed by
a group at Los Alamos National Laboratory led by Savukov who developed PMRI
based on atomic magnetometry [46].

The problem of sensitivity of atomic magnetometer (AM) to unwanted mag-
netic fields was solved by combining the AM with a flux transformer (FT). This
combination of AM+FT works on the principle that the sample to be imaged is
placed inside the input coil of the FT, both of which are inserted into the PMRI
system. The output coil of the PMRI is then placed on a ferrite surface shielding
the AM cell (Figure 2.4). Time varying magnetic fields generated by the sample
induce a voltage in the input coil of the FT, which in turn drives a current through
the output coil of the FT. The current through the output coil generates a magnetic
field which is picked up by the AM. This kind of arrangement therefore enables
the AM to be placed relatively far from the PMRI system thus eliminating the
problem of susceptibility to various magnetic fields. To validate the practicality
of the AM arrangement, images were acquired using both AM and SQUIDS for
comparison.

Image quality of the AM+FT combination was found to be comparable to that
of SQUIDs. Knowing that the sensitivity of AM sensors at this point depended
on the noise generated by the FT coils, the field enhancement coefficient and the
bandwidth of the AM, improvements in these parameters will greatly increase the

applicability of AMs in the near future. One other downside of AM is that the
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atomic cell operates at high temperatures of up to 200° C and it needs a shielded
environment which may turn out to be very expensive. This hurdle is however being
overcome as Liu et al. has recently detected NMR signals with AM operating at
40° C [50]. With their modified AM, they were able to detect NMR from a 125
wL water sample at field strength of 47 n'T.

Alternatively, PMRI could also benefit from the development of chip-based
magnetic sensors based on micro-electromechanical systems (MEMS). There are
different types of MEMS sensors but some of the common ones rely on the arrange-
ment of micro-arrays of permanent magnets overlaid on complementary metal ox-
ide semiconductors (CMOS). When interacting with external magnetic fields, these
magnet arrays can generate magnetic flux capable of moving cantilevers using the
Lorentz force principle. The moving cantilevers are then able to generate electrical
signals that can be detected. Efforts are geared towards increasing the sensitivity
of these systems through better fabrication methods [51]. Although not yet in the
femto-Tesla range, sensitivity of MEMS devices is rapidly improving, with some
reporting pico-Tesla detection [52]. With such improvements in sensor technology,

transformation of MEMS technology into PMRI applications is possible.

2.1.2 PMRI Switching circuits

Apart from small realizable signals from PMRI requiring sensitive detection tech-
nologies, the other problem plaguing PMRI is the interaction between the pulsating
magnetic field B, and the rest of the system such as the B,, and gradient coils. As
a reminder, B, is used to pre-polarize nuclei spins but is switched off before the
image is acquired. However, due to mutual inductance created by B,, image ac-

quisition cannot be done immediately as there are residual magnetic fields because
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of this switching. The excitation RF pulse has therefore to be applied after some
delay time has passed. Waiting for the effects of mutual inductance to disappear
means that the advantage of the pre-polarizing B, is greatly eroded as the spins
will quickly loose spin coherence previously achieved.

Using switching technologies that will improve on the ramp-up and ramp-down
times of the Bp magnetic field can mitigate this problem. In one of their papers,
Matter et al. [39] designed a Bp switch based on energy exchange between the
electromagnet coils and capacitors. To be able to rapidly switch between magneti-
zation levels, the magnet coils need very rapid supply of boost currents and these
can be provided by capacitors which rapidly store and discharge energy to provide
such current sources and sinks [39]. In their model, they showed that by adding
a capacitor in series with the magnet coil, the ramp-up and ramp-down times, ¢,

and t,.q respectively, can be determined as

1
oy = trg = 2— vV LC (21)
m

where L is the inductance of the coil and C' is the value of the capacitor to be
included in the circuit. However as coils become large to accommodate adult
heads and the number of turns become many, the value of L dramatically increases
making it hard to get suitably smaller capacitors capable of storing high energies.

The ramp-up and ramp-down times will considerably increase.

2.2 Static electromagnet MRI systems

Because of all the technical and geometry difficulties associated with the PMRI sys-

tem, another thought in the ultra-low field MRI technology research is to remove
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the pre-polarizing field and have systems which operate on only static uniform
fields. This would have an advantage of eliminating the effects of mutual induc-
tance associated with the pulsating magnetic field. Such systems were used in
the discovery phase of MRI technology before the advent of super conductors [53].
Lother et al. recently designed an ultra low field MRI system that uses only the
static magnetic field [54]. The system consisted of a pair of Helmholtz coils to
provide the static B, magnetic field. Field homogeneity was enhanced by addi-
tion of shimming coils at same locations as the Helmholtz coils but with varying

diameters and number of turns (Figure 2.5).

Figure 2.5. Illustration showing the Helmholtz design of the low field MRI system.
Adapted from [54]

This system was designed for a bore size of 10 cm and a magnetic field strength

of 23 mT. Since there is no pulsating magnetic field, it is possible to use iron and
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Figure 2.6. a) Shows the insertion of of the pineapple into the RF solenoid coil used as
both transmitter and receiver in preparation for imaging. The coil is 10 cm in diameter.
b) 2D spin-echo image of the pineapple with 5 mm slice thickness
[54].

other high permeability materials to shield the system from stray magnetic fields.
Imaging times can also be markedly reduced since there is no need to wait for the
mutual inductance to fade out. An image of a pineapple was acquired using this
system and had very good contrast and in-plane resolution of 1.6 mm x 1.6 mm
(Figure 2.6). This type of design also makes it possible to use solenoid coils as
RF coils which is not possible in PMRI systems because of the orientation of the
pre-pulse magnet coil.

A similar ultra-low field MRI system without the pulsating magnetic field was
constructed by a group at the Martinos center for medical imaging in Massachusetts
USA [55]. They too used Helmholtz coil pair to generate a uniform static magnetic
field. The volume of homogeneous magnetic fields in Helmholtz coils is relatively
small compared to the Lee-Whiting four coil system. To have a large volume
of magnetic field homogeneity, the diameter of the Helmholtz design has to be
considerably large. Therefore to accommodate a human head, the system at the
Martinos Center consisted of a pair of Helmholtz coils, 2 m in diameter, generating

a uniform magnetic field of 6.5 mT. Again, with such a system imaging times can
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be relatively faster as this group was able to acquire brain images in 6 minutes
with maximum SNR of 21 and resolution of up to 2.5 mm x 3.5 mm x 8.5 mm [55].

In summary, the contrast provided by low field MRI systems is still low but the
resolution has clearly reached a level where clinical application can be possible.
Most of the systems designed thus far have small bores. Increasing the bore size of
these low field systems to accommodate an adult head would constitute a brilliant

step in the ultra-low field MRI technology.



Chapter

DESCRIPTION OF THE PMRI
SYSTEM

3.1 Basic electronic components of PMRI

The description of PMRI hardware in chapter two considered mainly coils. In this
chapter we describe the supporting hardware and electronic components that are
necessary for the construction of the pre-pulse ultra-low field MRI. Our design is
adapted from the PMRI system constructed by Savukov et al [56] with the overall
aim of enlarging the bore size to accommodate an infant hydrocephalic head. The
block diagram of the system is shown in figure 3.1 below.

A simple PMRI system consists of the read-out field (B, - also referred to as
Bm) coil, the pre-pulse field (B,) coil, gradient coils, radio frequency transmit-
ter coil and radio frequency receiver coil. The electronic components comprise
filters, amplifiers, switches, power supplies, rectifiers and frequency mixers. The
block diagram in figure 3.1 shows the flow of signal and power between different

components. It provides an understanding of a fully functional PMRI system and
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Computer and
signal
processing

Receiver coil

From

To Bm Coils

Figure 3.1. Block diagram of the PMRI system

how its modular architecture could be replicated and/or modified to suit specific
applications in developing countries. Most of the components shown were built by
hand and the accompanying analysis is aimed at showing that commercial systems
could be sought to replace these modular systems with the potential of making the
PMRI system inexpensive, safe and easy to assemble and maintain. The compo-

nents include:

3.2 The Bp switch

The Bp magnetic field is pulsed at frequencies normally less than one Hertz. The
ideal waveform for the Bp magnetic field would be a square wave, where the ramp-
up and ramp-down times are negligible. High speed switches are used for this
purpose. In this case we used the 100 VDC/100 A solid state switch by VSholdings
[57].
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This high speed solid state switch has a rise time delay of 320 nS and a turn-
off delay time of 820 nS to switch between zero and 100 A. The frequency of the
Bp switch is part of the pulse sequence of the PMRI system and impacts on the
imaging time. Longer pulses result in longer acquisition times but improves the

signal to noise ratio.

3.3 Gradient amplifiers

MRI gradient coils are designed to generate linearly varying, position dependent
magnetic fields. However, power to the gradient coils is supplied by the control sys-
tem (master controller in figure 3.1) which typically generates very small voltages
and currents. These currents need to be amplified in order to generate gradient
magnetic fields required to spatially resolve the MR signal.

The amplification is provided by gradient amplifiers. Conventional MRI gra-
dient amplifiers can be expensive. Our system uses amplifiers constructed using
operational amplifiers (OP-Amps). OP-Amps are high gain amplifiers that use
a ratio of input and output resistances, and feedback control to boost the input
voltage, current or power supplied to them in order to give high outputs. For a
simple amplifier, the gain is a ratio of the output or reference resistor to the input
resistor as shown in figure 3.2.

It should be noted that the stability of amplifier gain depends of the frequency
of input and output signals. The amplifier will respond linearly within a range
of frequencies beyond which the amplifier gain will significantly reduce and its
response no longer deterministic. Therefore other circuit components such as extra
resistors and filter capacitors are normally added onto the design to get the desired

amplifier response.
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Figure 3.2. Inverting operational amplifier.

3.4 The Power supplies

Generation of specific strength of magnetic fields require precisely controlled cur-
rents to be injected into electromagnet coils. The Bp coil, B,, and gradient coils
are therefore supplied by different dedicated power supplies to achieve the level of
control and specificity required of each magnetic field. Our Bm coil in particular
is supplied by Xantrex XDL 35-5T DC power supply now supplied by AMETEK
programmable power supplies (www.ametek.com). It has capacity to supply 6 A
at 30 V and can automatically adjust its voltage level to keep a steady output
current output to within 1 mA. The Bp coil is supplied by magna power supply
model SL100-15/UI (www.magna-power.com) capable of delivering 15 A at 100 V.
Power to the gradient amplifiers comes form the Keithley 2231A-30-3 power DC

power supply provided by Tektronik (www.tek.com).

