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Abstract

Magnetic Resonance Imaging (MRI) is an indispensable, non-invasive diagnostic tool
for the assessment of disease and function. As an investigational device, MRI has found routine

use in both basic science research and medicine for both human and non-human subjects.

Due to the potential increase in spatial resolution, signal-to-noise ratio (SNR), and the
ability to exploit novel tissue contrasts, the main magnetic field strength of human MRI
scanners has steadily increased since inception. Beginning in the early 1980’s, 0.15 T human
MRI scanners have steadily risen in main magnetic field strength with ultra-high field (UHF)
8 T MRI systems deemed to be insignificant risk by the FDA (as of 2016). However, at UHF
the interaction of electromagnetic fields with nuclei in human tissue assume ‘wave-like’
behaviour due to an increase in the precessional frequency of nuclei at UHF. At these
frequencies, the electromagnetic interactions transition from purely near-field interactions to a
mixture of near- and far-field mechanisms. Due to this, the transmission field at UHF can
produce areas of localized power deposition — leading to tissue heating — as well as
transmission-field weighting in the reconstructed images. Correcting for these difficulties is
typically achieved via multi-channel radio-frequency (RF) arrays. This technology allows
multiple transmitting elements to synthesize a more uniform field that can selectively minimize
areas of local power deposition and remove transmission field weighting from the final
reconstructed image. This thesis provides several advancements in the design and construction

of these arrays.

First, in Chapter 2 a general framework for modeling the electromagnetic interactions
occurring inside an RF array is adopted from multiply-coupled waveguide filters and applied
to a subset of decoupling problems encountered when constructing RF arrays. It is
demonstrated that using classic filter synthesis, RF arrays of arbitrary size and geometry can

be decoupled via coupling matrix synthesis.

Secondly, in Chapters 3 and 4 this framework is extended for designing distributed
filters for simple decoupling of RF arrays and removing the iterative tuning portion of utilizing

decoupling circuits when constructing RF arrays.



Lastly, in Chapter 5 the coupling matrix synthesis framework is applied to the
construction of a conformal transmit/receive RF array that is shape-optimized to minimize

power deposition in the human head during any routine MRI examination.

Among the numerous advancements presented throughout Chapters 2 — 5, several
fundamental conclusions can be drawn. As seen in Chapter 2, it is possible to derive a physical
model that generalizes the equivalent circuit interactions between MRI RF array elements. The
application of this physical model allows for the construction of decoupling circuits for an
arbitrary number and arrangement RF array elements. This is the first demonstration of a
general circuit formulism for eliminating mutual coupling in arbitrary RF arrangements.
Following from this new approach to RF array design, distributed element filters were
synthesized for the first time to decouple RF array elements, as outlined in Chapters 3 and 4.
The application of distributed element filters demonstrated a single-layer printed circuit board
method for eliminating interactions between array elements without using external decoupling
circuits with tunable components, or element overlap — when applicable for loop-based
elements. The level of isolation achieved between array elements was comparably better than
conventional methods and provided a more flexible means by which RF arrays could be
constructed. Extending the general circuit formulism even further, this thesis demonstrated the
first effective application of a dipole array decoupling method. Due to the restrictions removed
via the general decoupling methodology, dipole array elements were actively shape-optimized
via an evolutionary computer algorithm and implemented with a decoupling circuit calculated
by the general decoupling formulism. It was demonstrated in Chapter 5 that the process of
shape optimizing dipole conductor paths is a powerful method for passive SAR reduction. This
was achieved, for the first time, via the intelligent manipulation of non-uniformly meandered
dipole conductor paths that resulted in electric field nulling across the sample. The general
decoupling method, distributed filters and shape-optimized dipole arrays presented in this
thesis form a complementary series of novel engineering tools for the design and construction
of UHF MRI RF arrays.

Keywords

Magnetic resonance imaging (MRI), radio-frequency coils, radio-frequency arrays,
biomedical engineering, MRI physics, MRI engineering
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Preface

Magnetic resonance imaging (MRI) is a versatile tool for equal use in diagnostic
radiology as well as basic science research. The soft tissue contrast achieved with MRI, in
conjunction with the ability to image without the use of ionizing radiation, presents MRI as an
ideal choice for radiological imaging of human anatomy, as an observational device and as a
pre-surgical planning tool. Due to the complex contrast mechanisms available to the user in an
MRI experiment, it is possible to non-invasively probe many areas in the human body as well
as utilize a variety of methods for constructing images of various human and non-human

imaging subjects.

The methodology and design behind MRI scanners is a multifaceted topic. This thesis
concentrates on a particular component of the MRI scanner — the radio-frequency (RF) coil.
The area of particular focus of this thesis is on ultra-high field (UHF) MRI and the engineering
of multi-channel RF coils typically employed at these field strengths.

This field of MRl is colloquially known as ‘RF engineering’ and blends several aspects
of electrical and biomedical engineering into the composite electromagnetic environment of
an MRI scanner. Due to this, the basic physics required for understanding the operation of RF
coils does not rely on an in-depth discussion of MRI physics. Rather, concepts related to
microwave engineering and electromagnetics provide many of the physical basis upon which
experts construct RF coils. Therefore, for the sake of readability the introduction does not
provide an in-depth overview of MRI physics and the current state-of-the art MR applications.
For a more extensive overview of basic MRI principals and applications, the author found the
following textbooks very insightful during the writing of this thesis:

1. “Magnetic Resonance Imaging: Physical Principles and Sequence Design”, 1999. E.
Mark Haacke, Robert W. Brown, Michael R. Thompson and Ramesh Venkatesan.

2. “Principles of Magnetic Resonance Imaging”, 1999. Zhi-Pei Liang, Paul C. Lauterbur.

3. “RF Coils for MRI”, 2012. J. Thomas Vaughan, John R. Griffiths.
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Chapter 1

Objectives

Magnetic resonance imaging (MRI) is performed via a complex system of
electromagnets and radio-frequency antennae. The magnetic fields produced by the system
of electromagnets and antennae allow the system to non-invasively probe the structure and
dynamics of human, biological systems. This thesis presents advancements on the design
of novel antennae that produce radio-frequency magnetic fields which interact with nuclei
located within the human body. It is demonstrated that for a subset of the design challenges
associated with constructing these antennae, increases in antennae performance directly
result in increased patient safety during any given MRI examination and improvements in
image quality. The following chapter will introduce many of the topics required for
understanding the role of radio-frequency magnetic fields in MRI and the methods by
which state-of-the-art antennae are designed.

MRI Background

MRI is a non-invasive diagnostic tool routinely employed for the assessment of
human anatomy and function. Additionally, it is an indispensible tool for basic science and

medical research.

MRI utilizes the phenomenon of nuclear magnetic resonance (NMR), in concert
with specialized imaging hardware, to reconstruct images associated with nuclei
possessing a non-zero spin angular momentum. Non-zero spin angular momentum is a
guantum mechanical property obtained by nuclei that have an odd number of protons
and/or an odd number of neutrons. This property is responsible for producing a quantized
magnetic moment that will respond to externally applied magnetic fields and results in
energy level splitting between different spin states. In a clinical setting, the typical nuclear
spin of interest is hydrogen, *H, a spin-1/2 particle. In large part, this is due to two factors:
(2) the relatively high abundance of hydrogen in biological tissue, and (2) the high value
of the magnetic moment. Therefore, nuclear spins — or magnetic moments — for the purpose

of this thesis will refer to hydrogen protons with a + 1/2 spin.



In the absence of an external magnetic field, nuclear spins will possess random
orientations with respect to one-another. In this state, the net magnetization (summation of
all magnetization vectors located in a volume) will be zero. However, in the presence of an
externally applied magnetic field, individual magnetic moments will have a tendency to
align with or against the external field. This results in a small net magnetization vector that
aligns along the direction of the applied field. Therefore, to generate a detectable signal
from a collection of nuclear spins in a volume, MRI relies upon the fact that large quantities
of magnetic moments are utilized during an acquisition. Fortunately, there is a large
abundance of hydrogen in human tissue, and this gives rise to an externally detectable
signal. In combination with other physical interactions between applied magnetic fields
and nuclei, the abundance of hydrogen nuclei in the human body allows MRI to reconstruct
images demonstrating exquisite soft tissue contrast.

To perform MRI, three externally applied magnetic fields are utilized to manipulate
the magnetic moments and reconstruct an image: (1) the static main field, referred to as
‘Bo’, that produces the aligned net magnetization, (2) the gradient fields that are responsible
for spatial encoding of the image, and (3) the radio-frequency (RF), or B: fields, that are

responsible for signal excitation and reception.

By definition, the static B, field is uniform along the z-axis of the MRI scanner. In
this orientation, the proton nuclear magnetic moments exhibit discretized energy values for
the two spin states. These states are commonly referred to as spin-up and down, or as
parallel and anti-parallel. Each of these spin states have characteristic potential energies.
Mathematically, these energies are proportional to their gyromagnetic ratios, the reduced

Planck’s constant and the external magnetic flux density:
1
E=+ EyhBo (1.1

where the +

N |-

term refers to the spin state of the magnetic moment. During this

discretization of spin states, there is a tendency for the higher energy state spins to drive

towards a lower energy state. However, this degeneracy in spin states is offset by the



intrinsic thermal energy in the system. This surplus in spin population in the ground state
is described with the Boltzmann distribution:
-AE

AN = eksT (1.2)
where kg is the Boltzmann constant, T is the temperature of the system, and AE' = hAw,, IS
the energy difference between spin states Due to the population excess described from
(1.2), when summed over the population of spins in a sample, the vector-wise addition of
magnetic moments leads to the net magnetization of the sample. In thermal equilibrium,

the net magnetization M, that is the source of the MRI signal, can be defined as:

_py*h’B,

0 4kT (1.3)

where p is the proton density, y is the gyromagnetic ratio (42.57 MHz/T for Hydrogen), h
is the reduced Planck’s constant, B, is the external magnetic flux density, k is Boltzmann’s

constant, and T is the temperature.

The classical physics model used to describe the MRI experiment relies on
manipulating the net magnetization M, vector and describes the dynamics of spin systems
at a level required for performing the experiments. This is done even though it is understood
that the physics of nuclear magnetic resonance (NMR) is fundamentally a quantum

mechanical phenomenon.

In the classical vector model, at equilibrium when located inside the MRI
scanner, M, is aligned parallel to the B,-field located along the z-axis. This direction
defines the longitudinal axis and is normal to the transverse (x-y) plane. As will be
elaborated upon in section 1.1, it is possible to excite M, out of alignment with the z-axis

and M, will precess B, at the Larmour frequency:

w, =YB, (1.4)



At the main field strength of 7 Tesla, this equates to 300 MHz for hydrogen nuclei. Once,
‘tipped’ off-axis, the transverse component of the M, (projection of M, on the x-y plane)

generates detectable signal.

In the classical NMR framework, excitation is the process by which spins, collected
into vector M, from equation (1.3), are tipped off-axis through the application of radio-

frequency (RF) energy. Excitation is required to acquire signal for imaging.

Spin excitation is attained by application of a time-varying RF magnetic field, B1*,
at the Larmor frequency as defined in equation (1.4). The time-varying RF field is achieved
through the application of a short, amplitude and/or phase modulated waveform and is
typically referred to as an ‘RF pulse’. After the application of an RF pulse, M, experiences
a rotation, with a component present in the transverse plane. The angle at which M, is
rotated away from the z-axis is defined as the ‘flip angle’ or ‘nutation angle’. In terms of

the RF pulse shape and duration, the flip angle is defined as:

9 = yfTBl(t)dt (1.5)
0

where y is the gyromagnetic ratio and B, (t) is the RF pulse as a function of time. From
equation (1.5) it is apparent that either increasing the pulse amplitude or duration will result
in a larger tip angle and that an RF pulse can be generated with a time-varying envelope.
The application of an RF pulse can occur anywhere in the x-y plane. The phase of the RF
pulse will determine about which axis M, is rotated towards the transverse plane. For
example, following a 90-degree flip angle about the x-axis, M, is completely rotated away
from the z-axis and lies in the transverse plane, aligned along the y-axis. Once the
excitation is complete, M, precesses freely about the z-axis with the principal component
of M, rotating in the transverse plane. Once the Mo, component is freely precessing, two
forms of macroscopic relaxation occur post excitation: (1) spin-lattice relaxation and (2)
spin-spin relaxation. Spin-lattice relaxation characterizes the spin systems drive back to
thermal equilibrium and can be quantitatively measured in terms of signal evolution over
time. This process causes a regrowth of the M, vector along the z-axis and is defined by

the time constant T1. Spin-spin lattice relaxation describes the local interaction between an



ensemble of spins that produce the vector sum M,. Once precessing post-excitation,
individual spins will experience micro- or nano-scale magnetic field inhomogeneities and
the phase difference between individual spins with respect to one another will accumulate.
This phase difference causes signal loss over time as incoherence between individual spins
rotating in the transverse plane results in vector subtraction. Time constant T> quantifies

spin-spin relaxation.