3.5 The resonant circuits

Resonant circuits are needed in MRI to generate and detect radio frequency fields.
For the PMRI system, the main resonant circuit is the one involving the signal

transmitter and receiver coils. The coil is connected in parallel with a tuning
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capacitor (Figure 3.3). The coil has an intrinsic inductance, L and resistance, R.
The total impedance of the circuit is the sum of the resistance, inductive reactance,
Xy, given by X = jwL and capacitive reactance, X¢ given by X¢ = —j/wC. At
resonance, X; = X¢ giving a resonant frequency of f = #ﬁ

However, in signal transmission, the impedance of the signal source should be
matched with the signal load to avoid signal loss due to reflections as a result of
impedance miss match [58]. The resonant coils made using copper wires usually
have very low resistances and they are connected through an amplifier with an
output resistance of 50 2. An additional matching resister is therefore added to

match the impedance of the amplifier.

Resister

Voltage source

Capacitor

Figure 3.3. RLC Resonant circuit.

3.6 Frequency filters

As the name suggests, filters are responsible for allowing only signals within a
certain range of frequencies, normally referred to as the bandwidth. Passive filters

which are a combination of resistors, capacitors and inductors are used to reduce
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dependency on external power supplies as is the case with active filters. Filters
work by altering the amplitude and/or phase of the output signal in relation to the
input signal. The amplitude and phase of signals outside the allowable frequency
range is distorted or attenuated to the extent that those frequencies are not de-
tectable at the output of the filter [59]. Filters have gain which is dependent on
signal frequency such that the output of a filter, also called the transfer function,

and is given by

_ Vour(jw)|

H| = - .
= TGl

(3.1)

There are several types of filters including low pass filter, high pass filter, notch
filter and band pass filter. A band pass filter is more commonly used in our system
and it is a combination of low pass and high pass filters (Figure 3.4).

The cut off frequency of a filter is taken to be the point where the signal

amplitude falls below 3 dB and for a simple low pass filter, that point is given as

1
=—. 2
Jer = 5 qien (3.2)
Similarly for high pass filter, the cut-off frequency is given as
fon = (33)
M onR202 ’

The band pass frequency range as a result of cascading the low and high pass
filters is therefore given as foy — for Circuit elements are chosen as to satisfy the
required frequency range. Filters used in our systems are designed with low cut-off

frequency of 80 kHz and high cut-off frequency of 300 kHz.
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Figure 3.4. Band-pass filter.

3.7 The frequency mixer

RF signals from the MRI are at high frequencies which are relatively difficult to
sample. The theory of heterodyne receivers, invented by Reginald Fessenden in
1901 [60] is used to generate new frequencies which can easily be sampled. The
heterodyne principle allows two or more frequencies to be mixed to generate new
frequencies. A simple frequency mixer is designed with two input terminals, one
for the high frequency MRI signal and the other for a locally generated signal from
the data acquisition and processing system (master controller). The output of the
frequency mixer is the difference between the two input frequencies (Figure 3.5
[61])

The PMRI system that we developed can operate at frequencies ranging from
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Frequency mixer

» Output
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signal - f1

) A

Locally generated
Signal - f2

Figure 3.5. An illustration of frequency mixer showing input and output signals. Signal
amplitude is not a matter of concern here

80 kHz to 500 kHz. These are relatively high frequencies to sample. To avoid
aliasing, signal sampling should be done at frequencies which are at least twice
the signal frequencies [62]. However, by using a frequency mixer, a local signal
is generated with a frequency that is close to the signal frequency such that the
difference between the two frequencies is small enough to allow for sampling at

frequencies much lower than the actual signal frequency.

3.8 Signal acquisition and processing

Signal acquisition and processing is done by a LabView program adapted from Igor
I Savukov from Los Alamos National Laboratory. The control program uses the NI
BNC2110 connector block provided by national instruments (www.ni.com). This
is connected to the data acquisition and control boards using a general purpose
interface bus (GPIB) cable. The control signals generated from the board include

the timing signals for the Bp power supply, gradient amplifiers, and RF magnetic
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field. The signal to be processed is detected by the receiver coil, amplified by
the signal pre-amplifier provided by Stanford Research Systems model SR 560
(www.thinksrs.com), mixed through a frequency mixer before it is converted into
a digital signal using the analog to digital converter (ADC). Processing of the

signal is done by digital sampling and using Fourier transforms to form an image.



Chapter I

DESIGN CONSIDERATIONS AND

FABRICATION OF THE PMRI
SYSTEM

The aim of this project is to build an MRI system which is inexpensive, portable,
non-cryogenic, easy to use and maintain, and has low power requirements yet big
enough to accommodate an adult human head. These requirements are not easy
to achieve.

The portability of an MRI system is determined mostly by the strength of the
B, magnetic field, the bore geometry and size. The magnetic field of circularly
shaped coils scales up with the number of turns and the amount of current flowing
through the coil. The magnetic field is also inversely proportional to the radius of
the coil as can be deduced from equation 1.5 [21].

The design of MRI has to consider first the purpose of the device. If the purpose
is to be able to image an infant hydro-cephalic head, as is in this case, dimensions

that would meet this purpose should then be determined before anything else. The
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first parameter to be determined here therefore is the bore size of the magnet. The
World Health Organization charts show that average head diameter of a five year
old infant is approximately 17.2 cm [63]. However, we are designing this PMRI
system for hydrocephalic children whose heads are bigger than a normal child’s
head. Our system is therefore designed with a usable bore of 22 ¢m, which is big
enough to accommodate an adult human head [64]. The Bm coil was designed
with a diameter of 45 cm to also allow for insertion of Bp and RF coils.

After determination of the bore size, the tendency is to have as high a magnetic
field as possible since higher magnetic fields translate into better SNR and subse-
quently better image quality [65]. But like we said earlier, this is limited by the
number of turns we are willing to have, and consequently the power requirement.

The power P dissipated by a coil of resistance R, carrying current [ is given by

P=1I’R (4.1)

For example if one has a power limitation of 500 W at 10 A, from equation 4.1,
the resistance of the coil is limited to 5 2. This essentially limits the coil length
and the number of turns, as resistance increases with length.

Another important factor that we considered is the ease with which the system
could be maintained in a developing country. The technical expertise required to
maintain, service and repair an MRI system is enormous and in most cases, lack-
ing in developing countries [66]. Constructing an overly complex system would
therefore not meet the purpose of the project. To keep the device technically
simple, most of the components of our PMRI system were hand made using dis-
crete electronic components. By constructing the system by hand, we demonstrate

feasibility and scalability of the PMRI system in the developing world.
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The cost of the system is not to be forgotten. Cost is arguably the most
important factor driving the move towards lower field strength MRI systems [2].
High field MRI systems can cost millions of dollars. Apart from the capital costs,
operational costs of conventional MRI systems include power requirements, service
and maintenance costs, all of which are in hundreds of thousands of dollars per year
[2]. These costs and other restrictions make MRI unsustainable in the developing
world. As a result there is increased use of computed tomography for brain imaging
[67], whose costs is between $200,000 to $300,000. For low field MRI technology
to be attractive for low income countries, it should be less expensive than the CT

units currently in use. Our aim is to construct a system that is less than $100000.

4.1 Design of the B,, coil

In MRI, homogeneity of the main magnetic field is an important factor that has to
be taken into consideration while designing coils. Inhomogeneities in the magnetic
field introduce artifacts that degrade the quality of the resulting imaging. A num-
ber of coil designs including the Merrit three, four and five coil systems [68], the
Rubens five coil system [69], Helmholtz and Lee-Whiting coil systems [70] among
others have been proposed to improve field homogeneity. Of these coil systems,
the Lee-Whiting four coil system produces an acceptable field uniformity and is
easy to construct [71] thus our choice.

From Biot-Savart law, the magnetic field generated by a circular loop of coil
can be approximated by an integral of the elemental current over the entire loop

through which the current flows. This is given as

- IdIXT
B(r) = Lo 7{ dixr (4.2)

4 3
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where [ is the current flowing through the conductor, dl is the elemental length of
the conductor and r is the radius of the loop formed by the conductor.

Integrating equation 4.2 from 0 to 27 for a field along the Z axis of a cylindrical
system of radius a, as shown in figure 4.1 gives

_ ponla?

B. =t (4.3)

where 72 = a? + 22 and n is the number of turns.

\/

Figure 4.1. Geometry explaining relationship between radius a and distance along the
z-axis in the Biot Savart integration

The Lee-Whiting MRI magnet coil system is composed of two sets of circular
coils (two outer coils and two inner coils) located +0.1216D1 and +0.4704D1
respectively from the center of the system (figure 4.2), where D1 is the effective
diameter of the cylindrical core on which the circular coils are wound.

To obtain a uniform magnetic field, the ratio of the number of turns on the
outer coils to inner coils should be 9 : 4. This means that for every 9 turns on
each of the the outer coils, there should be 4 turns on each of the inner coils. For

simplicity, we will refer to one turns ratio as 9:4:4:9.
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Figure 4.2. 2D view of the Lee-Whiting coil system showing the coil cross sectional
areas and coil location

From equation 4.3, the magnetic field for one turns ratio can be given by

B uonla®  4uonla®  4p.nla®  uonla®
°  2R? 2R3 2R3 2R}

(4.4)

Due to symmetry of the system, R; = R3 and Ry = Ry, equation 4.4 becomes

9 4
B, = pola*(—5 + =5 4.5

where a is the effective radius of the cylindrical core (in this case a=D1/2).
Substituting for values of R? = (D1/2)? + (0.1216D1)?, R: = (D1/2)* +
(0.4704D1)%, and I = 1A, the magnetic field at the center of the Lee-Whiting

coil system can be given as
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17.96
B, = — T 4.
o1 M (4.6)

The relationship between the magnetic field and coil positioning along the z-axis
as given in equation 4.5 and 4.6 do not take into consideration the height /thickness
and width of the coils. Setting up the optimal dimensions for the coil cross-
sectional area (Width x height) is very critical in construction of large bore ultra-
low field MRI systems. Changing the coil height changes the effective diameter and
therefore coil locations along the z-axis. This has an influence on the magnitude
and uniformity of the magnetic field. To determine the optimal width to height
relationship, we modified equation 4.5 to include changes in coil dimensions.