Including relaxation, the mechanics of excitation and relaxation are described in

terms of the Bloch equations, which can be written in matrix form:

) 1 .
- yB,—w 0
5 M & . m] [0
i M;, =|-yB, + w —T—2 yB; Mjl, + M, (1.6)
M, 1 M, T,
|0 -vBi —7|

The MRI component responsible for exciting M, and rotating the bulk
magnetization away from the z-axis is the RF transmit coil. Similarly, when M, or a
measureable component thereof, is rotating in the transverse plane, the magnetization is
detectable via magnetic induction in an RF receive coil. In more sophisticated systems,
separate RF coils are utilized for reception and transmission, however it is possible to

perform both functions with the identical probe in a so-called transceiver mode.

RF coils are typically resonant structures that are tuned to be sensitive to the
magnetic field fluctuations generated by spins at the Larmor frequency via magnetic
induction. The magnetic fields generated by RF coils are vector valued in space, with their
transverse components responsible for excitation (B;) and reception (B;) during an MRI
experiment. Typically, the transmit and receive fields are expressed in terms of their
circularly polarized basis set:

1
Bf =3 (B, +iB,) (1.7a)

B ==(B,—iB)) (1.7b)



where co-rotating components expressed in (1.7a) are responsible for excitation, and
counter-rotating components expressed in (1.7b) are responsible for reception,

respectively.

The term By from equation (1.7b) defines the magnitude of the magnetic field that
causes an induction current to circulate in the RF receive coil. The resulting induced current
in the RF coil defines the signal magnitude and phase. However, the same induction
mechanisms that cause precession of the magnetic moments in the sample to produce a
current in the RF coil, apply to random sources of electronic noise. These noise sources are
due to random ionic movements occurring inside the sample (unrelated to precession of
magnetic moments) and internal noise in the electrical devices used to construct the coil. It
is the ratio between the measured signal and the noise that provides a measure of image

quality. This quantity is known as the signal-to-noise ratio (SNR).

Ultra-High Field & SAR

Ultra-high field (UHF) is defined as performing MRI at main magnetic field
strengths > 7 Tesla (T). In many MRI acquisitions, the sensitivity is strongly related to the
magnetic field strength (Bo). This can be illustrated from equation (1.3) where the net
magnetization aligned along the z-axis, M,, is directly proportional to the applied static
field, B,. Thus, there exists a drive to image at ever increasing B, due to the potential for
higher spatial resolution, an increase in the signal available for imaging, and the ability to
exploit novel tissue contrasts [1]. However, it is clear from equation (1.4), the Larmor
frequency that excites spin populations increases linearly with field strength. Due to this,
when increasing field strength, the RF transmit coils produce electromagnetic radiation of

increasingly shorter wavelengths. Additionally, the wavelength of an electromagnetic



wave is inversely proportional to the square root of the relative permittivity of the medium

in which it travels:

Afree—space (1.8)

Amaterial ~
JE

Figure 1: "Wave-like' interactions during excitation, resulting in tissue-independent

weighting in the reconstructed image.

Once at 7 T for head imaging, the wavelength of the excitation field is now on the
order of the dimensions of the human anatomy that is being imaged: ~12cm at 7 T in
human tissue. This is a large problem for performing MRI at UHF on human subjects. Non-
uniformities in the excitation field can lead to tissue-independent contrast weighting in the
reconstructed images, which is below the level required for radiological confidence. This
occurs due to a variation in flip angles occurring across the imaging volume as defined as
a variation in B, term from equation (1.5). Typically, the behaviour of the RF transmit field
at UHF is termed ‘wave-like’ due to the visual wavelength interactions that occur inside
the imaging volume as demonstrated in Fig. 1. The reason for these ‘wave-like’ interactions

is due to the resonant effect of standing waves in the tissue. With standing waves present,



both constructive and destructive interference exists across the field-of-view (FOV) as a
function of distance away from the transmitting element. Thus areas of hyper- and hypo-
intensity in Fig. 1 demonstrate areas where either constructive or deconstructive

interference patterns exist.

This concept of ‘wave-like’ interactions occurs due to classic electromagnetism.
Typically, when producing an excitation for MRI < 3T in the human head, the RF
excitation field resides in the ‘near-field’ regime. RF fields are classified to be in the ‘near-
field regime’ when the wavelength of the electromagnetic wave is long relative to the
imaging volume. Therefore, fully self-propagating waves are not yet the dominant field
sources. Instead, the magnetic and vector potentials for currents produced on the structure
of the RF transmit coil generate the electric and magnetic fields. The potentials are the sole
mechanism for producing fields-at-a-distance and are linearly proportional to the excited
currents. In this regime, several magnetostatic assumptions can be made which further
simplify the design and visualization of homogeneous RF fields required for excitation.
However, when approaching 7 T in the human head (or the torso at 3 T), the excitation
transitions away from purely near-field interactions to a combination of near- and far-field

interactions.

At 7 T, displacement currents are being produced inside the sample. However, a
fully developed travelling wave solution is not supported. Therefore, the excitation of
human tissue in this regime is known as lying within the ‘transition zone’ or ‘Fresnel zone’.
When observing electromagnetism in the transition zone, both wave-behaviour and near-
field interactions account for portions of the observed electromagnetic interactions.
However, if either model is solely applied across the entire region-of-interest, both will fail
to fully encapsulate the dynamics of the entire system. Therefore, with the occurrence of
both physical models during excitation at 7 T, the magnetic field component of the RF



t =20 ysec

Figure 2: Time-lapse of RF excitation field (B1*). Wave propagation is visible towards

the anterior of the head, with near-field interactions present at the posterior.

transmit field can vary in intensity across the imaging FOV. This gives rise to ‘wave-like’
interactions that can be observed in MRI exams at UHF, if left unmitigated. This
electromagnetic behaviour is demonstrated in Fig. 2 where an RF excitation source is
placed at the posterior of a numerical human head phantom. Following the time-lapse
simulation at 297.2 MHz, the wave behaviour is clear — developing near the isocentre of

the brain, and forming a wavefront that travels towards the anterior of the head. However,
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near-fields are present at the posterior of the head, adjacent to the source of excitation,

before equation (1.8) begins to dominate the fields.

In addition to the magnetic field distribution occurring at the ‘transition zone’, the
electric field can be similarly non-uniform. The electric field contributes to the total power
deposition occurring inside human tissue and poses the most significant patient risk during
any routine MRI examination. Coupling the intrinsic resistance present in human tissue
with the electric potential generated inside human tissue due to the presence of an electric
field, Joule heating results. For MRI, Joule heating is assessed in terms of power deposition
due to the transmission field. To assess patient risk due to radio-frequency fields, the power
deposition is averaged across a defined tissue mass. This quantity is known as specific
absorption rate (SAR):

SAR = = e (1.9)

1 a(r)|E@)|?
[ owiEE,
4 sample

where V is the volume of the sample, ¢ is the conductivity of the sample volume, p is the

density of the sample volume, E is the electric field at some position in space r.

Although tissue heating is of prime concern, typically SAR, which is an abstract
measure of temperature rise in tissue, is used to evaluate the safety of any given RF coil or
MRI sequence. This is due to the fact that in vivo temperature mapping is difficult to
accurately determine and is variable across subjects due to anatomy and metabolic
function. Therefore, the metric of SAR is adopted to provide conservative estimates of

potential tissue heating due to power deposition.

Equation (1.9) is evaluated against FDA guidelines to ensure patient safety. These
guidelines typically refer to a set of four hard limits on the maximum allowed energy
deposition in the human head. The limits are divided into global SAR (SAR averaged over
the entire head) and the local SAR (SAR averaged over any closed 10-g volume of tissue).
The four are evaluated for both 10-second average and 6-minute average. Table I:
IEC/FDA SAR Guidelines for MRI provides a summary of the SAR limits as defined for
diagnostic MR,
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Areas of increased electrical activity due to ‘transition zone’ interactions are called
local SAR ‘hot-spots’ and occur due to a concentration of electric field at any given point
in the sample. These local SAR ‘hot-spots’ pose the most significant patient safety risk for
UHF MRI due to the constructive and destructive interference patterns of the transmission
field. Due to this, new types of RF coils that exploit the dynamics of the ‘transition zone’
of electromagnetic fields are required for performing homogeneous excitation, with
minimal SAR burden, in UHF MRI.

Table I: IEC/FDA SAR Guidelines for MRI

Local SAR 30 W/kg per 10-s over 10-g volume
Local SAR 10 W/kg per 6-min over 10-g volume
Global SAR 9.6 W/kg per 10-s over whole head
Global SAR 3.2 W/kg per 6-min over whole head

Multi-Channel Radio-Frequency Arrays
Theory and Construction

The MRI scanner is composed of many subsystems, each responsible for different
aspects of imaging. The radio frequency (RF) coil sub-system includes a device located
around the object to be imaged (in the case of neuro-imaging, the patient’s head and neck).
The RF coil is responsible for both transmitting a magnetic field into the patient that excites
the tissue, as well as receiving a signal post-excitation. This received signal is then used to
reconstruct an image, or is analyzed based on tissue-specific parameters (e.g. T1 or T tissue
relaxation times). The most sophisticated versions of these RF coils include a separate RF
coil to transmit into the patient, and a second RF coil, located extremely close to the patient,
to receive the signal. A sample schematic for a transmit array is provided in Fig. 3a, with

a sample schematic for a receive array provided in Fig. 3b.

During reception, a greater sensitivity to the sample contributes to higher SNR in
the reconstructed image. Therefore, receive arrays utilize the high local sensitivity
individual array elements exhibit and extend this sensitivity across the array’s entire field-
of-view. Similarly, transmit arrays utilize the multiple sensitivity profiles to synthesize a

tailored excitation.
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Figure 3: General schematics of multiple resonating elements attached to the RF
chain for (a) transmit arrays and (b) receive arrays.

A tailored excitation is a method for combating UHF excitation inhomogeneity,
and to-date many RF transmit arrays have been constructed with multiple resonating
elements. The sample schematic for an RF transmit array is presented in Fig. 3a which
shares many similarities with its receive counterpart in Fig. 3b. The main concept behind
constructing RF transmit arrays is that multiple elements, each with individual waveforms

(phase, amplitude, and/or time envelope), can be independently controlled to produce
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desired transmit fields on a per channel basis. Then, software algorithms can compute
solutions that drive the individual channels such that their combined fields achieve a more
uniformly excited target, reduced SAR, or a weighted combination of both simultaneous

objectives. A demonstration of this is provided in Fig. 4.

Figure 4: Combination of individual transmission profiles from a transmit RF coil.

Array-Element Design

Among several factors, the electromagnetic field produced in the imaging volume
is directly related to the size and geometry of the individual elements that compose the full
RF array. Due to this, many types of elements have been explored for the purpose of more
efficiently exciting or receiving signal from the transverse magnetization. Furthermore,

when placed into an array, different element types may encounter dissimilar interactions
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with either the sample or adjacent elements. Therefore, the selection of the basic element
that composes a full array is typically evaluated with several criteria: (1) B1*/B1” efficiency,
(2) electric field generation per unit B1* (SAR), (3) ease of construction and (4) ability to

limit mutual interactions between elements in the array.

The most common form of array element is a resonant loop. The loop-based
element is a tuned structure that acts as a magnetic dipole — generating a very strong
magnetic near-field, with minimal electrical fields. Therefore, it is a suitable element for
MRI at most field strengths. However, at UHF it has been demonstrated that the ideal
current patterns responsible for exciting and producing signal from the transverse
magnetization transition away from an entirely reactive-near field RF excitation and
reception [2]. Visualization of these ideal current patterns has provoked work into
combining dissimilar RF elements and/or constructing arrays that utilize elements that are
not solely the classic tuned loop. The most common UHF-specific element is the electric

dipole that produces a linear current pattern in the closely spaced conducting sample.

As visible in Fig. 3, a typical building block for an RF array — transmit or receive —
includes a resonant structure (in the case of Fig. 3, a loop with lumped capacitors) as well
as an RF chain matched at each individual element input. The individual elements, transmit
or receive, can be modeled as a series RLC circuit — see Fig. 5. The first resonant frequency

can be calculated from:

(1.10)

b

where ‘L’ is the total inductance of the element, ‘C’ is the capacitance and ‘®,’ is the
resonant frequency of the circuit. The efficiency of individual array elements are typically
evaluated based upon an equivalent circuit model of an RLC circuit, whereby the ability
for an array element to store energy is defined in terms of ‘Q-factor’:

wol
R

Q= (1.11)

where ‘R’ is the parasitic resistance. Therefore, it is clear that with the resonant frequency

fixed at the Larmor frequency, either the inductance needs to be increased or resistance



15

minimized. Typically, the inductance is held constant due to the fact that the major source
of inductance in an array element is the loop inductance formed from the conductive trace
or wire that defines the element. For non-loop based elements, inductance is a combination
of self-inductance of the conductor and additional turns or folder-over in the element’s
structure. The length and dimensions of the elements are dictated by the geometry of the
RF coil construction. Hence, minimizing series resistance in an array element one tactic

for producing highly efficient MRI probes.

Source RF Element Sample

_|
V- C

R: R:

L Zs

Figure 5: Equivalent circuit of an RF element driven with a voltage source. Sample
interactions with the element are typically modelled with an increase in resistance

and inductive coupling.

The SNR loss of an MRI probe can be evaluated in terms of the ‘loaded’ to
‘unloaded’ Q-ratio. Whereby, the terms ‘loaded’ and ‘unloaded’ refer to the probe in the
presence of a lossy, conducting body and in isolation, respectively [3]:

Qu
Qratio = (1.12)
l

During transmission, the efficiency of RF coils is typically evaluated based upon

the excitation produced in the sample, for a given root-mean-square (RMS) 10-g SAR

CBlvor i uni uT : , e
value N or in units of T [4]. This efficiency defines the RF coil’s ability to

produce a transverse magnetic field in the patient, for a given 10-g SAR level — which is

commonly the limiting factor during transmission at UHF.
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Also present in Fig. 5, is the sample impedance ‘Zs’ that is typically modeled as an
equivalent resistance due to sample losses that dampen the resonance calculated in equation
(1.11). Additionally, inductive coupling to the sample modifies the total equivalent
inductance measured at the input of the RF element. This modifies the reactive portion of
the impedance of the RLC circuit. Due to this, the equivalent circuit representation in Fig. 5
can be expanded into a network representation seen in Fig. 6a. Here, along the RF chain
matching networks as well as balanced-to-unbalanced transformers (baluns) are included.
Baluns connect the RF element and the rest of the RF chain via coaxial cable - reducing
current along the coaxial cable shielding. This minimizes cable radiation and parasitic
coupling to other electrically active elements in the RF array and electronics. Two forms
of baluns are employed in this thesis: (a) shielded LC trap baluns — see Fig. 6b — and (b)
lattice LC baluns — see Fig. 6c.

Source Balun Match RF Element Sample
v

o % Z
R, Jx .Rﬂ' L § ’
L o—{Vvi20 :
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7' i
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Figure 6: (a) Network circuit of RF element connected to matching network
and balun. (b) 'LC' choke balun used in concert with shunt capacitor for

matching and (c) lattice balun and shunt capacitor for matching.
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As seen in Fig. 5, the sample equivalent impedance modifies two portions of the
RF element RLC equivalent circuit: (a) the input impedance, and (b) the resonant frequency

of the element.

(a) For the transmit array presented in Fig. 3a, a matching network is required to
provide a conjugate power match to connect the loaded RLC circuit to a 50 Q
driving impedance output from the RF power amplifier. Similarly, a matching
network for the receive array, presented in Fig. 3b, is required to maximize

signal directed back towards the MRI console.

(b) Both the transmit and receive arrays presented in Fig. 3, include capacitors on
the RF elements. Tuning is achieved by calculating the required capacitance in
concert with pre-existing element inductance to resonate an element in the
presence of a load. Additional fine-tuning of the resonant frequency, in presence
of a sample, is provided via replacing discrete lumped capacitances with tuner
capacitors at the drive port and opposite thereof. For loop-based RF elements,
this has the additional benefit of reducing radiation emanating from the element
and maintains an intense near-field distribution. For non-loop based elements,
resonance is achieved by designing self-resonant structures via combining self-
inductance with self-capacitance — terms typically defined by the geometry of

the forming conductors and electrical parameters.

The network representation in Fig. 6a demonstrates the matching networking as a
function of RF element equivalent circuit parameters as well as relative loading to the
sample. Therefore, if either loading or circuit self-impedance changes, the matching
network most-often need be adjusted. However, for MRI typically narrowband ‘L’
networks are used to sufficient accuracy required for matching elements. An ‘L’ network

is presented in Fig. 7.
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‘L’ matching networks combine two reactive elements. Throughout this thesis, the

series inductor and shunt capacitor is employed for matching. This is possible, as the

LXIT
jB JjB I

Figure 7: 'L" matching network for RF arrays constructed in this thesis.

amplifier intrinsic impedance ‘R’ is greater in magnitude than the load impedance, which
for MRI RF elements is the impedance of the damped resonant circuit — damping

determined by the resistive loss and inductive coupling to the sample in Fig. 5.

The equations that define the matching under these conditions can be written as:

X, + /%\/Rg +X? — Z,R,
B = >

113
R + X2 (113a)
1 X2, Z,
= _ 1.13b
BT R, BR, (1.13b)

where ‘X’ an ‘B’ calculate the circuit values from Fig. 7. ‘R.’ and ‘X.’ are the load

resistance and reactance, respectively. ‘Zo’ is the source impedance.

Electromagnetic Coupling

Electromagnetic coupling (‘coupling’) is the transfer of energy between components in
an electrical system. Coupling arises from electrically- or magnetically-induced
interactions that can cause undesired effects on the operation of RF arrays. The design of

RF arrays, both receive and transmit, require individual resonating coils in the array to be
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located in close proximity to one-another. The required close spacing between coils results

in coupling.

Electrically induced sources of coupling in an RF array include both free-space and
sample-mediated interactions. Free-space electrical coupling occurs due to overlap in the
near-field distributions of closely spaced resonating elements. In this physical
manifestation, the overlap in electric field between array elements can be modeled as a
capacitor electrically connecting nearby elements [5]. Due to the presence of this electrical
pathway, high-frequency current can be distributed between adjacent elements. In the
second physical manifestation, the closely-spaced conducting sample provides a lossy
pathway for parasitic currents to be transmitted and received between nearby RF array
elements [5]. The magnitude of this coupling is a function of the sample material
properties, and separation between elements. Finally, magnetic-coupling arises due to
Faraday’s law. The time-varying magnetic field produced by an RF array element will
produce an electromotive force (EMF) at the terminals of a neighbouring coil, resulting in

an induced electric current [6].

In the most extreme case, contributions to the input impedance of an array element in the
presence of coupling can cause detuning and mismatching of array elements. During
transmission, detuning and mismatching results in power reflection at the input of the RF
array element, decreasing overall array excitation efficiency. Similarly, power transfer
between elements due to coupling does not contribute to producing an excitation inside the
sample and provide an additional means for efficiency loss. This is due to the fact that
coupled power is directed backwards, away from the RF coil, and dissipated across dummy
50-Ohm terminations located near- or inside-the power amplifiers. During reception,
detuning and mismatching reduces the magnitude of signal that is transferred from the RF
array element to the console, reducing the overall signal-to-noise ratio (SNR) in the
reconstructed image. This concept is illustrated in Fig. 8 where in the equivalent circuit;
coupling contributes to the reactance of the input impedance of each RF element. The
magnitude of coupling, defined by their lumped element equivalents, will determine the
relative contributions to the input impedance in accordance with their physical layout. A

derivation is provided in equations (1.16-17) for two of the three elements in Fig. 8.
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Figure 8: Mutual coupling between RF elements modelled via magnetic (mutual

inductance) and electric (shared capacitor) interaction.

For both transmit, receive and transceiver RF arrays, coupled RF array elements
demonstrate a spatially dependent relationship between one-another in the sample. This
occurs as the primary field produced by a single array element will excite currents in
adjacent coupled elements, via one/or more of the mechanisms described above, that in
turn produce secondary fields in space. The vector sum of these secondary fields with the
primary field is not directly related to the original source of excitation. For transmit arrays,
this increases the complexity for synthesizing flat excitation patterns, requiring an iterative
solution, and make SAR reduction less predictable from any set of channel driving
parameters. In terms of receive array performance; the coupling manifests itself as an
increase in the noise correlation between elements. If non-linear, correlated noise has the

potential to degrade the accelerated SNR of the system during under-sampled acquisition.

In this thesis, ‘mutual impedance’ is commonly used to quantify the effect of coupling
in an RF array. Like self-impedance, mutual impedance has a real (resistive) component as

well as an imaginary (reactive) component:

Zself = Rself + iXself (1.14a)
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Zmutual = Rmutual + KXmutual (1-14b)-

In a system of multiple interacting circuits, or in the case of an RF array multiple
interacting RF elements, the impedance of the entire system can be represented

algebraically as:

[V] = [1][Z] (1.15)
where
V; 14 Z11 - Zyn
[V]=]: [1] = [ : ] [Z] =1 : : (1.16)
Vn In Zn,l Zn,n

Following from Fig. 8, the off-diagonal terms in the impedance matrix from (1.15) are
the mutual impedance terms from (1.13b) that itemize the coupling between elements. The
individual input impedances of each circuit element are located along the main diagonal of
(1.15) and take the form of the self-impedances (1.13a). The reactive component of the
mutual impedance includes contributions from both the capacitive (electrical) and
inductive (magnetic) coupling mechanisms outlined above. Typically, both coupling
mechanisms are present, however one will have a greater effect on the type of reactance
that is measured. This is reflected in the sign of the imaginary component. A positive
reactance denotes predominately inductive coupling and a negative reactance denotes a
predominant capacitive coupling. The matrix equations in (1.15) can be extended to include
both resonating, non-resonating as well as radiating array elements and non-radiating

circuits in the array in one compact formulism.

Solving (1.15) for the case of two mutual coupled RLC circuits takes the form of:

| 1+Hjw| Ly —~ @M ] J
[R + jw (L + Cl) JoM 1 “2] _ [I(;] (1.17)
jwM,, R, +jw (LZ + C_z)
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where the self-impedance is located along the diagonal, with mutual coupling terms
located along the off-diagonal. Under these conditions, two resonant frequencies are
defined:

-1

r- L (142" =L (142 L6
T\ T 2=\ T (1.18)

From equation (1.18) it is clear that the magnitude of coupling term ‘M’ — which can be
extended to include both electric and magnetic interactions (see Chapter 3) — defines the

relative effect coupling will have on the tuning and matching of an RF array.

It is clear from equation (1.17) that electromagnetic coupling in RF arrays increases in
complexity when considering an array that mixes dissimilar element patterns (loops and
dipoles, by example). This is due to the fact that the matrices involved in solving the system
of equations increases in size and the terms that form the coupling matrix ‘M’ can vary
non-uniformly, depending on the geometry and loading of the constructed array. Similarly,
unusual element patterns, that may have benefits in terms of efficiency or SAR
management, etc., will all couple via one of the previously mentioned mechanisms,
however with different magnitudes and predictability depending on the geometry of the
array and the element. Therefore, coupling mitigation requires some knowledge of the
electromagnetic fields involved with the problem, as well as a general understanding of

circuits that can be reliably constructed for arrays with many elements.