In the design and simulation procedure, the following restrictions and assump-
tions were made:

1) Power requirement: Power is one of the most important requirements to con-
sider when designing a sustainable system for the low and middle income countries.
Due to limited power availability, a number of African countries are adopting the
use of stand alone solar systems to operate some critical units in hospitals. Most
of these solar systems are capable of running low-energy fridges rated below 500
Watts [72]. Designing a system capable of operating on solar power is therefore
very ideal for such settings. As such, we limited the power requirement of the Bm
coil to 500 Watts with a maximum current of 10 Amperes.

2) Wire size and length: Given the power requirement, wire selection becomes
the next parameter to determine. To supply 500 W at 10 A, 50 V is required. For
a 50 V source to be able to drive 10 A through a conductor, the resistance of that
conductor should not be more than 5 €.

The resistance R of a conductor can be approximated by
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L
R= % (4.7)

where p is the conductivity of the wire (6 x 107S/m for copper), L is the length of
the wire and A is its cross section area. Because of the current requirement, resis-
tance, weight and availability, AWG 12 copper wire was selected as the conductor
to be used for winding the coils. AWG 12 has a nominal diameter of 2.07 mm and
a resistance of 2.315 x 1072 Q/m [73].

From equation 4.7, we calculate the length of the wire to be 940 meters.

3) Tube dimensions and number of turns

Having known the wire length, the next step is to determine the number of
turns possible with this wire. This is determined in part by the tube dimensions
on which the coil is to be wound. The diameter of the tube should be able to
accommodate the Bp coil, the radio frequency coils and still leave a bore size
capable of accommodating a hydrocephalic infant’s head. The tube should also be
rigid enough to hold the coils into position without deformation. For our purpose,
we selected a tube with inside diameter of 45 cm and outside diameter of 47.5cm.
Using the outer circumference and considering the 9:4:4:9 Ampere turns ratio for
the Lee-Whiting coil system, we determined the total number of turns to be 630.
However, we decided that 598 turns would be appropriate, taking into account
that not all the wires will be in contact with the tube and therefore the average
diameter will be greater than the outer diameter of the tube. 598 turns would
result into 207 turns on each of the outer coils and 92 turns on each of the inner
coils.

4) Determination of width-height relationship of the coils

To determine the optimal width-height ratio for the coil windings, the following
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Parameter Expression Description

Dw 2.073[mm] Nominal diameter of the AWG 12
N 23 Total Ampere turns ratio

n 1t092 Number of layers of wire on a coil
Hi n*Dw Height of the inner coils

Ho Hi Height of outer coils

Ni 92 Number of turns on the inner coils
No 207 Number of turns on the outer coils
Wi Ni*DwA2/Hi  |Width of inner coils

Wo (9/4)*Wi Width of outer coils

D1 47.5[cm] Outer diamter of the tube on which the coils are wound
Icoil 1[A] Current flowing in the coils

Figure 4.3. Design parameters used for the simulation of the Bm coil system

Using the parameters defined in table 4.3, we write R1 and R2 as defined in

figure 4.2 as

and

R1 = /0.1216 * (D1 + Hi)2 + (D1/2 + Hi/2)?

R2 = \/0.4704 % (D1 + Hi)2 + (D1/2 + Hi/2)?

The magnetic field at the center of the coil is therefore given by

Bm = p,NIcoil x (D1/2 + Hi/2)*  [4/R13 + 9/ R2%]

(4.8)

(4.9)

(4.10)

Heretwo conditions are considered for B: 1) The variation of Bm with Hi and Wi

and 2) Variation of Bm with Ho and Wo. Two graphs are plotted for the two

conditions (Figure 4.4)

From the graphs, we can choose to set the cross section area of the inner coils

to be square (graph a) in which case the outer coils will be rectangular or we can
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b) Height and width of the outer coils (m)

Figure 4.4. (a) shows the variation of the magnetic field at the center of the coil
system with the width and height of the inner coils and b) shows the same variation
with the width and height of the outer coils. The point of intersection of the graphs
indicates a point where the cross section of the given coil is square and this is taken as
the optimal dimensions
choose to make the outer coils square keeping the inner coils rectangular. We avoid
making all the coils square because they have different number of turns and the
system will have non-uniform radius.

Our main aim is to fabricate the Bm coil with a homogeneous magnetic field.
To determine which of the two conditions in figure 4.4 above gives the most ho-

mogeneous magnetic field, we modeled the conditions using comsol multiphysics

V5.2 (www.comsol.com).
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4.1.1 COMSOL simulation of the Bm coil system

The COMSOL AC/DC magnetic fields, stationary study 3D model was used to
simulate magnetic field strength and homogeneity of the four coil system following
the procedure below:

a) Creating the geometry.

The 3D geometry of the system was created first by drawing the 2D section

view and revolving it around the radius (Figure 4.5).

Coils

Axis of revolution

a) Planer view of the coils b) 3D view of the coils after 360°
revolution around z, a distance of D1/2 from the coils

Figure 4.5. Comsol geometry set-up of the Bm coil system

Parameters for coil dimensions are specified in table 4.3. A solid sphere of diam-
eter 65 cm was drawn around the model to define the boundary and computational
limits in comsol.

b)Specifying the materials

Copper and air were used as materials for coil conductors and the sphere re-
spectively. Default material properties as defined by comsol were used and these
include conductivity for copper o =6 x 107 Siemens (S)/m, and relative magnetic
permeability p, = 1. Air conductivity and magnetic permeability were defined as

04ir =0 S/m and p,.=1 respectively.
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c¢) Defining the physics.

The coils were defined as mutli-turn coils with 207 turns on the outer coils and
92 turns on the inner coils. The current through the coils was set at 1 A. To define
the circular flow of current, the direction was chosen by selecting edges of each coil
that form a circle. In our model, we changed the cross section area of the coils but
the current density J as described by Apere’s law (Equation4.11 in comsol is kept

constant.

VXH=J (4.11)

where V is the differential Hamiltonian operator, and H is the magnetic field
intensity [74]. The current density J is also given by J = o E, where o is electrical
conductivity of the material and F is the electric field.

In MRI, magnetic field is always defined in terms of the flux density B which

is related to the field intensity through permeability as

B = popu-H (4.12)

and flux density is defined as the curl of the magnetic vector potential, A. We

therefore calculate the magnetic flux density B as

B=VXA (4.13)

The surface of the sphere used as a boundary to limit the computational area
is defined as a magnetic insulator by setting the magnetic vector potential normal
to the surface as zero.

d) Running the simulation.
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Three simulations were performed. First when the cross section are of the inner
coils was square, then when the cross section of the outer coils was square and then

assuming an infinitesimal coil. Results are shown in figure 4.6.

4.1.2 Simulation results and discussion

The simulation results seek to guide selection of the optimal coil cross section area

for the given parameters of number of coil turns and wire diameter.

Line plots of magnetic field strength along the X-axis
for different coil crossectional areas. Results for the plots where obtained

by simulation using ComsolV5.2 and processed in Matlab
T T
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Mangetic field strength for coil height and width of 20.7 mm,field uniformity over 25 cm =1.36%
Mangetic field strength for coil height and width of 31 mm,field uniformity over 25 cm =0.93%
Mangetic field strength for coil an infinitesimal coil, field uniformity over 25 cm =0.16%
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Figure 4.6. Magnetic field uniformity for different coil cross section areas

Analysis of results (Figure 4.6) show that the best magnetic field homogeneity

is achieved with infinitesimal coils. However, realistically when the inner coils are
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considered to be square, the peak-peak magnetic homogeneity over the region of
interest is 1.36% and 0.93% when the outer coils are square.

Given the diameter of AWG 12 which was selected for coil winding and con-
sidering the number of turns, having square inner coils means having 9 layers of
wire to form the height of the coil and 9 wires side by side to form the width
of the coil. On the other hand the outer coils would have 9 layers and 23 wires
side by side for the width and gives the highest magnetic field strength across the
ROI. However, when the outer coils are made square, the inner coils would be 15
layers high and 6 wires side by side while the outer coils would have outer coils
would be 15 layers high and 14 wires side by side for the width. The magnetic
field strength is relatively lower. We chose to make the inner coils square partly
for ease of winding and to maximize the magnetic field strength.

From these graphs, we see that there are two possibilities we can choose for
our coil heights and widths. From (a), we deduce that the optimal height width
relationship is when both the height and width are 0.02 m. This implies that the
number of layers which make up the height of the coils should be 10. Therefore
the width of the inner coils should be 0.02 m and the outer coils should be 0.043
m.

Similarly, graph (b) gives the optimal height width relationship to be 0.03 m
for the heights of coils, 0.013 m for the widths of the inner coils and 0.03 m for the
widths of the outer coils. However, choosing to make the outer coils square would
considerably increase the effective diameter of the whole system. Considering that
the gradient coils will have to be wound on top of the Bm coils, gradient coils would
then need to have more turns to generate the required gradient strength and this

would increase the power and switching requirements of gradient amplifiers.
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4.2 Construction of gradient coils

Gradient coils are designed and constructed to generate magnetic fields that lin-
early vary in the three orthogonal directions x,y, z. The Z — axis is taken to be
along the axis of the cylindrical core, and the most efficient and easiest way of

generating the Z gradient is by using a Maxwell coil pair (Figure 4.7).

< >

Figure 4.7. Maxwell Pair. The separation between coils is related to the the diameter
of the the cylindrical core as d = v/3a

For the Z gradient, coil separation d was 43.9 cm. The magnetic fields at either
ends of the Maxwell coil pair can be calculated using the formula in equation 1.23.

For our case, given the radius of the coils and their separation, the magnetic
field gradient was estimated by calculating the magnetic field strength at either
side of the coils and dividing by the coil separation. We calculated this to be
19.8 uT'/m/A/Turn. Litz wire of AWG 16 with 100 strands was used in the
construction of gradient coil. The number of turns was 10 giving a gradient field

of 198 uT'/m/A
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4.2.1 Design of the Golay four saddle gradient coils

The Golay type gradient coils [75], [76] were used to provide gradient magnetic
fields in the X and Y directions (Figure 4.8).

A
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Figure 4.8. Saddle coils showing the x-gradient. The y-gradient is constructed by
rotating the saddles by 90°

Saddle coil positions are defined by the diameter and angles they subtend at the
center of the coil system. In designing MRI coils, one has to take into consideration
the length of the tube. If the system is too long, it might cause claustrophobic
effects. Given the diameter of our system, following this configuration would re-
quire that the outer saddles are located at least 67 cm from the center, making the

whole tube 134 cm long. Our design proposed to reduce the length of the tube but



68

still maintaining the linearity of the gradients. Given that our region of interest
(ROI) is a sphere with a diameter of 25 ¢m, we varied the position of the outer
saddles to get the shortest position that would give an acceptable linearity of the
gradient magnetic field.

To investigate the linearity of the magnetic field, we followed the procedure
used by Rashid et al. [77] shown in figure 4.8. In their investigation, they found
that the saddle angle of 120° gave the best results. Therefore with the angle set
at 120° and a set by the dimensions shown in the figure Figure 4.8), we varied b
from 134 cm to 44 cm in steps of 10 cm. For each value of b, we plotted the 1D

magnetic field linearity across the ROL.

4.2.2 COMSOL set-up and simulation

The geometry was set up in comsol as shown in figure 4.8. The diameter D of the
system was 52 cm, the saddles were modeled as multi-turn coils with 10 turns. A
current of 2.5 A was injected into the coils. Results of the simulation are shown in
figure 4.9.

From the graphs, magnetic field gradients of 300 p7'/m could be achieved.
We realize that there is no significant difference in the magnetic field linearity for
different positions of outer saddle location. We therefore went ahead to select 64
cm as our saddle position. This would conveniently locate the saddles just after

the outer Bm coils.
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Graphs showing linearity of the magnetic field for different values
of outer saddle possitions
I

0.06 I \
=
N
0.05 .
0.04 .
£ 0.03F
E
=
2
o 0.02 -
®
o
[0}
= 0.01r
)
©
S
= ol ——b=134
b ——b=124
b=114
——b=104
-0.01 |——b=94
b=84
——b=74
-0.02 - |——b=64 3
——b=54
b=44
-0.03 | | | | |
-15 -10 -5 0 5 10 15

X-cordinate (cm)

Figure 4.9. Graphs showing linearity of the x gradient magnetic field for different
positions of the outer saddles

4.3 Construction of the B, coil

As described earlier in chapter two, the B, magnetic field is relatively stronger
than the B,, field but with less restrictions on field homogeneity. As a result, the
B, can be constructed as a solenoid coil, which is much easier to construct.

From equation 1.5, we can deduce that the magnetic field at the center of a

solenoid is given by

poNIa?

- Rer (4.14)

Njw
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where N is the number of turns and a is the radius of the coil, I is the current
flowing through the coil and L is the solenoid length [12]. Correction factors can
be included into the formula to compensate for coil thickness and spacing but for
simplicity, the design emphasizes a simple calculation of the field at the center.

The solenoid coil was wound on an aluminum core of radius 15 cm and length 30
cm. These dimensions were determined to accommodate the human head. Copper
wire of 10 AWG procured from MWS wire industries was used. The 10 AWG
copper wire has diameter of 2.5883 mm, resistance of 3.277 mQ/m and weight of
46.773 g/m.

Given the specifications of the coil used, the number of turns per layer was 95
and there were 12 layers giving total number of turns to be 1140 turns and coil
thickness of 3.1 cm. The length of the wire used was estimated to be 1300 m.
From coil length, the weight of the coil was estimated to be 60 kg with resistance
of 4.3 Q

Using equation 4.14, we calculated the magnetic field strength per unit current

at the center of the solenoid to be ~ 5 mT/A

4.3.1 COMSOL simulation of B, coil

The B, was modeled as multi-turn coil with 1140 turns as shown in the 3D model
(Figure 4.10a). .. of 10 A was used. Figure 4.10b shows the magnetic flux density
of the Bp coil along the z-axis of the coil. The magnetic field reached maximum
value of 52.5 mT for a current of 10 A as predicted by the calculations.

We see the the magnetic field homogeneity over the region of interest is about
20%. This is an acceptable inhomogeneity for the Bp field where 10%-30% is

considered to be appropriate [39)].
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Magnetic field strength along the z-axis of the solenoid Bp coil
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Figure 4.10. Magnetic field along the center of the Bp coil over the region of interest

4.4 Construction of RF coils

Due to the construction and geometry of the B,, and B, coils, saddle coils are the
most preferred RF coils adaptable to this system. Unlike the gradient coils which
are constructed from four saddle coils, the RF coils are made from only a single
pair of saddle coils. Since we are using two separate RF coils - the transmit coil
and receiver coil, it is important to position these coils orthogonally to avoid direct
inductive interference between them.

The geometry of a cylindrically shaped saddle coil can be described by three
parameters - the length of the coil, the angle subtended by the arcs and the radius
of the coil [78].

The saddle coil of this nature will have components of the magnetic field in all
three dimensions - x, y and z. Making sure that the magnetic field in the transverse

direction becomes dominant needs careful construction and adjustments of the
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Figure 4.11. RF saddle coil (From [78])

geometry parameters. The magnetic field depends inversely on the radius R, of
the saddle and therefore this parameter is considered insignificant in designing the
coil compared to the length Z, and angle ®, [78]. The coil conductors that run
parallel to the axis of the coil dominate the x, and y components of the magnetic
field.

For the geometry shown in figure 4.11, the magnetic field in the x, and z,
directions can be nearly zero. In our PMRI system, we are interested in saddle
coils with diameter big enough for adult head. Ginsberg et al. gives a relationship

between the arc angle and the length to diameter ratio recommended to generate
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uniform magnetic field using saddle coils [75]

Our RF saddle coils were designed with a length to diameter ratio of 1.2 and
the arc angle of 121°. The diameter of the RF coil was 22 cm.

The RF coils were made as resonant circuits with parameters chosen to maxi-
mize the quality factor of the coil.

For parallel resonant circuits as used in this case, the quality factor Q is given
as [79]. The quality factor of a coil is a parameter that defines the ability of the
coil to respond maximally to specific frequencies. The quality factor is defined by

the resistance, R of the coil, its inductance, L. and the resonant frequency w as

R
= : 4.1
And the bandwidth is given by
w
BW = 2 4.16
70 (4.16)

where C'is the capacitance. The values of RC was chosen to be 1/BW ~ 1 x 10~*

Designing for a gradient strength of 0.6 mT/m and field of view (FOV) of 22
cm, a bandwidth of about 6 kHz is needed to cover the whole FOV. This bandwidth
can be varied by adjusting the gradient field strength or changing the capacitor

attached to the resonant circuit.

4.4.1 COMSOL simulation of the RF coil

The saddle coil was modeled following the general modeling process in COMSOL.
Magnetic field generated by a saddle coil is the sum of the fields from the arcs and

the linear conductors making up the saddle coil. The saddle coil is made of four
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linear conductors and four arcs giving a total field which can be written as

Bsaddle == 4(BL + Barc)' (417)

The magnetic field of the linear conductors for coordinates extending along the
Z-axis for constant x and y coordinates is given by [74]
ol Z1— 2 29 — 2

Br = - 4.18
47”02(\/7”27%2’1—2)2 \/7’2+(22—z)2> (19

and the magnetic field of the arc conductors are given by

[ ¢o _
Bue =5 / o2 — 2) c08 9o _df (4.19)
TJo 2 492 — 2rr,cos(¢ — 0) + (21 — 2)7]2

The 3D COMSOL model of saddle coil is given in figure 4.12. The coil was
modeled as multi-turn coil with diameter of 22 ¢cm and length of 26.4 cm and 10
turns. For purposes of showing the directionality and magnitude of the magnetic
field generated by this type of saddle coil arrangement, a steady current of 2.5 A
was injected into the coils. Comsol multi physics generates magnetic field lines
by solving the equation 4.11. Results of simulation were processed using comsol
tools and graphs showing magnetic flux densities in the x, y and z-directions were
plotted. An arrow volume plot showing the direction of the magnetic field was also
plotted.

Figure 4.13 shows the directional magnetic field lines of a saddle coil. The
direction of the magnetic field is in a direction orthogonal to the axis of the core.
In our case, this direction is considered as the y-direction (Figure 4.11). This is
how the RF coil made of saddle shaped coils is able to tip the magnetic field into

the transverse direction.
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Figure 4.12. 3D COMSOL model of the saddle coil adapted from [78]

Figure 4.14,4.15,4.16 show the x, y and z components of the magnetic flux
density of the saddle coil. We see that because of the directionality of the magnetic
field produced by the saddle coil, the x and z components are negligible since the
magnetic field is in the Y- direction. However, even in the y-direction, the magnetic
field is not uniform. The usable volume of the saddle coil is defined as that volume
in which the magnetic field uniformity is within 15% [74]. Here we show that the

usable volume is 19 cm in Y-direction.
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Figure 4.14. Y-component of the magnetic field of a saddle coil
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Figure 4.15. X-component of the magnetic field of a saddle coil
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Figure 4.16. Z-component of the magnetic field of a saddle coil
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4.5 Cost considerations

As mentioned earlier, the cost of the PMRI system is one very important factor
that makes it very attractive and worthwhile to pursue. The costs considered here
are hardware costs as procured from vendors. The costs reflected here constitute
only those materials that actually were used in constructing the PMRI system.
Software development and man-hour costs are not included. The cost of developing
soft ware to run the system is estimated at $28,000. It should however be noted
that this cost is high for the first unit. Once the software has been customized, its
costs for subsequent units will be very low. The total material costs for the PMRI

system is approximately $20,000 (Figure 4.17).

Item Unit Unit Unit cost UD|lItem cost USD
Single core copper wire Meters 1000 1.08 1080
power supplies pcs 3 2255 6765
Labview NI BNC Driver pcs 1 400 400
Bp switch pcs 1 600 &00
Gradient Amplifiers PCS 3 1000 3000
BNC connecting cables PCS 16 15.99 255.84
Shielding materials PCS 2 200 400
Litz wire Meters 500 1.34 670
I | Circuit components Pcs assorted 1 2000
Mechanical/carpentry work |- - - 3000
! |Total 131?1].34.

Figure 4.17. Material costs for the PMRI system

4.6 Other figures of the PMRI system
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Figure 4.18. 3D drawings of the PMRI system
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Figure 4.19. Fabrication of the PMRI system



Chapter

CHARACTERIZATION OF THE
PMRI SYSTEM

The PMRI system as constructed in chapter 4 is supposed to generate static,
pulsating and RF magnetic fields. Understanding the strengths, linearity and

homogeneity of these magnetic fields is the purpose of this chapter.