Coupling Mitigation

Due to the geometric constraints of designing RF arrays and the possibility of ever-
increasing channel counts, strategies for adequately decoupling RF array coils has been the
source of many studies [5-11]. Practically speaking, the minimum level of isolation
achieved in these arrays (and subsequently, the minimum level of isolation typically
required for operating RF coil arrays) is on the order of -12 dB for transmission and -18 dB

for reception.

The most common form of element decoupling was presented by Roemer et. al. [12].

Roemer and colleagues demonstrated that it was possible to completely eliminate magnetic
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coupling between adjacent resonant loops by overlapping the adjacent loops. When the
overlap in loops approaches roughly ~ 15% of their total area, the EMF induced in either
loop is cancelled by the voltage present in the overlapped portion of loops. However, it
was noted that inductive coupling between non-adjacent elements was not exactly
cancelled by this approach. Therefore, their next development was the application of low-
input impedance preamplifiers at the input of the receiving loops. When placed in series
with a tuner capacitor, the inductance in the loop along with the capacitor formed a parallel
resonant circuit across the virtual short present across the terminals of the pre-amplifier
(due to the very low input resistance). This parallel resonant circuit presents high
impedance on the loop on-resonance. Therefore, the total current flowing on the resonant
loop due to magnetic induced interactions with the sample is suppressed. This reduced the
residual coupling, not accommodated for with loop overlap, to acceptable levels for signal
acquisition. The use of loop-overlap in conjunction with low-input impedance
preamplifiers does not completely eliminate electrically induced sources of coupling. This
is due to the fact that both loop overlap and reducing the magnitude of current flowing on
the individual elements are strategies aimed at reducing inductive coupling. Although loop
overlap was demonstrated by Roemer to reduce a portion of the capacitive coupling, a
measurable coupling coefficient was still measured when inductive coupling was

effectively eliminated between two elements.

A similar procedure can be performed for transmit arrays that relies on loop overlapping
as well. Due to the fact that low-input impedance amplifiers are not readily available at the
power levels required for MRI excitation, loop overlap can be offset with a myriad of
additional techniques including: (1) the insertion of decoupling capacitors between
neighbouring elements, (2) insertion of decoupling inductors between neighboring
elements, and/or (3) insertion of resonant circuits between neighbouring elements. The
general concept behind these additional circuits is to compensate for the induced currents
in the elements that either directly cancels the mutual impedance with a new electrical
pathway and/or modifying the input impedance of the elements such that it is possible to
selectively match current modes in the array that exhibit minimal coupling. More
sophisticated driving systems have also been developed to reduce element coupling, with

the most prominent method being the Cartesian Feedback approach [13]. These techniques
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rely on either modifying the driving conditions of the array such that decoupled modes are
power matched, or a feedback loop is included which injects current into the elements that
directly oppose the coupling. These aforementioned techniques can be classified as

strategies to implement a high-output-impedance power amplifier.

Parallel Transmission Strategies

Parallel transmission utilizes the distinct sensitivity profiles generated by multi-
channel RF arrays (see section 1.3), to tailored RF excitation throughout the imaging
volume. By employing additional degrees of freedom in terms of excitation profiles,
studies have been performed to increase volume selectivity during imaging [14], increase

homogeneity of the transmission field [15], and/or reduce the SAR [16, 17].

The form of parallel transmission that is employed in the studies outlined in this
thesis is ‘RF shimming’ [18]. RF shimming combines the spatial profiles of transmit array
elements with a set of magnitude weightings and phase offsets. The subsequent operation
IS a vector sum, resulting in an excitation that is a linear combination of fields produced by

individual coils:

# elements

B (r,w) = z ;B (1) (1.19a)
i=1
w; = A;e' (1.19Db)

where A is the per-channel magnitude scaling and @; is the per-channel phase offset.

Through individual control of each coil element via equation (1.18b), the RF
excitation field is shaped for a summed excitation at some point r in space. In terms of the
magnitude coefficient ‘Ai’ in (1.18b), separate power amplifiers per channel scale the
contributions from each element. The phase offset term ‘@;” is modified via phase shifters
located along the RF chain between the transmit array and the power amplifiers. The spatial
phase offset, and separate per-channel waveform generators enable modulation of the RF
pulse shapes on a per-transmitter basis. The MRI platform used in this work has eight

separate RF chains, enabling all of these capabilities for fine control of the transmitter
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channels.

The equations (1.18a) and (1.18b) can be used to solve a simple minimization
problem given some desired target region in the sample and B1* distribution. Solving the
minimization problem involves selecting a weights vector from (1.18b) to optimize a
metric over a targeted region of interest (ROI) for imaging, typically a voxel, slice, or
volume in the sample. In terms of B1* homogeneity, in this thesis the minimization problem

was solved in the least-squares sense:

min||wB{ (r,w) — Bf (r)||? (1.20)
w

where B (1) is a desired distribution across the ROI and the weighting vector ‘w’ is the
optimization variable. Similar minimizations were formulated in this thesis that minimize

the SAR distribution or electric field distribution in the sample:

min||wB;{ (r,w) = Bf ("|I* + Allf (SAR(M)II* (1.21)

where f(SAR(r)) is some function defining the total SAR in the ROI, or is a weighted
combination of the electric field distribution computed with the ‘w’ weights. The
Lagrangian multiplier ‘A’ represents a scaling factor to weight the amount of regularization

of the final solution with respect to the penalization of SAR.

The equations (1.19) and (1.20) represent the common minimization problem that
software algorithms attempt to solve for a given RF transmit array. Typically, the residual
computed from either (1.19) or (1.20) is a combination of the algorithm design, the ROI
and the array construction. The type of element, number of array elements and its geometry
have a direct impact on the ability to obtain a suitable solution to (1.19) and (1.20).
Therefore, the careful selection of array elements and the elimination of electromagnetic
coupling between them present an important challenge addressed by this thesis and the

following chapters.

Additional means for increasing the homogeneity and/or simultaneously decreasing
SAR burden for a given pulse sequence includes the use of fully parallel transmission
strategies such as transmit SENSE [19]. Transmit SENSE utilizes both RF waveform
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manipulation in conjunction with the three orthogonal gradient coils to manipulate the
excitation across time. The governing equation for transmit SENSE excitation is a linear
combination of individual pulse profiles (Pr) weighted by corresponding sensitivity profiles
(Sr) [19]:

R
Pyes(x) = z Sy (x)P.(x) (1.22)
r=1

whereby the desired excitation profile is defined across ‘R’ voxels for any given point ‘x’
in the VOI. Pulse profiles P, are generated as a combination of gradient waveforms and the

pulse envelop of the transmit excitation.

Thesis Objectives

To-date, the largest implementation barriers for clinical translation of UHF MRI
include an increase in SAR and reduce homogeneity of the RF transmission field. The
adoption of multi-channel RF arrays have proven to be an effective method for addressing
these concerns. However, the presence of mutual coupling along with geometry-specific
solutions for realizing RF arrays have limited their ability to reduce SAR while increasing
homogeneity of the RF transmission field. Therefore, this thesis presents several key
advancements in the theory and understanding of mutual coupling in RF arrays.
Furthermore, it presents several flexible solutions for eliminating mutual coupling and

applies them to several RF arrays constructed for UHF MRI.

With the construction of several well-decoupled RF arrays, several hypotheses are
addressed by this work:

(1) Does an increase in element-to-element isolation translate to increased
imaging performance?

(2) Does a more flexible solution for isolating elements in an RF array remove
implementation barriers for more sophisticated RF array designs that have
potential benefits for UHF MRI?

(3) Is it possible to shape-optimize conducting structures to passively shape
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the electromagnetic fields responsible for SAR and nuclear excitation?

To test the above research questions, several studies were performed. These studies

included:

(1) The design and construction of several well-isolated loop-based RF arrays utilizing
various decoupling strategies synthesized from new methods laid out in Chapter 2.

(2) The construction of a novel dipole-based RF array that is shape-optimized to
selectively reduces 10g-SAR while maintaining excitation uniformity.

(3) The decoupling of a novel dipole-based RF array where previous decoupling

methods were not applicable.
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Chapter 2
Coupling Matrix Synthesis for Decoupling MRI RF Arrays

In this chapter, a general framework is developed for understanding coupling and
decoupling in complex, arbitrary RF array constructions. This chapter is derived from the
manuscript, “General Coupling Matrix Synthesis for Decoupling MRI RF Arrays”
published in IEEE Transactions on Medical Imaging on April 2016.

Introduction

Generally speaking, previous derivations aimed at minimizing coupling in RF arrays
have relied upon analytic expressions that are solved for zero mutual impedance between
array coils as presented in equation (1.17). Analytically, this derivation takes the form of a
closed-form matrix diagonalization whereby the off-diagonal impedance terms are
‘zeroed’. This procedure attempts to find an orthogonal basis set of eigenmodes that when
applied to the input of each array element produces zero mutual coupling and the
characteristic behaviour of coupled elements. This strategy implies that the impedance
matrix is well conditioned and there exists a sufficient number of linearly independent
entries that allow the decomposition procedure to continue. However, the impedance
matrix in (1.15) physically represents a system of coupled-equations. Therefore, the matrix
is rank deficient, and additional degrees-of-freedom need to be inserted into the impedance
matrix in order to perform a meaningful reduction. These additional degrees-of-freedom
take on the form of secondary, non-radiating electrical circuits. With the insertion of these
circuits, a set of current modes can either be driven or power-matched such that the
magnitude of the off-diagonal coupling terms is reduced to a suitable level. This strategy
dramatically increases in complexity as the number of coils is increased. At present, with
receive-only RF array coils utilizing as many as 96 receivers [20], and transmit arrays
utilizing up to 16 transmitters [21] or more, this strategy of computing circuit element
values based on analytic derivations is no longer trivial and the algebraic approach is more

tractable.

Similarly, it is not rigorously defined if decoupling two adjacent elements can be

extended to larger array counts with more complex electromagnetic environments and/or a
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combination of resonant nodes and asymmetric cross coupling throughout the array.
Hence, the solution presented by Roemer [ 12] for receive arrays utilizing geometric overlap
in concert with low-input impedance pre-amplifiers has been widely considered one of the
most important methods of array construction to-date for two reasons: (a) the efficacy of
the method, and (b) the relatively direct implementation. Therefore, when investigating
array element patterns that are no longer well-suited for existing decoupling methods, such
as dipole elements where element overlap is not possible or transmit arrays with 50 Ohm
driving impedance, a general set of simple circuit constructions that will suitably eliminate
all forms of main-line and cross-coupling in the array would serve useful for realizing novel

array designs, akin to overlapping loop elements.

Given the resulting system of coupled equations for these large array channel counts, a
method for generally decoupling resonant circuits in an arbitrary design can take on the
form of an inverse filter design problem, whereby specific array features, such as frequency
response, can be prescribed and the required circuit values solved for. In terms of RF arrays
for MR, this has not been previously investigated, and has great potential for implementing
a series of well-known classes of ladder filter designs not previously defined for large-coil

count RF arrays.

In this paper, a general approach for synthesizing complex decoupling networks for RF
arrays is formulated in terms of a prototype filter design problem using coupled resonator
circuits [22]. The frequency response of the coupled resonator circuits is found from
exciting individual ports of the coupled circuit based upon the RF array design. This
frequency response is fitted to predetermined reflection polynomials [23] with the
objective of simultaneously minimizing all possible transmission between all coils in the
array. The solution to this problem is presented in the form of a bounded, nonlinear
optimization that directly calculates a coupling matrix [M], without perturbing the original
RF array element coupling. The synthesized [M] compensates for both main-line and cross-
coupling in the array to produce a fully decoupled RF array. Furthermore, we demonstrate
that a sparsity-enforced (Li-norm regularized) coupling matrix [M] is achieved via a 2-
stage decoupling ladder network or 10M-order distributed filter, that are appropriate for

most conceivable MRI RF array designs. Monte-Carlo simulations are utilized to validate
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the efficacy of this approach. Computed results can be realized in terms of lumped element
ladder networks, distributed element networks, used to define placement of coils in an RF
array, or a combination of all three, given that the coefficients from [M] are reproduced in

the final RF array construction.

Cross-Coupling
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Figure 9: Equivalent circuit of RF array with multiple couplings.