5.1 Mapping the magnetic field homogeneity

Magnetic field homogeneity is one of the most important parameters to consider
while constructing MRI magnets. Inhomogeneities in the magnetic field will cause
frequency shift artifacts causing inaccuracies in spatial encoding [41]. Inhomo-
geneities in the B, field also lead to signal loss as a result of rapid de-phasing of
spins within a voxel resulting in low signal to noise ratio (SNR) [80]. More so in
MRI imaging, the frequency of the RF magnetic field, normally referred to as B;
should match the Larmor frequency in order to obtain an effective flip angle. Inho-

mogeneities in the B,, magnetic field causes differences between the RF frequency
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and the Larmor frequency thereby affecting the flip angle. This may result in poor
signals due to poor timing of TR and TE which are related to the flip angles [12].

In constructing MRI magnets, the usable volume where the magnetic field
inhomogeneity is within permissible range is normally much less than the volume
covered by the magnet coils [81]. This range of permissible non-uniformity depends
on the strength of the static and gradient magnetic fields [41]. For ultra-low field
MRI, images have been acquired with magnetic inhomogeneities of up to 600ppm
in magnitude [54]. Magnetic field inhomogeneity u is reported as a deviation from

the mean or intended magnetic field B, normalized by the mean as

(5.1)

These deviations are normally small and are reported in parts per million (ppm)

71).

5.1.1 Materials and methods

There are several ways of mapping magnetic field inhomogeneities, some of which
can be very complex [71], [82], [83]. In our method, we take a more direct approach
of measuring the magnetic field across several planes within the volume of interest
(VOI) using a gauss meter.

The Gauss meter probe was positioned and manipulated inside the volume
using a 3-axis positioner fabricated in-house using aluminum and plastic parts
to avoid interfering with the magnetic field. The x, y, and z axes of the 3-axis
positioner were designed to be independently adjustable with precision of 2 mm.
The axes can be adjusted to cover dimensions of up to 50 ¢m in each direction

(Figure 5.1).
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/ AL Gaussmeter
Probe mount

Figure 5.1. a) 3-axis positioner used used for manipulating the Gauss probe. b) The
3-axis positioner mounted on the PMRI system.

The Lake Shore 475 DSP Gaussmeter was used to take the recordings. The
Gaussmeter has a sensor probe of 4.6 mm in diameter and 6.35 mm in length with
a measurement range of 3.5u7 to 35 T, and can take up to 100 readings per second
(84] .

The Lake Shore probe was mounted on the z-axis of the 3-axis positioner,
corresponding to the axis of the magnet. The system was arranged in such a way
that the (0,0,0) coordinate position on the 3-axis positioner corresponds to the
center of the magnet system. A current of 4.721 A was injected into the coils
using xantrex XDL 35-5 T DC Power Supply( www.ametek.com). The 4.721 A
was chosen so that the magnetic strength at the center of the magnet is 4 mT and
also to minimize coil heating. Coil temperatures were also monitored and recorded
throughout the duration of measurements. Changes in coil temperature can affect
the uniformity of the magnetic field. If temperature changes are not compensated

by adequate adjustments in the coil current, the magnetic field strength can change



83

by as much as 1000 ppm/K [21].

Measurements of magnetic field were taken at spatial intervals of 2 cm within
the volume of interest by precisely adjusting the 3-axis positioner. The volume
covered was 22 cm x 22 cm x 22 cm. The Gaussmeter used was connected to
the computer using a general purpose interface bus (GPIB) and measurements

recording using an in-house matlab code.

5.1.2 Results and discussion

Here we present the results of magnetic field measurements covering the region of
interest of 22 cm x 22 cm x 22 cm. Figure 5.2 shows the magnetic field map on
the XY-planes.

The magnetic field is fairly uniform within the region of interest with average
field strength of 4 mT. There is a slight departure from theoretical calculations in
terms of the absolute values of magnetic fields measured. Theoretical calculations
from equation 4.10 gives magnetic field of 0.8 mT/A and a current of 4.721 A
would give and average field strength of 3.78 mT. These could be attributed to the
imprecise positioning of coils as a result of hand winding. Kedzia et al. have shown
that even slight changes in positioning of coils can cause substantial distortions in
the homogeneities of the magnetic field [85]. Additionally, when winding coils by
hand, its is not possible to apply enough force and eliminate all kinks within the
coils. These kinks create current loops which distort the uniformity and strengths
of the magnetic field.

Results show that within the region of interest, the mean magnetic field is 4mT
with average inhomogeneities of 5000 ppm. It is recommended that to minimize its

effects, magnetic inhomogeneities should be less than the gradient magnetic field
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Figure 5.2. Magnetic field map of the Bm magnetic field. The scale is in ¢m and
the color map shows the magnetic field homogeneities in parts per million (ppm). a)
is field map of the xy plane at z=-1lcm from the center of the magnet and b) is the
magnetic field homogeneity closer to the center of the magnet, at z=1cm and. c) shoes
the magnetic field homogeneity at different xy planes along the z axis

strength per voxel or pixel [41]. For ultra low field MRI, image resolution of 2.5
mm x 3.5 mm have been shown to reveal considerable brain structure [55]. For
diagnosis of hydrocephalus therefore, a more coarse in-plane resolution of 3 mm x
3 mm is thought to be adequate.

Considering that our average magnetic field deviation from the mean field of 4
mT is 5000 ppm over and area of 22 ¢m x 22 c¢m, the frequency shift over a 3 mm x
3 mm pixel will be 12 Hz. Our gradient strengths have therefore to be greater that
12 Hz per pixel. Additionally since we are using resistive saddle coils as sensors,

these coils are not sensitive enough to pick up such minute frequency shifts. This is

because the signal detected by a resistive coil sensor is a function of its the resonant
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frequency [86]. This means that an additional 12 Hz on the resonant frequency

may not significantly change the magnitude of the signal detected.

5.2 Linearity of gradient magnetic fields

Gradient magnetic fields are responsible for spatial encoding of the acquired signal.
Image quality depends in part, on how accurately the signals are mapped onto
k-space. The Fourier Transform of the signal detected is a function of spatial
location which is assumed to be linearly varying with the gradient magnetic field
[32]. Departure from linearity will result in image distortion.

In this section we characterize the linearity of the x, y, and z-gradients and
compare the linear variation in magnetic fields to the field inhomogeneities the

Bm field.

5.2.1 Materials and methods

Similar to mapping the B,, magnetic field, the magnetic field strength generated
by gradient coils were measured using the Lake Shore 475 DSP Gaussmeter guided
by the 3-axis positioner.

Each gradient magnetic field was separately measured by connecting a partic-
ular coil to the power supply and disconnecting all other coils. A current of 2.5 A
was used for each gradient and measurements were taken at spatial intervals of 2
cm. Here we are more interested in the linearity of the gradient field rather than

the uniformity of the field.
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5.2.2 Results and discussion

Figure 5.3 shows the color map of the the y-gradient magnetic field on the xy
plane at Z=0. The contour lines are spaced 15uT" apart. We can see that the
contour lines are almost parallel to each other, an indication of the uniformity of
the gradient magnetic field. For the current of 2.5 A injected into the Y-gradient
coil, the gradient strength is found to be approximately 600 x7"/m. To put this
into perspective, this means that for a pixel size of 3 mm in the y-direction, this
corresponds to a frequency shift of approximately 77 Hz. This is much greater
than the frequency shift caused by the inhomogeneity in the Bm magnetic field.
This implies that changes is the magnitude of the signal detected will result from
the gradients rather than from inhomogeneities in the magnetic field. Therefore
the images acquired are less likely to be affected by these inhomogeneities. The
strength of the magnetic field gradient can be increased by increasing the amount
of current injected into the coils, further minimizing the effects of Bm inhomo-
geneities. However, signal processing algorithms can also be used to correct for
such frequency shifts since their values are known.

Similarly, the z-gradient magnetic field z-gradient field is 600 p7'/m giving a
frequency shift of 77 Hz per pixel and the X-gradient is 700 pT"/m translating into
a frequency shift of 89 Hz per pixel, both of which are greater than the 12 Hz
frequency shift provided by the inhomogeneities in the Bm magnetic field (Figure
5.4).
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Figure 5.3. Magnetic field color map showing the y-gradient. Contour lines are spaced

15 pT" apart
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5.3 Power requirement and coil heating of the
Bp coil

The specific absorption rate (SAR) is defined as the RF power deposited into
the sample being imaged over a period of time. This RF power translates into
increased temperatures in the sample or tissues and is quantified in watts per
kilogram (W/kg). The IEC 601-2-33 [87] specifies the safety SAR limits for MRI
as 4 W/kg for whole body average and up to to 10 W/kg for extremities over the
imaging period, usually six minutes. The SAR increases with frequency because
at higher frequencies, the wavelength of the electromagnetic (EM) wave is small
enough to interact significantly with tissues resulting into tissue absorption of the
wave energy.

Tissue heating also arises from eddy currents generated in the tissue by the
radio frequency magnetic field, B;. These eddy currents generate heat as resistive
losses due to tissue resistance. Since SAR is very much a product of electrical

heating, it is given as

E,|*>+|E,|?> + |E,|?

over the whole volume V, where o is the object conductivity,p is the object density,
and E is the RF electrical field [88]

Because of the dependency of SAR on frequency [89], tissue heating as a result
of eddy current induced in tissues from low field MRI systems are negligible since
these systems use relatively low frequencies compared to the conventional MRI [88].
There is however significant heating by conduction and convection as a result of coil

heating. At this level of magnetic fields, the challenge is to keep the imaging volume
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at room temperature. Coil temperature measurements are therefore necessary.
The rate of change of coil temperature due to power applied to the coils can be

estimated as

ar P
dt—mC’p

(5.3)

Where P the power dissipated by in the coils, m is the coil mass and C), is the
specific heat capacity of the coil, which is 385 J/(kg/°C) for copper [90].

Mass m of the conductor can be given by

m=pxV =pxAx L (5.4)

where p is the mass density, V' is the volume, A is the cross sectional area of the
conductor and L is its length.
We also know that electrical power P can be given by I?R, and resistance R

given by

(5.5)

where o is the conductivity of the material. Substituting equations 5.4, 5.5 and

the expressions for mass and power, equation 5.3 becomes,

ar 1 I,
o= pC’pac(Z) (5.6)

where p=8920 kg/m? and o =5.8 x 107.S/m for copper. This equation can predict
temperature rise within the coils to a good approximation for short durations of
time below 10 minutes [41].