The application of prototype filter design via modulating the coupling matrix is well
known. However, the application of it for MRI RF arrays requires several specific new
requirements not typically addressed with the conventional theory. For decoupling RF
arrays, the array coils themselves must retain high Q, and be matched to the same source
impedance outside the network. However, the additional decoupling networks inserted into
the equivalent circuit do not necessarily require uniform Q, nor are they terminated outside
the network. Therefore, although the circuit elements and the transfer functions derived
between array coils are linear functions, the simultaneous matching of specific array coils
terminated outside the array, while maintaining uniform Q between array elements only,
presents a nonlinear objective function. Hence, formulating the problem of decoupling an
RF array in terms of nonlinear programming provides a unique opportunity to solve for
possible decoupling strategies in this non-smooth domain. Similarly, evaluation of
regularized solutions demonstrates the first MRI RF array decoupling solution that can
eliminate all first- and higher-order coupling in complex arrays by simply placing coupling

matrix optimized circuits between nearest-neighbours. Additionally, the method extends
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the decoupling capability of these circuits beyond symmetric arrays or pre-defined array
geometries.

General Theory

The equivalent circuit of a RF array can be described with multiple couplings between

n-resonant circuits with the following indices:

n Total number of coupled resonant circuits

] Arbitrary pair of coupled resonant circuit (index 1 — n)

m,k Avrbitrary terminating resistances for any i,j circuit
(index 1- n)

Therefore, the equivalent circuit is reduced to Fig. 9 and it can be seen that the
hypothetical array is similar to a cascaded filter design problem, with each circuit
representative of a ladder stage. As such, the coupling arrangement for this equivalent
circuit is defined with

My =|: -~ 2.1)

The diagonal terms in [M] are the respective ‘self-coupling’ values. For the prototype
filter response, a value of ‘0’ for the ‘self-coupling’ term in [M] is equivalent to zero
frequency shift away from w, at that specific resonant circuit (either RF array element, or
decoupling element). For coupling values in [M] not equal to ‘0’, the frequency shift
(wsnife) from w, can be calculated with repsect to the prototype lowpass corner frequency
(0. = 1) as,

M

Wspift = Wy + % (2.2)
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where the normalized coupling values Mi;; in the synthesized coupling matrix [M] are

related to the physical coupling coefficients ‘ki;’ via,

Af

i,j f_o (2.3)

ki,j - M

The term ‘f,” denotes the centre frequency to which the final design is scaled (ie.
297.2 MHz for 7 T MRI) and ‘Af” is the prototype bandwidth scaled to the frequency range

of the centre frequency ‘f,’.
Defining the excitation vector

[e] = [e; e; ... €]
e;=[100..0]7
e, =[010..0]" (2.4)

e, =[000..1]7

and the resistance matrix
[R] =] : : (2.5)

then applying [e] at the input of terminated ports in Fig. 9, yields the network in Fig. 10.
Making the narrowband approximation jwM; ; = iw,M; ;, the loop current, I; in circuit j

from Fig. 10 is

2 n

] w ]
Rlé‘l,j + Rné‘n,j +] <(1) - f)l Ii +] z Ml,]I] = 9161,]'
k=1

k+#i (26)
5 _{o if iij}
T if i=

i=123,..,n
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|Si,n|

n-Coupled Network

Figure 10: Network representation of n-coupled RF array

where R; and R,, are the resistances of the source (excited RF coil) and the load (terminated

RF coil), respectively; M; ; denote the symmetric coupling terms; and e, is the unit voltage

excitation. Rewriting (2.6) into matrix form yields
[cl — jR+ M]p = —je] (2.7).

From (2.7), | is the identity matrix and M is the symmetric coupling matrix. Input
resistances of the RF coils and decoupling circuits are included in the n X n diagonal
matrix R. In order to impedance match the RF array to the external excitation, Rn=R;, at
the terminated ports, with the other resistance terms set to a near-zero (Qcoit < Qdecoupling)
fraction of the terminated resistance. This ensures that the RF coils dominate the efficiency

of the array, not losses incurred in the decoupling network.
Frequency and current vector terms are defined as

w?
oc=w——
W (2.8).

o=l ... 1]
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Solving the system of equations in (2.7) by exciting each RF coil in turn with every entry
in the excitation vector [e] and solving for the currents, ¢, present in each terminated RF

coil results in reflection (I") and transmission parameters (T) of the form

i =1+2RnlAl;} Ty =—2jJRaRe[Al} (2.9)

where [A] is defined as the loop matrix impedances from Fig. 9,
[A] = [o] — jR + M] (2.10)
and from Fig. 10, R,,, and R;, are the unit terminated resistances at the output of each port.

Several important physical details of this circuit representation in Fig. 9 and the

expression (10) include:

(1) Each resonant circuit is in series RLC form. It is not possible to represent both series
and parallel RLC resonators and anti-resonators in the same coupled arrangement
without applying any circuit transformations, therefore the problem is left in terms of

coupled series circuits.

(2) When placed into ladder form, the decoupling circuit resonators are physically
represented as coupled, shunt series resonators. When the shunt resonators are cascaded
together with appropriate coupling terms, they can be used in concert with the pre-
existing coil-to-coil coupling to convert the mutual impedance between RF coils from a
shared inductor/capacitor link to that of a multi-pole bandstop filter — the number of poles

which are dictated by the number of cascaded decoupling network sections.

(3) Although the impedances between RF coil ports can be transformed by several
cascaded sections of reactive components, matching networks applied outside the
network in Fig. 10 can be used to transform the input impedance to match a source
impedance other than Ry = 1. This is achieved regardless of the internal circuit inter-
connections. The accrual of any additional reactance present at the input impedance of
the network is therefore tightly controlled by a synthesis procedure that penalizes both

increased transmission between coils or impedance mismatch at the external ports.
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Figure 11: Equivalent circuit of a n-coupled RF array with decoupling circuits of

arbitrary dimension placed between adjacent elements

The problem of designing a decoupled RF array becomes one of finding the optimal
number of cascaded decoupling sections to compensate for pre-determined coupling values
located in matrix M (geometry and proximity of RF coils to each other) while synthesizing
the appropriate impedances for each ladder stage. Inter-stage impedance matching can be
accomplished by synthesizing mutual coupling terms between decoupling elements that

contribute to the overall input impedance of each cascade.

Coupling Matrix Topology

Coupling matrix topology is a mathematical representation, (2.1), of the mutually
coupled elements in an electrical system. Therefore, different RF array constructions can
take on different canonical forms. A prototypical topology is presented in Fig. 11 that can
be adapted for a lumped element ladder network, distributed filter or any other decoupling

interface placed along the RF feed chain.

The canonical form of a coupling matrix is a function of the RF coils and decoupling

element connections between the arrays. An example for one of these canonical forms is
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given: a three-coil array decoupled with a 1%-order ladder network/distributed filter

connected in series between adjacent coils,

_M1C,11 My, Mz 0 Ms]
Mys Mys 0 0
Ml!] = M3CZ3 M3’4 M3’5 (2.11) .

The superscript ‘C’ denotes the RF coil number in the array, and the superscript ‘D’ denotes
the decoupling circuits, connected in parallel with the RF elements through terms [1,2],
[2,3], [3,4], and [4,5] used for decoupling the array. Note that only the upper triangle of the

coupling matrix is shown, as the coupling matrix is symmetric about the principle diagonal.

Coupling Matrix Synthesis

Topology Generation

Synthesizing a particular decoupling solution begins with defining the coupling
topology in a binary template of the same size. This matrix is a stencil where coupling
terms that can be modified retain a ‘1°, and 0’s where the couplings are pre-determined
(coil-to-coil coupling), non-physical or too difficult to realize. An example of this

procedure is given for the topology in equation (2.11),

L 1 0 0 0y
| 1 1 0 0|

M = 1 1 0 (2.12).
| L]
1

As demonstrated in equation (2.12), for a 1%-order decoupling network, no coupling
is permitted between the decoupling circuit between coils 1 and 2 (matrix term [2,2]) and
the decoupling circuit between coils 2 and 3 (matrix term [4,4]). In order to realize the
coupling term [1,4] in (2.12), either a capacitive path or magnetic path would have to be
introduced between the two lumped elements which would cross the field-of-view of
potentially all three coils. This carries a high probability of parasitic interaction between
the other elements and coils of the array.
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Additionally, coupling between coils 1, 2, and 3 — matrix terms [1,1], [3,3], and [5,5] -
are not modifiable as they are pre-determined by the array design and hence cannot be
modified (MRI bore dimensions, the object to be imaged, desired image quality, etc.).
Physically, this is done to ensure the synthesized network does not rely on coupling terms
between the decoupling circuits and coils that are not simply replicated. These coefficients
can be determined through various well-known methods [12, 24], estimated from the

design parameters, or directly measured [25].

Due to the fact that the number of decoupling circuits required to achieve an
adequately decoupled array state is not readily known, this template can be iteratively
regenerated for an arbitrary number of decoupling terms, provided the same stencil

requirements for synthesizing a physically realizable network.

Polynomial Generation

In order to synthesize M in (2.10) a set of reflection coefficient objectives for the coils

in the array are generated from a Chebyshev Type | polynomial [26],

Il (w) = (2.13)

where C2(w) is the n degree filtering function for the characteristic Chebyshev filter [23]

and ¢ is related to the prescribed ripple, ‘R’ (in dB), set equal to 0.05 dB.

n
C2(w) = cosh <Z cosh‘l(xi)) (2.14)
i=1
1
P — (2.15)
V 10R/10 —1 R=0.05

and x; is related to the position of the i*" reflection zero (coil resonant frequency),

w—1/w;

X

In order to transform the transfer function between coils in the RF array from the low-

pass prototype to the bandstop prototype, the following transform is applied to (2.16),
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Figure 12: (a) Multiple couplings replaced with 'J'-inverters, (b) replacement of *J’-
inverters with their capacitive Pl representation and (c) final circuit realization with

capacitors realizing the multiple couplings

From (2.13), and definitions in (2.14-2.17), the reflection coefficient objectives are

generated by evaluating the first-degree filtering function (n = 1).

The transmission coefficient goal is defined as a single point located at coil resonance
(wy)- The value of |Tl-’,j| (in dB) at this point is defined as the maximum permissible amount
of transmission between any coils in the RF array. This value v; ; can be set to be equivalent

for all transmission coefficients between array elements, or specified in vector format for

individual colil pairs,

T;j(w,) = [vy)] (2.18).
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Figure 13: (a) Measured coupling coefficients as a function of distance, (b)

identification of measured distances.

Nonlinear Least-Squares Optimization

Differences between the frequency response of the array computed in (2.9) and the set
of ideal frequency responses for tuned-and-match decoupled RF coils defined in (2.13) and
(2.18) can be recursively minimized, as a function of the coupling matrix M, in the form

of a nonlinear least-squares optimization,
. 2
mw}n”fi(M) + f;,;(M)]| (2.19)

where the residuals of the reflection and transmission coefficients are defined for n coils,

fiM) = T;(w,M) — I} (w) i=12,..,n (2.20)
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i=12,..,n
fi M) = Ty (@, M) = Tj(@) = 12,m (220),
i #]j

Regularization and Optimal Network Design

Given the formulation in (2.20) and (2.21), solving for an optimum number of decoupling
elements can be included via a combination of the topology stencil and an Li-norm

regularization that enforces sparsity in the final synthesized coupling matrix M,
. 2
min[|f,(M) + £,;(M||” + 2lIMll; (2.22).

Physical Realization

Based upon the type of decoupling network, the physical realization of the array can be
related to both geometry and positioning (distributed filer, tertiary scatterers, etc.) or
lumped elements (ladder networks). Furthermore, the decoupling method could be applied
along the RF chain of the array, as long as the coupling coefficient requirements are

satisfied, positioning can vary.

Ladder Networks

The coupling matrix of the ladder network can be converted to its bandstop lumped element
form by coupling the resonators through J-inverters, see Fig. 12a. Converting J-admittance
inverters to their capacitor network (using Fig. 12b) equivalent results in the final lumped
element topology presented in Fig. 12c, with lumped element values for the decoupling
network synthesized from optimizing (2.10). The resultant network is composed of shunt
series resonators coupled through []-networks. Combining the [-networks results in a
capacitvely-coupled bandstop filter. Matching between ladder stages is achieved via the

coupling capacitors.
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(b)

Figure 14: (a) Distributed filter implemented on single-layer PCB, (b) second-order
decoupling ladder filter

Distributed Networks

The coupling matrices for geometric overlap or the insertion of a scatterer/distributed
filter result in coupling matrix values that can be directly related to the relative position of
elements with respect to each other. The relative positioning of the elements will affect the
magnitude of coupling and therefore can be characterized to replicate the synthesized
coupling matrix from (10). An example of this is provided Fig. 13, where the coupling
between a distributed filter, presented in [9], is measured as a function of distance between
the filter and an adjacent RF coil, suitable for imaging at 7 T. From Fig. 13, the empirical
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relationship between separation distances ‘A’ and ‘B’ and the measured coupling

coefficients are,

ki,j = 0.02 7A_1'005

ki ; = 0.0602B7°03 (2.22)

Methods

Three theoretical array constructions were optimized with the coupling matrix algorithm.
These included 4-, 8- and 32-coil arrays, respectively. These designs were chosen to
replicate 8-coil transmit technology and 32-coil receive technology with the 4-coil array
constructed for experimental verification. All arrays were optimized with 2"-order lumped
element-decoupling networks as well as with 10"-order distributed filters (order
determined by the available coupling coefficients presented in the empirical relationships
in (2.21)).

Optimization Computation

The coupling matrix optimization was implemented in Matlab R2015 (Mathworks,
Natick, USA) with GPU-accelerated computation performed across one Tesla K20 unit
(Nvidia, Santa Clara, USA).

To replicate a typical array construction, the coil-to-coil coupling coefficients for the 4-
coil arrays that were both optimized then constructed were computed from,

= LK (2.24)

Lj — f22+f12
where f;Z and £ correspond to the upper and lower resonant peaks resultant from coupling.

Similarly, the coupling coefficients for the 8- and 32-coil arrays were estimated
from literature using well-known methods [12, 24] where the coefficients for the theoretical
arrays were calculated utilizing (2.24). Coefficients across several equidistantly spaced
separation distances between coils were measured, and an interpolated polynomial was
constructed. This polynomial, as a function of separation distance between coils, was then

used as the function to populate the entire RF array coupling matrices.
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Coupling coefficients can also be readily calculated from full-wave simulation via,

E; E;dv
key; = y Ei B (2.25a)

! 2
\/fleilsz X fVlEll dv

fV Prtto Hy - Hj dv

[, trbtoHi2 dv X [ ptypto | H;| v
1% 1% ]

(2.25b)

Ly

where keij and kmij represent the electric and magnetic coupling coefficients between the

i and j* coils in the array each producing electric and magnetic vector fields E; , E; and
H; , H;, respectively; terms p, and u, denoting the relative and free-space permeability;

and the volume integration term dv spanning the coil-sensitive region for the i and j™

coils.

To ensure results from the regularized solutions provided by solving (2.22) were stable
and optimum, Monte Carlo simulations were run on the 32-coil array solution. Individual
coupling coefficients between coils were distributed between 50-150% of their original
value across 500 samples. A 10% bandwidth (with respect to the full frequency span)
centered about w, was used to extract the mean value of the transmission and reflection
coefficients for each run. The Monte Carlo results were then compared against the original

solution’s reflection and transmission coefficients, respectively.

Experimental Verification

A physical realization of the 4-coil arrays was performed to verify the algorithms
computational results. Two 4-coil arrays were designed and sized appropriately such that
they were a possible subset of a full multi-channel receive head coil. Both the distributed
filter and lumped element implementations of the synthesized coupling matrix were
constructed and are visible in Fig. 14. To demonstrate the utility of the technique, the two
coil arrays were constructed with different coil dimensions and dielectric materials. The

coupling coefficients with respect to the two constructions are available in Tables I-11 for
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the lumped-element decoupling network array and Tables 111-1V for the distributed filter

array, respectively.

Differences between the computed values returned by the optimization (presented in
Appendix A: Tables I-1V) and those physically realized with the constructed 4-coil arrays
were calculated for: (i) shunt decoupling resonator self-resonances, (ii) coil self-
resonances, and (iii) coupling capacitor values. Measured values were obtained by

replacing trimmer capacitors with their discrete element value.

The 4-coil array decoupled with a distributed filter was implemented in the form of a
single-layer PCB. All copper routing for both RF coils and distributed filter nodes was
complete atop a single sheet of Rogers 3003 dielectric with single-layer 0.5-0z rolled
copper foil. Dimensions of the four coils were 3.1 x 3.1 cm with 0.31-cm wide struts. These
dimensions and positions relative to each other (see Fig. 5a) resulted in a coupling
coefficient of 0.0397 for adjacent coils and 0.0243 for the coils located along the opposite
diagonals. Individual nodes of the filter were self-resonant at ®,=297.2 MHz
(corresponding to a ‘0’ in the coupling matrix presented in Table III), with coupling
between node-to-node and node-to-coil given by (21). The nodes were composed of 14-
windings of 3-mil wide copper traces. Copper traces were spaced 3-mil apart from

winding-to-winding. Spacing between individual nodes is given in Table IV.

The four-coil array decoupled with lumped elements was implemented with four discrete
coils (dimensions: 2x2 cm with 0.31-cm wide struts) with 1 oz. copper traces routed atop
0.79-mm-thick garolite. The coil dimensions and positioning (see Fig. 14b) resulted in
coupling coefficients of 0.0670 for adjacent coils. Coils facing each other across the

diagonal had a coupling coefficient of 0.0410.

Both lumped- and distributed-array constructions were composed of four coils and
utilized surface-mount capacitors (100 series: American Technical Ceramics, NY) with
values ranging from 4.2— 5.5 pF. For both arrays, variable capacitors (1 — 30 pF, Johanson
Manufacturing, NJ) were placed at the drive point and opposite thereof to allow for tuning
and matching. The lumped element array included three additional variable capacitors

(1 — 30 pF, Sprague-Goodman, NY) and two variable inductors (25 — 34 nH, Coilcraft, IL)
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were located on decoupling circuits placed between the coils. This corresponds to the

topology and design values given in Tables I-II.

Both arrays were loaded with cylindrical gel phantoms (14.6 cm in diameter and 8.6 cm
in height), located approximately 7.5 cm perpendicularly away from the transmit elements.
The gel phantoms were composed of gadolinium chloride, agarose, and sodium chloride,

in concentrations intended to mimic the human head.

S-parameter measurements were performed on the arrays while located inside a 40-cm
cylindrical RF shield then correlated to those computed by the coupling matrix algorithm.
The effect of sample loading on the physically constructed arrays was studied through a
series of s-parameter measurements taken at coil-to-sample separation distances of 0-cm,
2.5-cm, and 5-cm, as well as unloaded. Separation distances were defined along the shared

perpendicular axis of the RF array and cylindrical phantom.

Full-Wave Electromagnetic Simulation

Time domain full-wave electromagnetic simulation was performed using
commercially available software CST Microwave Studio Suite (Darmstadt, Germany).
Simulation environment was constructed with open boundary conditions computed to -
40 dB reflected power accuracy. Adaptive meshing was applied to the simulation objects
with a linear s-parameter tolerance of 0.01. Adaptive meshing terminated once change in
s-parameters across the frequency of interest (297.2 MHz) was less than the assigned
tolerance for successive simulation passes. SAR was computed following the IEEE C95.3,

regulations for 1g SAR averaging.

Results

L:-Regularization

As demonstrated in Fig. 12 and Fig. 13, the lumped element representation of a
decoupling network contains fewer limitations to the achievable coupling coefficients in a
physical design. The coupling capacitor values can be altered with relative ease, whereas a
distributed design relies on several physical factors that may not be simply replicated in

the physical design. To this end, when solving the optimization problem for the lumped
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element representation, the regularization procedure was able to achieve a decoupling
solution of transmission < - 20 dB between all coils with a 2"-order network. However,
due to the fact that available coupling coefficients were much more restricted in the
distributed design case, many more decoupling elements were required. Therefore, in the
distributed case a 10" order distributed filter was required to decouple the arrays.

Rank regularization of the decoupling network is presented in Fig. 15 for a lumped-
element decoupling solution of the 32-channel array. The L-curve is normalized to the
residual norm of the optimization routine for a 20-stage decoupling network. As
demonstrated in Fig. 15, for a decoupling network of rank two (2"-order lumped element
network), the optimization returns a solution while increasing the magnitude of the residual
norm by 17 % in comparison to the relatively unbounded 20-stage decoupling network.
With respect to the feasibility of constructing a 2"-order network, as well as the dramatic
decrease in degrees of freedom for decoupling the array when moving from 20- to 2-
network sections, this 17 % increase is considered a modest compromise, and can
encompass many of the simultaneous decoupling objectives for the RF arrays tested in this

study.
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Figure 15: Relative residual norm of the cost function as a function of filter order.
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Computation time monotonically increases as a function of array/decoupling network
complexity. Total computation time for the 4-, 8- and 32-coil arrays were 2:46 min, 9:48
min and 1:32:38 min for the lumped-element designs, respectively. The distributed-
element computation times for the 4-, 8-, and 32-coil arrays were 8:46 min, 1:12:06 min,
and 6:38:01 min, respectively. Maximum computation times for the 32-channel array were
achieved on relatively modest server platform (Tesla K20 GPU and dual Intel Xenon E5-
2697V2 CPU) with total memory requirements below 1 GB. However, the main
computational overhead of the algorithm includes sparse matrices, with the entirety of
calculations performed in parallelizable-fashion. Due to this, additional acceleration and
speed-up could be achieved via utilizing an entirely GPU-accelerated nonlinear solver,
which is not currently supported in Matlab, but freely available in Python via several
publically licensed toolboxes.
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Figure 16: S-parameters of optimized four-coil array scaled to 297.2 MHz. The
lumped element implementation is visible with the dotted line and the solid lines
represent the distributed filter frequency response. Individual line-colours denote the
S-parameters for individual coils (reflection) and between coils (transmission).

Four-Coil Array
Coupling Matrix Optimization

The four-coil array was optimized for both a 2"-order lumped element decoupling
network, realized with capacitors, as well as a distributed filter, similar to the concept
illustrated in Fig. 13b. The corresponding s-parameters for the lumped element and

distributed design are presented in Fig. 16, respectively. The optimized s-parameters are
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given for w,=297.2 MHz which allows for a direct comparison to the full-wave and
experimental results. The synthesized coupling matrix for the lumped element
implementation is presented in Appendix A. Appendix A presents the relevant design
parameters obtained from frequency scaling the coupling coefficients using (3), calculating
the coupling bandwidth from (2) and using an equivalent inductance of 702 nH for the

|Reflection| (dB)

- Lumped Element ]
— Distributed Filter -

260 280 300 320 340

[ -+ Lumped Element

[ — Distributed Filter
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)
(=)

260 280 300 340

Frequency (MHz)

Figure 17: S-parameters of the physical four-coil array constructed according to
Fig. 6. The lumped element implementation is visible with dotted lines and solid lines
represent the distributed filter frequency response. Individual line-colours denote the

S-parameters for individual coils (reflection) and between coils (transmission).
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individual RF coils calculated from [27] for a flat wire track. The decoupling network
capacitor values are given in pF, with RF coil tuning provided in MHz and the coupling
coefficients between RF coils left for completeness.

Due to size requirements, a subset of the synthesized coupling matrix for the distributed
implementation is presented in Appendix A for coils 1 to 2. The design parameters ‘A’ and
‘B’ are presented in Appendix A and evaluated using (2.21) based on the coupling values
presented in Appendix A.
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Figure 18: S-parameter measurements for different coil-to-sample distances. Coils

were re-matched for the different distances.
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Experimental Verification

Measured s-parameters for the four-coil arrays are presented in Fig. 17. The design
parameters corresponding to the lumped element construction are presented in
Appendix A, with the design parameters for the distributed filter implementation presented
in Appendix A, respectively. Measured variations in s-parameters as a function of coil-to-

sample distance are presented in Fig. 18.