This heat is transfered within the imaging volume and surrounding space by

convection. Monitoring temperature in the coil and in the imaging volume is
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therefore very important to make sure the temperature doesn’t rise beyond physi-

ologically acceptable levels.

5.3.1 Methodology

The Bp winding is the one that runs on high current and generates most of the
heat. The Bp coil is made of 10 AWG copper wire with diameter 2.58% mm and
cross sectional area 2.196 x 107° m?, length 1300 m and total resistance 4.3 €2

The coil was supplied with 10 A. Coil temperature was measured using a ther-
mocouple meter FLUKE 179 (www.newark.com) in intervals of one minute over a
period of 90 minutes. This time period was chosen because in some cases, we have
operated the system continuously for three hours in which case the Bp will be in
"on” state for up to one and a half hours. At the same time, the temperature at
the center of the imaging volume was monitored using a Gaussmeter temperature
probe (Lake Shore 475 DSP Gaussmeter).

Room temperature was first measured by setting both temperature probes on
a table in the center of the room for 25 minutes. Then both temperature probes
were strapped into their measurement positions (in the center of imaging volume
and in the center of coil) and left to settle for another 25 minutes before the coils

were energized.

5.3.2 Results and discussion

Room temperatures recorded using the Fluke 79 thermocouple was 24.7°C" and
25.7°C" using the Lake Shore 475 DSP Gaussmeter. We think that the difference
in the room temperature measurement is because of calibration differences in the

temperature meters.
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Results of measured temperatures within the imaging volume and coil are

shown in figure 5.5 below

80 - ™ — - R

*Coil Temperature
* Temperature in imaging volume

Measured temperature (°C)

Imaging window

Figure 5.5. The graph shows results of temperature rise within the Bp coil and imaging
volume over a period of 90 minutes

From the graphs, we can deduce that the temperature in the imaging volume
is relatively constant especially over the duration of imaging which is expected to
be within 30 minutes for human or animal anatomical imaging. The temperature
in the coil are seen to rise up to 80°. With increase in the magnetic field strength
and therefore power requirement of the system, air cooling might be required to

maintain the temperatures to physiological levels.
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5.4 Construction and testing of electromagnetic
radio frequency shield

Magnetic resonance imaging (MRI) is very sensitive to magnetic and electrical in-
terference (noise) which can greatly degrade the MRI signal. Conventional MRI
systems require special suites specifically constructed with materials to shield un-
wanted electromagnetic signals. The cost of constructing these special suites can
be as high as $3750 per square foot [91]. To minimize this cost, low field MRI sys-
tems are designed to operate in minimally shielded environments. The shielding
materials used in low field MRI have therefore to be inexpensive. For this purpose,
two types of radio frequency shields were fabricated out of aluminum and brass. To
test the shielding effectiveness, a known sinusoidal waveform was transmitted using
a radio frequency coil and the transmitted signal was detected using a partially
shielded un-tuned coil. The same signal was also detected using an un-shielded
coil. A comparison of the two signals showed that the signal amplitude dropped
significantly when the coil was partially shielded. Partial shielding was used in
order to mimic the real situation where access to the imaging volume has to be

allowed.

5.4.1 Theory

In electromagnetic waves, there are electric fields and magnetic fields. In electric
fields, it is possible to separate charges into positive and negative charges. For
example using Gauss law, it can be shown that the electric field inside an enclosed
conductive spherical volume is zero. This is because the charges enclosed within the

volume will induce opposite charges on the inside surface of the sphere and these
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induced charges will in-turn induce charges of opposite polarity on the outside
surface of the sphere. These charges generate electric fields which cancel each
other resulting in no net electric field [92]. This shows that it is possible to use
conductive materials to separate electric charges and therefore provide shielding.
In this case the conductivity of the material is important to provide free movement
of electrons making charge separation easier.

Magnetic fields on the other hand are a more difficult to shield. Magnetic
charges do not exist. Magnetic field lines run from north pole and will always loop
back to the south pole. It is therefore not possible to shield magnetic fields in the
way the electric fields are shielded. However, using materials with high permeabil-
ity, a conductive path can be selectively provided for magnetic fields to essentially
direct them away from the volume of interest. on the other hand, Faraday’s law ex-
plains the relation between magnetic and electric fields. Changing magnetic fields
will induce currents on a conductive surface and these currents in turn generate
magnetic fields in opposite direction [92]. Therefore thin conductive materials
with less permeability ;2 can also provide shielding for magnetic fields provided the
frequency of the magnetic field is high enough to generate eddy currents on the
surface of the material. This shielding increases with frequency.

The shielding effectiveness of a material needs therefore to be looked at sepa-
rately in terms of electric fields and magnetic fields. The distance from the source
generating electric or magnetic field is measured in terms of the wavelength A. If
the source of the field is less than %,the source is considered to be in the near
field, and in the far field otherwise. Within the near field, the source of the field
determines what field dominates. If the source is a dipole or monopole, the field
generated is electric field or high impedance field and if the source is a loop antenna,

it generates mainly magnetic field or low impedance field [93].
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If the source is however in the far field, electromagnetic waves travel as plane
waves and are mainly characterized by their wave impedance. The strengths of
the magnetic and electric fields both decrease with increase in distance at the far
field. As a result, plane waves are easily attenuated by any solid conducting metal
and material thickness becomes insignificant with increase in frequency [93]. At
high frequencies therefore, any enclosed material will be able to significantly shield
plane waves.

We can therefore say the shielding effectiveness of a material depends on the
type of the field, the energy of the field and conductivity and permeability of the
material. Shielding then results from reflection of incident RF energy from the
surface of the material and absorption of RF energy as the wave travels through
the material.

In our experiments, we make the following assumptions: 1. The shielding
material is a good conductor which is grounded. This provides a direct path to
the ground for any eddy currents generated on the surface of the material by the
magnetic field. This limits the ability of the material to shield magnetic fields as
the eddy currents will not be able to generate any opposing magnetic fields that
would cancel the fringe fields being shielded against.

2. The frequency of our operation is in the kHz range. The magnetic shielding
effectiveness, SFE, of the material is highly dependent on frequency. Lower fre-
quencies make it difficult for materials with low permeability to shield magnetic
fields.

3. The source of wave is very close to the shield and is considered to be in the
near field. The wave therefore is not fully developed into a plane wave.

With these assumptions, the shielding effectiveness SE of the material is then

given as [94]
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4
SE = 20log 4770 + 20loge™/? (5.7)
0

where 7, is the wave impedance of air and 7 is the wave impedance of the material,
x is the material thickness and ¢ is the skin depth of the material and can be
estimated as |n| = \/? where o and is the conductivity and p the permeability
of the material.

Equation 5.7 can be broken down into two parts as;

AbsorptionlossA(dB) = 20loge®™? (5.8)

and
ReflectionlossR(dB) = QOZOQZ—; (5.9)

5.4.2 Theoretical illustration of absorption and reflection
losses of aluminum and brass material used for EM
shielding

Using equations 5.8 and 5.9, we plot theoretical graphs for the shielding effective-
ness of aluminum and brass as a result of absorption and reflection losses. The
thickness for the aluminum and brass materials used was 0.8128 mm, the conduc-
tivity for aluminum was 3.69 x 107 Siemens and for brass was 1.59 x 107S Siemens.
Figure 5.6 shows the absorptive and reflective shielding effectiveness of alu-
minum and brass.
From the graphs we see that as the frequency increases, absorption loss in the

material reduces. This is because the wavelength of the becomes smaller and is able
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Graphical illustration of absorption loss in aluminum and brass as electromagnetic
wave is transmitted through the material
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Graphical illustration of the reflection loss in aluminum and brass as electromagnetic
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Figure 5.6. Absorption and reflection losses in aluminum and brass

to interact and penetrate the material with little attenuation. On the other hand,
the reflection losses increase because of the same reason. The smaller wavelength
allows the wave to bounce off the material many times increasing the probability
of reflection. The total shielding effectiveness is the sum of the absorption loss and

reflection loss.
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5.4.3 Fabrication of shields of the RF shields

Two shields where fabricated using aluminum 6061 and brass alloy which were
purchased from McMaster Carr (http://www.mcmaster.com/). The thickness of
both materials was 0.8128mm, length was 2.44m and width was 0.61m. Each
material was cut into two pieces of length 147.32cm and 96.52cm. Each of the
pieces was then rolled up end-to-end to form two cylinders of diameters 45.52cm

and 30.24cm as shown in figure 5.7

5.4.4 Experimental set-up to test the shielding effective-

ness of the shields

In the experimental set-up, a transmit coil was connected to a function generator
and located outside the MRI system, 0.5 m from the shield. The receiver coil was
connected to a spectrum analyzer and inserted inside the MRI system (Figure 5.8).
Sinusoidal waveforms at amplitudes of 2.5 mV peak-peak were generated using a
function generator and broadcast using the transmit coil. The receiver coil, acting
as receiver antenna detects the amplitude and frequency of the transmitted wave
and a spectrum analyzer is used to display these parameters. This was done when
the system was shielded using aluminum, brass and when the system was not
shielded. The sinusoidal signal was broadcast at different frequencies ranging from

50 kHz to 500 kHz and each time the amplitude of the signal was recorded.

5.4.5 Results and Discussion

Signal attenuation shows on the spectrum analyzer as a reduction in the detected
amplitude after shielding (Figure 5.9).

Figure 5.9 is a photo screen of the spectrum analyzer showing amplitude of
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Figure 5.7. Steps in the fabrication of shield

the wave detected before shielding and after shielding. It can be seen that the
transmitted wave is significantly attenuated by the shielding material.

Figure 5.10 shows the results measured using the spectrum analyzer for the
shield effectiveness of aluminum and brass

As predicted in the theory, we see that at low frequencies, the wavelength is so
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Figure 5.8. Experimental set-up

large that the probability of the wave being incident on the surface of the shield
is low. The absorptive and reflective losses are therefore very low. However as
frequency increases, the wave can interact with the shielding material and the
shielding effectiveness is seen to increase. This is shown in the graphs by the
decrease in the amplitude of the signal detected. At higher frequencies, shielding
is mostly as a result of reflection rather than both reflection and absorption. The
shielding effectiveness os the materials, especially brass in this case is seen to reduce
at frequencies beyond 400 kHz.