Mean differences between the calculated and physically constructed shunt resonators
self-resonances were 1.5 + 0.5 MHz. The mean difference in coil self-resonances was
2.1 + 1 MHz. Coupling capacitor values demonstrated a mean difference of 1.2 £ 0.4 pF

between calculated and physically constructed designs.

Wkg 0.3

(a) ‘ 7 (b)

(c) ﬁ (d)

Figure 19: Full-wave simulation results demonstrating (a), (c) magnetic field
distributions, and (b), (d) 1g SAR.
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Full-Wave Electromagnetic Simulation

Magnetic fields computed across a slice located at isocentre of the tissue-mimicking
phantom are presented in Fig. 19a,c for the distributed- and lumped-element arrays,
respectively. The 1g SAR field contours are similarly presented in Fig. 19b,d. Quantitative
results pertaining to the 1g SAR fields across the entire phantom, as well as current probe
measurements of the worst-case induced currents in the RF array coils due to mutual

interactions are presented in Table II.

|Reflection| (dB)

[Transmission| (dB)

Normalized Frequency (rad/sec)

Figure 20: Computed s-parameters for the 8-coil array decoupled with tenth-order
distributed filter. Individual line-colours denote the S-parameters for individual coils

(reflection) and between coils (transmission).
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Eight-Coil Array Table I1: Simulated field values for the four-coil arrays.

Decoupling Method

Coil Distributed Lumped
Average 1g SAR (W/kg) 1 8.23e-2 0.101
2 8.97e-2 0.102
3 8.89e-2 0.101
4 8.47e-2 0.101
Peak 1g SAR (W/kg) 1 0.577 0.582
2 0.565 0.573
3 0.540 0.573
4 0.578 0.581
Max Induced Current (A)" 1 6.00e-3 4.22¢-3
2 2.88e-3 4.23e-3
3 1.12e-3 3.96e-3
4 1.95e-3 4.30e-3

*Magnitude of largest induced current due to coupling between elements corresponding to a 1 A reference.

Coupling Matrix Optimization

The eight-coil array was optimized for both a 2"-order lumped element decoupling
network, realized with capacitors, as well as a distributed filter, similar to the concept

illustrated in Fig. 13b. The corresponding s-parameters, for the lumped element and
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distributed designs are presented in Fig. 20 and Fig. 21, respectively. The s-parameters are
presented for the prototype frequency span and can be scaled to the required resonant

frequency for comparison, utilizing (3) for the coupling matrix entries.

|Reflection| (dB)

|Transmission| (dB)

Normalized Frequency (rad/sec)

Figure 21: Computed s-parameters for the 8-coil array decoupled with lumped
elements. Individual line-colours denote the S-parameters for individual coils

(reflection) and between coils (transmission).
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Thirty-Two Coil Array
Coupling Matrix Optimization

Similar to the four- and eight-coil array procedures, the 32-coil array was optimized for
both a 2"%-order lumped-element decoupling network, realized with lumped elements, as
well as a distributed filter (see Fig. 13b). The corresponding s-parameters for the lumped

element and distributed design are presented in Fig. 22 and Fig. 23, respectively.

|Reflection| (dB)

|Transmission| (dB)

Normalized Frequency (rad/sec)

Figure 22: Computed s-parameters for the 32-channel array decoupled with a
distributed filter. Individual line-colours denote the S-parameters for individual coils
(reflection) and between coils (transmission).
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Figure 23: Computed s-parameters for the 32-channel array decoupled with

lumped elements. Individual line-colours denote the S-parameters for individual coils

(reflection) and between coils (transmission).

Monte Carlo Simulation

Monte Carlo simulation was performed on the 32-coil array decoupled with a 2"%-order
network. As shown in Fig. 24, the decoupling method, and by proxy the Li-regularization
procedure, used to find the optimal number of ladder stages is very stable. Both reflection
and transmission coefficients remain steady throughout all trial runs. The mean and
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standard deviation of the reflection and transmission coefficients from the random
sampling distribution are -20.4 + -1 dB and -20.5 + -2 dB, respectively. In comparison, the
optimal solution obtained by the nonlinear least squares algorithm had a mean reflection
of -20.7 dB and transmission of -20.6 dB across the same frequency span. Therefore, the
decoupling methodology can accommodate for a variety of possible changes in the array

leading to a variation in coupling coefficients (load, physical deformation, etc.).
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|Transmission| (dB)

Optimized Mean = -20.6 dB 24.1dB
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Samples

Figure 24: Monte Carlo simulation performed by varying the coil-to-coil coupling
coefficients of the 32-coil RF array with a second-order decoupling network. Coupling
coefficients were distributed between 50-150% of their original value for 500 random

trials.
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Discussion

Coupling Matrix Synthesis

The reduction of designing an RF array into a coupling matrix optimization has many
potential benefits for future constructions. Most importantly, this method can compute
either lumped element or geometric values that are commonly used for decoupling MRI
RF arrays. Additionally, solving for the coupling coefficients in the prototype filter
framework allows for arbitrary geometries and channel counts to be explored, as it does
not rely on a closed-form solution to be reached. This also allows the design to be both
frequency and impedance scaled for a variety of main magnetic field strengths as well as
hardware interfaces. Furthermore, through converting the coupling matrix to its lumped
element form or distributed filter form, it is possible to explore the sensitivity of any one
form of decoupling under a variation of conditions that would affect coil-to-coil coupling.
This was achieved with the Monte Carlo simulation of coil-to-coil coupling values located

in a synthesized M.

Other than performing parametric sweeps in full-wave simulation, this solution provides
a tractable way to synthesis a complex decoupling structure such as a distributed filter for
a multi-port network. From optimization, a few variables can be selected in terms of filter

placement in the array and can be realized from the method.

Similar studies, as seen in references [3, 9], achieve similar s-parameters (Fig. 16, 17,
19, 20, 22, and 23) computed here by the general coupling procedure. These frequency
responses are typical of a tuned reduction in the mutual impedance between coils.
However, the circuit representation presented by this study provides a very tractable
framework to design decoupling networks for very dense arrays.

The relationships derived in [27] were presented but not thoroughly solved in the general
case for arbitrary array constructions. Simply put, our method extends the same solution to
the loop-voltage system of equations beyond the case of two coils. Similarly, the nonlinear
programming approach via coupling matrix synthesis allows any decoupling interface to
be included in the original system matrix, and not appended as an additional N+2

decoupling interface. This is beneficial due to the fact that located within this N+2 interface
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are additional reactive terms occupying each matrix position presenting mutual impedance.
In comparison to the 2-stage network placed only between adjacent coils, as is presented
in this study, the N+2 interface requires potentially complex circuit realizations for array
constructions with a high degree of asymmetric or several cross-coupling terms. Similarly,
compensating for asymmetric coupling and arbitrary array geometry was not directly
addressed by the work presented in [22], where a set of loop-voltage equations were
analtyically solved for a two-coil system. As we have demonstrated in this study, the
solution space for large array counts is non-smooth and potentially discontinuous which
makes extending a close-form solution for two coils to a general framework non-trivial.
Furthermore, the closed-form solution requires predetermining circuit realizations prior to
solving the system of equations, whereas in coupling matrix synthesis, the filter design is
flexible and can be physically realized with a class of well-known ladder equivalent
circuits. Although the []-network utilizing capacitor phase shifting was demonstrated in
this study, equally applicable are the other coupling circuits presented and can be combined
with other filter synthesis methods. This study has demonstrated the applicability of a
coupling matrix procedure for a variety of complex RF array designs and concluded that
the MRI electromagnetic environment does not preclude the use of advanced filter

synthesis concepts [28-30] for designing RF array circuitry.

This concept of being able to decouple a wide-variety of resonating elements in an array
is the strongest application of this work (see Fig. 22 and Fig. 23 for the 32-coil array). As
demonstrated in [2] when performing MR at UHF ( > 7 T), the electromagnetic fields
during both transmit and receive become a mixture of both magnetic- and electric-dipole
interactions. This is unlike lower field strengths, where typically magnetic-dipole
interactions dominate. In an effort to achieve optimum SNR and transmit efficiency, more
elaborate transmit/receive coils, that include mixtures of different resonating elements and
antennae [31], have been demonstrated to better exploit these current distributions.
Therefore, the coupling synthesis method is well suited for addressing the construction of
these challenging arrays that will require some level of decoupling between elements not

typically achieved with conventional methods.
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Similar comparisons between this discussion point and other previously reported
decoupling methods can also be made - the insertion of a tertiary decoupling loop [32, 33]

or purely capacitive networks [4, 34, 35].

Experimental Verification

The s-parameters presented in Fig. 17 demonstrate many similar characteristics to those
obtained from the optimization routine (Fig. 16). Predictably, the additional resistance
incurred in the physical design, as well as minor additional sources of coupling between
elements results in perturbations in the measured response. However, the decoupling
achieved about w, was beyond the -20 dB level for all transmission coefficients, with all
reflection coefficients characterizing a tune-and-match for all elements at w,. From both
optimization and measurements, the distributed filter demonstrated a wider decoupling
bandwidth in comparison to the lumped element implementation. This is due to the greater
number of distributed filter resonators in comparison to a 2"-order decoupling network.
For the distributed filter, the additional coupling terms between resonators and resonator-
to-coil have the effect of broadening the decoupling bandwidth.

As demonstrated in Fig. 18, when decreasing the sample-to-coil distance, coupling
monotonically decreased due to additional dissipative loss incurred in the more tightly
place conductive load. Due to the increased loading, impedance match was similarly
affected. However, once re-matching of the array elements were completed, the decoupling
was minimally perturbed and demonstrated a steadily improving response regardless of the
introduction of additional coupling pathways via conductive interactions through the
phantom. For the most typical RF array constructions, separation distances of 2.5-cm and
5-cm demonstrate strong decoupling.

Full-Wave Electromagnetic Simulation

As demonstrated in Fig. 19, the arrays constructed with the coupling synthesis
method display distinct electromagnetic field profiles attributed to a low level of mutual
interaction. Provided that the SAR field profiles provided in Fig. 19 are a function of the
electric field at those points, the minimal interaction of coil elements has a similar effect

on the electric field distribution as it does on the magnetic field distribution. This minimal
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interaction is further demonstrated by the current probe measurements provided in Table
Il that illustrate very low induced current magnitudes. Qualitatively; the magnetic and SAR
field profiles show agreement across decoupling implementations, with each coil in both
array displaying unique sensitivity profiles — important for both parallel imaging

performance, as well as parallel transmission.

Conclusion

This study confirms the applicability of coupling matrix synthesis as a promising method
for the design of multi-coil RF arrays used in MRI. This study presents a multi-port
equivalent coupled circuit and performs analysis in the prototype-filter domain. By
generating a series of Chebyshev Type | polynomials and frequency points to minimize
transmission, this study demonstrates the ability of a nonlinear least squares algorithm that
returns a coupling matrix that can be physically realized. Physical measurements confirm

the results demonstrate high decoupling values between coils located in an array.

The coupling matrix synthesis approach provides exciting opportunities to design
dense RF arrays, mixing multiple types of resonant elements and antennae, with highly

decoupled coils and provide further insight into RF array interactions.
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Chapter 3

MRI RF Array Decoupling Method with Magnetic Wall
Distributed Filters

In this chapter, the general framework developed in Chapter 2 is extended to the
construction of specific decoupling structures. Further electromagnetic insights are
provided on the theory and operation of these classes of distributed filters. This chapter is
derived from the manuscript, “MRI RF Array Decoupling Method with Magnetic Wall
Distributed Filters” published in IEEE Transactions on Medical Imaging in April 2015.

Introduction

This study presents the ability of a planar RF filter to decouple elements located inside a
transmit array. The decoupling method was implemented in the form of a distributed filter,
inspired by the periodic design of frequency selective surface (FSS) that utilize non-
magnetic conductors. Typically, an FSS is designed as a cascaded array of ‘unit cells’
composed of self-resonant structures. The self-resonance of each unit cell is typically
equivalent along the entire array. We refer to this design as a “magnetic-wall” (MW). The
geometry and miniaturization possibilities of MWs make them attractive candidates for use

in the space-limited environment of an MRI coil.