From the graph, it can be inferred that aluminum is a better shielding mate-
rial than brass. This could be because of its higher electrical conductivity which
contributes to absorption losses. For our frequency of operation which is between

120 kHz and 300 kHz, either material can be used as RF shield.
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Figure 5.9. Photograph showing attenuated signal

The amplitude of background signal recorded was -80 dB. The Military Stan-
dard Handbook 419A suggests that shielding effectiveness of up to 80 dB is ade-

quate enough for most applications [95].
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Direct measurement of shielding effectiveness
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Figure 5.10. Experimental results of shield effectiveness
5.5 Imaging experiments

To image using the PMRI system, the spin echo pulse sequence was used and the
following procedure was followed:

a) An appropriate capacitor is connected in parallel with the receiver coil to
get a resonant circuit. With the sample in position, the Labview tuning program
is then operated to determine the resonant frequency of the receiver circuit. Ca-
pacitors are added or removed until the required resonant frequency is achieved.

b) The strength of the Bm field depends on the amount of current that is

injected into the Bm coil. This current can easily be manipulated. After tuning
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the receiver coil, the current in the Bm coil is therefore adjusted to attain the
magnetic field strength that matches the Lamor frequency.

c¢) The Bp coil is then turned on for a specified period of time, (usually between
1 to 3.5 8) before it is switched off. The Bp and Bo magnetic fields are ensured to
be in the same direction.

d) The /2 and 7 pulses are applied. Since 7/2 is applied after Bp has been
turned off, some delay time is required between turning off Bp and applying the
7/2 pulse. This delay time should be long enough to minimize the effects of mutual
inductance from the Bp coil (Figure 5.11).

e) After application of the 7 pulse, an echo of the free induction decay signal

is formed at a time TE (Figure 5.11).

200ms delay time

0.05-
0.04-
0.03-
0.02-

90 degree pulse 180 degree pulse

Figure 5.11. Screen shot showing RF pulses and echo. The 90 degree RF pulse is
applied after a delay time to reduce the effects of mutual inductance as a result of the
Bp field.

In our experiments, images of vegetables and plastic water tubes were acquired

at 113 kHz. This frequency was chosen partly because for some reason, other
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frequencies were so noisy. Scanning a range of frequencies for the echo signal
showed that the frequencies within the range of 112 kHz to 115 kHz produced the
highest signal (echo) amplitude.

The first image was that of a bell pepper (Figure 5.12). Imaging parameters
used include: Bp field strength 25 mT, repetition time TR 3.35 s, echo time TE 45
ms, number of averages 4, echo delay time 220 ms, and imaging time 8 minutes.
The receiver coil used was a saddle coil with diameter of 20 cm. Only one slice
of the image was acquired with a slice thickness of 30 mm. This is determined by
the strength of the slice selection gradient of 700 p7'/m and the bandwidth of the
RF pulse of 8.9 kHz. Acquiring a large slice allows us to get more signal from the
sample.

From the image acquired, the internal structures of the bell pepper are visi-
ble. The bell pepper imaged had a diameter of about 8 cm. This covers a small
percentage of the usable volume of the receiver coil.

With the same saddle coil of 20 ¢m in diameter, larger phantoms were used to
approximate dimensions of the human head.

One of the phantoms consisted of small water tubes each 1 cm in diameter and
2.5 cm in length. The tubes were arranged in an array to form a phantom 13 cm
x 16 cm (Figure 5.13).

From the image of water tubes, the tubes at the center are more clear than
the ones at the ends. This could be attributed to the non-uniformities in the
RF magnetic field and the the linear distortions of the gradient magnetic fields.
Looking at the x-gradient magnetic field in figure 5.4, we see that the contour lines
are straight at the center (about 10 cm) and starte to diverge to wards the end of
the scale. This can be see in the image of the water tube phantom (Figure 5.13)

as the images of the center tubes are more clearer and the signal fades off at the
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Figure 5.12. Image of green pepper acquired when the system was shielded using alu-
minum. Imaging parameters are: repetition time 3.35 s, number of averages 4, frequency
113 kHz, pre-pulse field 25 mT, imaging time 8 minutes, slice thickness 20 cm, in-plane
resolution 3 mm x 3 mm

outer tubes. Non-uniformities in the RF magnetic fields can also show in an image
in which case the stronger field at the center will be able to tip the spins by 90
degrees yet the ones at the ends are tipped less than 90 degrees. This implies that
the there is less signal coming from the side tubes compared to the center tubes.
Similarly, an image of water melon was also acquired. The number of averages
in this case was 10. To create contrast, we cut the water melon in half, removed

a portion of the inside 'flesh” and replaced it with a water filled balloon (Figure
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3cm

Figure 5.13. Image of water tubes acquired at 113 kHz in 19.5 minutes

5.13). The water melon was 17 cm in diameter. In-plane resolution is 5 mm x 3 mm
and slice thickness is 20 mm. The images can clearly show the air gap between
the water balloon and the edges of the water melon. These images show that
this PMRI system could be improved to perform brain imaging of hydrocephalic
children.
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5cm

Figure 5.14. Image of water melon acquired at 113 kHz in 19.5 minutes. The original
image is shown on the left. The image on the right was processed using a basic matlab
Gaussian filter with a standard deviation of 2



Chapter

CONCLUSIONS AND
RECOMMENDATIONS

The images acquired show functionality of the PMRI system designed here. The
fact that the system was assembled by hand using discrete electronic components
shows its modular construction which make it easy to replicate and scale in devel-
oping countries. The system was operated at a Bm of 2.66 mT and a Bp of 27 mT
with a combined power utilization of 550 W. This shows the low power requirement
of the system making it suitable for use in developing countries. Furthermore, the
flexible and inexpensive aluminum shield used makes this system usable in almost
any environment. In-plane resolution 3 mm x 3 mm is adequate for treatment deci-
sions in hydrocephalic cases where interest is to distinguish between cerebrospinal
fluid (CSF) and other brain tissue.

The rest of this chapter describes the next phase of this project. The low field
MRI is meant for applications in low and middle income countries. This chapter

therefore describes in brief, the steps being taken to fulfill that purpose.
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6.1 The Biomedical Engineering program
at Mbarara University of Science and
Technology-Uganda

Mbarara University of Science and Technology (MUST) (www.must.ac.ug) is one
of the seven public universities in Uganda (www.unche.or.ug). I have been a staff
of MUST since 2007 and one of the programs we looked to develop was a bach-
elors degree program in biomedical engineering to help minimize the problem of
lack of biomedical engineers and technicians in Uganda and Africa as a whole [96].
Collaborations with Dr. Steven J Schiff to develop the curriculum for the biomed-
ical engineering program started in 2010. Coming to Penn State accelerated that
collaboration and enabled us to finalize the curriculum by the end of 2015. MUST
has had this curriculum approved by the Ugandan National Council for higher
education ((www.unche.or.ug)) and in January 2016, the first cohort of biomedical
engineering students were admitted into a four year bachelors program.

The curriculum was designed with the idea of medical equipment maintenance
in mind and includes hospital practice and equipment repair training right from
the first year. The courses that make up the curriculum are given in appendix
A. Implementation of this curriculum is currently underway and I will be joining
MUST as faculty in May 2017 to help with the implementation of the biomedical
engineering program. Research on the ultra-low field MRI technology will therefore

find a home at MUST.
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6.2 Continuation of the project in Uganda

The local site for the PMRI technology will be Mbarara University of Science
and Technology. MUST will be developed into a technical site for this PMRI
technology. Laboratory space measuring 27 square meters has already been secured
in the basement of one of the buildings.

To further the development of this technology, a number of collaborations are
being sought. One of the major aspects is the development of the control system
and pulse sequence that is not based on Labview, which we currently use. As
such, we have collaborated with pure devices GmbH (www.pure-devices.com) in
Germany to develop a control system based on MATLab. This program will be
easily adaptable in Uganda since MUST already runs a MATLab license. This
control system will be tested at Penn State using our current system and there
after shipped to Uganda after the rest of the system has been assembled.

Plans are under way to have the coils wound and the accompanying electronic
components constructed. Students of Biomedical engineering at MUST will be in-
volved in different aspects of this project. Collaborations are also being sought be-
tween MUST, Penn State, University of Delf in the Netherlands, Boston Children’s
hospital and Cure children’s hospital in Uganda to move these project forward.

Among some of the aspects to be tackled in order to move the ultra-low field
PMRI technology towards clinical applications are increasing the strength of the
Bm and Bp magnetic fields, construction of optimized adult head sized transmitter
and receiver coils with help from world renown experts such as Andrew Web from
Leidel in the Netherlands, and improvements in the control system as already
mentioned above. Super resolution software algorithms will also be used to post-

process the images.
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6.3 Increasing B, and B,, magnetic field
strengths

The current system operates at frequencies between 100 kHz and 250 kHz. A new
system will be built to operate at frequency of up to 1 MHz. The SNR for PMRI
system is directly proportional to the product of the Bm and Bp field and can be
written as [39]

SNR ~ BBy

(6.1)

C1BE + Cy 32,
where (] and C5 are constants for the coil noise and sample noise respectively.
Given the relation between Bm and Lamor frequency as in equation 1.2, at high
frequencies, sample noise CyB?% dominates coil noise ClBé1 and SNR becomes
proportional and dependent on only Bp. It has been shown that the system adopts
this behavior at frequencies greater than 1 MHz [39], that is why the second system
to be built will operate at frequency of at least 1 MHz.

Power considerations may limit the Bp field to not more than 200 mT. From
our calculations, a 200 mT coil with a bore size of 30 ¢cm using copper wire of
gage 10 AWG would weigh about 130 kg, have a resistance of 10 Ohms with power
requirement of 2250 Watts at 15 A. This can be achievable and will require air
cooling. Fans will be mounted onto the system to blow air through it in order to
ensure safe imaging. Water cooling is also being considered in case air cooling is

insufficient.
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6.4 Radio frequency shielding

MRI systems are very sensitive to electromagnetic interference. We have briefly
explored the possibility of shielding low field MRI system using aluminum and
brass as described in chapter five. We will however explore the use of aluminum
for shielding the whole room where the system will be stationed. Aluminum is
ubiquitous in Uganda and this option should be inexpensive. One other inexpensive
material that will be explored for shielding is steel.One of the major deterrent in
using steel for shielding PMRI systems is because of the pulsating Bp magnetic
field. Being a ferromagnetic material, steel retains magnetization long enough that
it may become a source of magnetic field inhomogeneity.

However, steel is a good shielding material for low field MRI systems without
Bp and it also has the added advantage of boosting the magnetic field within the
volume of interest [54]. In the COMSOL simulation in figure 6.1 below, we show
that the magnetic field can be boosted by using a steel shield. In this simulation,
the magnetic field is generated by the Lee-Whiting four coil system with diameter
of 45 cm, 598 total number of turns. The current passing through the coils was
1 A. We see that the magnetic field can be boosted by as much as 25% by the
introduction of a steel shield around the the coils. The shield was designed with a
diameter of 47 ¢cm and thickness of 1 cm.

We also demonstrate that by enclosing one end of the cylinder by iron shield,
a standing gradient can be generated along the z-axis. This could act as the z-
gradient. Using the same parameters used in boosting the field, a gradient of 5
mT /m could be achieved by injecting a current of 5 A into the coils (Figure 6.2).

Exploring this method of shielding could have the benefit of reducing power

requirement for low field MRI systems and therefore reducing level of cooling re-



112

Line Graph: Magnetic flux density norm (mT) Line Graph: Magnetic flux density norm (mT)

o
= 096 E 077
E owm N
E om E o
2 2 074
> 0.9 > om
2 088 2 072
3 o086 3 o071
3 o84 5 o7
= =
§ o= § o
[ 1 .
< 0.8 5 067
S o078 £ 066

0.76 0.65

0.74 0.64

20 -10 0 10 20 20 -10 0 10 20
y-coordinate (cm) y-coordinate (cm)

Figure 6.1. The graph on the left shows the magnetic field along the y-axis of a cylinder
when the system is shielded using structural steel. On the right is the same magnetic
field without the shield

quired.
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Line Graph: Magnetic flux density norm (mT)
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Figure 6.2. A standing gradient a long the z-axis created using structural steel shield

6.5 Clinical trial phase

After the system has been constructed, tested and approved, we will go into the
clinical trial phase of the project and this will be at Cure Children’s hospital in

Mbale, Uganda. Cure Hospital specializes in the treatment of hydrocephalus and
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Dr Steven J Schiff, who is the advisor in this project already leading a study to

investigate the causes of hydrocephalus at this site.



Appendix

The biomedical engineering

curriculum for MUST

A.1 Introduction and Justification

This section us lifted from our curriculum document.

”Statistics about medical equipment usage and maintenance in developing
countries is scanty but some estimates indicate that up to 70% of laboratory and
other medical related equipment in developing countries are defective [4]. The
proportion of this unusable equipment is even higher in countries where biomed-
ical engineering has not been fully integrated into the health sector. There is a
major problem of inadequate maintenance capability; lack of appropriate human
resource to design, develop, and manage medical equipment in less developed coun-
tries. Such scenarios make it impossible to run an effective maintenance services
even if other deficiencies were removed. The initiative to develop a curriculum
for biomedical engineering is therefore a realistic intervention to provide a last-

ing solution to these problems experienced in less developed countries, Uganda
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inclusive.

Many developing countries are dependent on donor assistance to meet the
equipment needs of their health care systems. The donations sometimes do not
meet their intended objectives; in most cases the technologies are obsolete and
therefore the spare parts are not readily available. In addition, due to inadequate
maintenance routines, the donated equipment frequently break down and foreign
experts are often sourced at high costs to offer maintenance and simple repair ser-
vices. Therefore, creation and development of human resource through training
will provide the best option to alleviate these problems.

Between 2000 and 2002, the Uganda Health Sector Support Program, Phase
I funded by DANIDA targeted the creation of medical equipment maintenance
system by establishing regional equipment workshops well positioned to attend to
maintenance and repair of medical equipment throughout Uganda [97]. According
to [97], the support was not sustainable unless a more dependable method of fund-
ing (especially training of technical personnel) the regional equipment workshops
is identified. This scenario has clearly underpinned the importance of first address-
ing the issue of developing appropriate human resource as the regional workshops
that were initially created under the program are currently non-operational.

In addition, The Health Sector Strategic Plan (HSSP) III also lays out national
plans of training biomedical engineering professionals [98]. However, this initia-
tive can only be operationalized if higher institutions of learning establish training
programs in this field. Furthermore, Biomedical Engineering being a fast growing
field, has made most medical services become progressively more technology-based.
Therefore, the creation of this program at Mbarara University of Science and Tech-
nology will offer a rare training opportunity for Uganda to develop the human re-

sources required to meet the ever increasing demand for technology-based services.
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Besides, the program will provide a rear opportunity for innovators to design, build,
and possibly achieve commercial production of new products in terms of biomed-
ical equipment. A cursory consideration of the current application of biomedical
engineering and technologies in the Ugandas health sector show a gloomy picture.
A performance survey of 69 major biomedical equipment at Mbarara Regional
Referral Hospital was carried out to assess the proportion of functional medical
equipment in the hospital. Out of the 69 equipment tested, 37.7% were operational
but at reduced efficiencies. Some typical examples include: The oxygen concen-
trators, which are meant to give an output of between 94% - 100% pure oxygen
were found to give oxygen outputs of below 60%. The ventilators located in the
intensive care unit (ICU) were found to be using a 40 kg oxygen cylinder in less
than three hours yet an efficient ventilator can continuously use a 40 kg oxygen
cylinder for up to 24 hours. These situations arise due to lack of the relevant per-
sonnel to ensure routine maintenance and servicing of the equipment to maintain
the desired performance.

The equipment operation and maintenance can be effectively achieved by refer-
ring to the user and service manuals. During this survey, only 3 user manuals were
available, representing 4.3%. This implies that most of the equipment are either
received without user manuals or due to lack of clear equipment management sys-
tem in MRRH and the lack relevant personnel, the manuals probably get displaced
or are completely lost. This presents an intricate problem in case of equipment

failure or malfunction ”.
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A.2 Course content

The biomedical engineering curriculum details a four year bachelors program of-
fered at MUST. The acronyms mean:

CU = Credit Unites

LH = Lecture Hours

PH = Practical Hours

CH = Contact Hours



First year Semester 1

119

Code Name CU |LH PH CH
BME 1101 | Engineering Mathematics I 4 45 - 45
BME 1102 | Basic  Electrical &  Electronics | 4 40 20 45
Engineering
BCE 1104 | Introduction to Computing 3 30 20 35
BME 1103 | Applied Chemistry 3 30 20 35
BME 1104 | Applied Physics I 3 30 20 35
COM 1101 | Communication Skills 3 30 - 30
DVS 1101 | Development Studies 3 30 - 30
BME 1105 | Workshop Practice 1 5 20 100 20
TOTALS 28
First year Semester 2
Code Name CU |LH PH CH
BME 1201 | Engineering Mathematics IT 4 45 - 45
BME 1202 | Engineering Drawing 4 30 30 45
CSC 1205 Introduction to Computer Programming | 3 30 - 30
-C
BME 1203 | Biochemistry 3 30 20 35
BME 1204 | Applied Physics II 3 30 20 35
BBA 1209 Entrepreneur Development & Business | 3 30 - 30
Ethics
BME 1205 Engineering Mechanics 4 45 - 45
BME 1206 | Workshop Practice II/Recess 5 20 100 20
Total 29

Figure A.1. Course content for Year 1



Second year Semester 1

120

Code Name CU |LH PH CH
BME 2101 | Electronic Circuits 4 45 20 45
BME 2102 | Electrical  Network  Analysis & |4 30 30 60
Synthesis
BME 2103 | Engineering Mathematics III 4 40 - 40
BME 2104 | Human Anatomy & Physiology 4 40 20 60
BME 2105 | Biomaterials 4 40 20 60
BME 2106 | Database management systems 3 40 20 60
Total 23
Second year Semester 2

Code Name CU LH PH CH
BME 2201 Engineering Mathematics IV 3 30 - 30
BME 2202 Circuit Analysis & Design 4 45 20 45
BME 2203 Transducers in Biomedical Instrumentation | 4 45 30 60
BME 2204 Electronic Instruments 4 45 30 45
BME 2205 Biomechanics, Prosthetic & Orthotics 4 45 30 45
BME 2206 Logic Circuits 3 30 20 60
BME 2301 Industrial Training 5 20 100 50
Total 27

Figure A.2. Course content for Year 2



Third year Semester 1

121

Code Name CU LH PH CH
BME 3101 Microprocessors 4 30 30 45
BME 3102 Analogue and Digital Communication 4 45 - 45
BME 3103 Biomedical Instrumentation I 4 30 30 30
BME 3104 Design of Analogue Circuits 4 30 30 45
BME 3105 Signals and Systems 3 30 - 30
BME 3106 Computer-aided design 4 30 20 30
Electives
CSC 3101 Software Engineering 3 30 20 45
BIT 3105 Mobile Networks & Computing 3 30 20 45
Total 29
Third year Semester 2
Code Name CU LH PH CH
BME 3201 Embedded Systems Design 3 30 - 30
BME 3202 Medical Imaging I 4 40 20 40
BME 3203 Biomedical Instrumentation II 4 30 20 45
BME 3204 Biostatistics 3 30 - 30
BME 3205 Digital Signal Processing for Biomedical | 3 30 - 30
Applications
BME 3207 Group Project 4 15 40 30
BME 3301 Industrial Training 5
Electives

BME 3204 Biological Modeling and Simulations 3 30 30 30
BIT 3207 Database Programming 3 30 20 45
Total 32

Figure A.3. Course content for Year 3



122

Fourth year Semester 1
Code Name CU |LH PH CH
BME 4101 | Medical Imaging IT 4 45 20 50
EEE 4102 | Research Methods 3 30 - 30
BME 4103 | Biomedical Instrumentation III 4 45 20 50
BME 4301 | Final year project 5 15 60 30
Electives
BME 4104 | Basics of Very Large Scale Integration (VLSI) | 3 45 - 45
BME 4105 | Networking and Information Systems in | 4 45 20 50
Medicine
BME 4106 | Blomedical Signal and Image 3 45 20 45
Processing
Total 26
Fourth year Semester 2
Code Name CU LH PH CH
BME 4201 | Nuclear Medicine 4 45 - 45
BME 4202 | Hospital Management 4 45 - 45
BME 4203 | Installation, = Maintenance  and | 4 45 20 50
Servicing
BME 4301 | Final Year Project 5 15 60 30
Electives
BME 4204 | Biomedical Microsystems
BME 4205 | Robotics in Medicine 3 45 20 50
BME 4206 | Infection Control 3 45 20 50
Total 23

Figure A.4. Course content for Year 4
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