The principle of MW operation is illustrated with an equivalent circuit analysis that
accounts for an arbitrary MW design and a chosen number of RF coils. Augmenting the
theoretical discussion, full-wave electromagnetic simulations are performed in CST
Microwave Studio (Darmstadt, Germany) to confirm results obtained from the equivalent
network. Both results are experimentally verified with a physical MW filter design. The
physical MW was implemented into a sample RF array to examine the decoupling of both
first-order coupling and higher-order coupling arising from cross-coupling terms between

three RF coils.

General RF Coil Coupling

Various types of coil elements can be used to construct transmit arrays such as loops

(square, circular, etc.), transmission lines, or dipoles. Without loss of generality, loop coils
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similar to the one shown in Fig. 25 will be used to illustrate the decoupling concept. These
coils are typically impedance matched (using Cwm) to the rest of the RF transmit chain
through a 50-Q feeding line. A balanced-to-unbalanced transformer (balun) is usually used
at the input of the loop. The loop can be matched and tuned using a variety of methods
such as an L-network composed of series and shunt capacitors at the inputs. The series
capacitor is commonly distributed around the loop as shown in Fig. 25 (C1 and C»). The
loop can be tuned to the desired frequency by varying Cr. Fig. 25 shows a building block
of an RF array showing two identical loop coils in the xz-plane (z being in the direction of

the main magnetic field, Bo) without any decoupling method applied.
Cz C1 C2 C1

Conductive
wire or trace

<«—Balanced feed—»

Figure 25: Magnetic wall proof-of-principle setup.

As elaborated upon in Section 1.3, due to the presence of magnetic flux linkage and stray
capacitance emanating from RF coils in the array, interfering voltages develop across the
terminals of all input ports in the array. This results in the production of tertiary magnetic
fields from coils that may be otherwise un-driven. The corresponding reflection
coefficients measured at the input of these coupled terminals show distinct 'mode splitting’
since the coils (resonators) are tightly coupled (see Section 1.3 for derivation). For two RF

coils, this splitting can be considered ‘first-order coupling’. The addition of more RF coils
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to the two-coil setup would manifest itself as additional modes in the frequency spectrum
of both the reflection and transmission coefficients. This cross coupling between coils that
are not directly adjacent is considered ‘higher-order coupling’ (the order of which is
determined by the number of coils in the full array). Under these coupled condition, each
individual RF coil is detuned and mismatched at the Larmor frequency (298.2 MHz),

rendering them inefficient for transmitting at this desired frequency.
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Figure 26: Magnetic wall theory of operation.

Magnetic Wall Decoupling Concept

To reduce the mutual coupling between transmit array coils, a magnetic wall (MW) is

inserted between the loops (see Fig 26). The magnetic wall is a miniaturized distributed
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filter that is coupled to the array and designed to produce a stopband between the terminals
of the RF coils. The stopband is centered about the Larmor frequency. By eliminating the
transmission of energy between the terminals of individual coils, the tune and match of the
array is restored to a singular resonance with high efficiency at the design frequency.
Notably, the transmitter driving it, thus improving the fidelity of the transmitted

waveforms, now solely determines the loop voltage.

Equivalent Network

(J

icoils

Zcoils Zcoilz Zcoilm

R: R: R

Figure 27: Magnetic wall equivalent-circuit analysis.

THEORY
A. Magnetic Wall Design

As seen in Fig. 26, the concept of the MW is to place a miniaturized filter between
adjacent RF coils. The MW is edge-coupled to the adjacent RF coils via electric and
magnetic coupling. The MW is comprised of a linear array of 'unit cells' that provide a
decoupling response within a bandwidth that is determined by the number and geometry
of the unit cells located inside a full MW. Each unit cell in the MW is comprised of a
fundamental conductor geometry that is commonly referred to as either a 'spiral resonator

(SR)" or a 'spiral inductor (SI)'. These tight windings have the ability for significant
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miniaturization while resonating in the MHz regime required for MRI decoupling [36]. At
higher GHz frequency of operation, split ring resonators (SRRs) and complementary split
ring resonators (CSRRs) have been extensively studied in literature for their operation in
high-frequency circuit design as effective noise suppressing elements [37]. They have also
been used as filters for providing stopband and passband characteristics when the
individual resonant conductors are tuned to the same resonant frequency [38]. This
approach of tuning the individual resonant conductors (‘unit cells’) to the same resonant
frequency is extended to the full RF array where the MW is comprised of an array of unit

cells designed to resonate at the Larmor frequency of the RF coils.

Equivalent Network Model

To analyze the MW operating inside an array of RF coils, the network model in
Fig. 27 is employed. Here, the equivalent circuit presented in Chapter 2 is modified to
consists of ‘n’ resonating unit cells located inside an individual MW and ‘m’ RF coils (Fig.
27 - Zmw and Zcoil, respectively). The total number of MWs is assigned to be equivalent to
the number of ‘m’ coils. The mesh of the coupled network can be written as

i
to =12

11
: ] (3.1).

Viim ln+m

For the general case of ‘n’ unit cells and ‘m’ RF coils the impedance matrix [Z] is

Zc0i11 ZCOill,mWLl Zcoill,mwm,n Zcoill,coilm |

mel,l,coill ZmW1,1 ZmW1,1:me,n ZmW1,1'COilm
: (3.2).
Zme,n,COih Zme,n»mW1,1 e Zme,n mem‘n,coilm
| Zcoilm,coi11 Zcoilm,mw1_1 o Zcoilm,mwm_n Zcoilm
The self-impedance terms are written as
) 1
Zcoilm = Rcoilm +](‘)Lcoilm + (3.3a)

]choilm
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_ 1

Zme,n = mem,n +]a)Lme,n +ijTm (33b)

Following from [39], the stopband for a coupled MW-like structure is centered about the
resonant frequency of the individual unit cells that compose the full MW. Assuming
individual MW unit cells are all tuned to the same self-resonant frequency that is equivalent

to the resonant frequency of the RF coils in the array, (3.2) can be transformed to

[Z] = wo(LelZc] + Linw[Zmw]) — jw[Z ] (3.4)

where the normalized impedance terms are defined as

0 fori+j
[Zclis = {qcoilm +6 fori=jandi,j#n (3.52)
0 fori+j
(Zmwlij = {qmwm‘n +6 fori=iandi,j #m (3.5b)
|[1(\)4 M1,.2 Mi’j]
Znl=|"" . (3.50).
LM, 0]
Terms in (3.5a) and (3.5b) are defined as
Rcoilm
ilyy =7 — 3.6
qcozlm woLcoilm ( a)
me
I = = (3.6b)
W, womem‘n
. w wO
6=j (w— — Z) (3.60).
o

Term w, is the resonant frequency of the individual MW unit cells and the RF coils. Self-
impedance terms (3.3a) and (3.3b) are written in terms of quality factor in (3.6a) and (3.6b)

where Loy, and Loy, ,, are the inductances of the individual RF coils and MW unit cells,

respectively. Resistance terms in (6a) and (6b) are similarly denoted.
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The off-diagonal coupling terms in (3.5c) can be written in terms of a coupling

coefficient which includes both electric and magnetic coupling [25]

M;; = (kmi_j LijLij — ke, /Ci,jCi,j) (3.8).

Following from Fig. 27, S-parameters can be extracted from the terminated RF coil

outputs and expressed in terms of (4)

[Z])im (3.92)

qcoilm

2

4/ CIcoill CIcoilm

[Z]1; (3.9b).

1m

Figure 28: Magnetic wall dimensions.

Methods

All S-parameters, MW frequency responses, and RF-coil frequencies were
measured with a network analyzer (Agilent Technologies, model E5071C). Full-wave EM
simulations were performed using commercially available software: CST Microwave

Studio (Darmstadt, Germany).



69

Magnetic Wall Design

A MW filter was designed for theoretical, full-wave and experimental analysis. The
design of the MW was completed in a two-fold process. In order to achieve an individual
unit cell with a self-resonance near the Larmor frequency of the RF coils, while still capable
of being constructed with conventional PCB technology, a stack of identical conductors
was required (Fig. 28). This unit cell has an equivalent circuit (Fig. 29a) that accounts for
magnetic interactions between the stacks of identical conductors. The inductance matrix
for this circuit is

Ll M12 M13

Ly =|Ma1 Ly My (3.10)
M31 M32 L3

where the following assumptions: (a) uniform magnetic coupling is the dominate source of

coupling throughout a single unit cell (k12 =0.99, k13=0.97, k23 = 0.98); and (b) equivalent

inductance of individual spiral inductors (L1 = L = L3) yield a total inductance of
Ly = 1.97L, (3.11).

Therefore, the total inductance of the MW can be determined by calculating the
inductance of a single spiral and then solving (3.11). Similarly, the total capacitance was
calculated based upon the self-capacitance of each resonator (C1 = C2> = Cg). This yields

the following expression for resonance

1
= (3.12)

w
™ [5.91L,C,

Given specific the geometry of the spiral resonators, the inductance and capacitance
values are directly calculated via equations (3.11) and (3.12) presented in [40] for L, and
Cy, respectively. The initial estimates for geometric parameters to achieve resonance at
298.2 MHz with (12) were taken from Fig. 4 of [28] for the case of 8 conductor turns.
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Figure 29: (a) Magnetic wall equivalent circuit, (b) unit cell as constructed in CST
Microwave Studio and (c) electromagnetic boundary conditions applied to the full

magnetic wall construction.

To confirm the equivalent circuit results, the geometric values for the stacked spirals
(number of windings, conductor outside and inside diameters, dielectric constant and
thickness) were used to construct an initial model inside CST where the final optimization

of the structure for decoupling was performed. This method ensured that the MW
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parameters were sufficiently close a conductor geometry that resonates at the Larmor
frequency. Therefore, the optimization time was reduced and fed the simulation space a

well-conditioned initial estimate.

The number of conductor windings, dielectric thickness, and dielectric constant were
kept constant in the parametric simulation of the MW. The other geometric parameters (in
reference to Fig. 28 - conductor outside diameter ‘L’, spacing ‘t’ and width ‘w’) assigned
as variables. Initial values for the optimization were assigned from solving (3.12) and given
a minimum and maximum bound of 15% of the original value within a parameter search
was performed for min{S11(298.2 MHz)}. Unit-cell electromagnetic boundary conditions
were placed in the positive and negative x- and z-directions (see Fig. 30b). Additional air
(er=1 and pr=1) was added above and below the MW in the y-direction with open boundary
conditions placed at the y-axis extents. The dominant TE Floquet port-mode excitation was
used in the positive and negative y-direction with the incident magnetic field (H) rotated
perpendicular to the xz-plane of the MW (see Fig. 29b for the incident field orientation).
S-parameters were extracted from waveguide ports located at the positive and negative y-
directions, with phase de-embedding applied. The MW was physically constructed with

common PCB manufacturing processes (Advanced Circuits, Aurora, AZ).

Equivalent Circuit Network

The inductance term L.,;; from (3.5) were calculated based on formulas presented
in [27] for a flat PCB track. The values for conductor rectangular geometry (20 x 6.35 cm),
track width (0.32 cm) and thickness (1 oz. copper) were based on the physical design of

the RF coils (Fig. 30) and were used to compute Ly, . Term Ly, . . was computed from

(3.12) with L1 calculated from the 'modified wheeler' expression in [41] for the dimensions
of the conductor in the MW filter (Fig. 28). Capacitance terms were calculated based on
both the MW and the RF coils resonating at 298.2 MHz. Resistance terms in (3.5) were
approximated via sheet resistance for flat copper PCB tracks based on the physical design
of the MW (Fig. 28) and RF coils (Fig. 30).

Coupling terms in (3.8) for interaction between individual MW unit cells were

calculated from equations (17) and (18) in [25] for respective electric and magnetic
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couplings of loop resonators. The coupling coefficient between a single MW unit cell
(mw,, ,,) and a single RF coil (coil,,), as well as between the RF coils (coil,,, coil,, 1),

were calculated from (3.8) with the following definitions

fV Ecoilm ) Emwm‘n dv

ejj — - -
\/fVlECOilml dv X fylEmwm_nl dv

(3.13a)

fV HUrllo Hcoilm ) l'Imwm‘n dv

\/fV Urlo |Hcoilm|2 dv X fV Hrlo |Hme,n|2dv

Km; ; (3.13b).

As seen in (3.13), the circuit terms Cy,, . and Ly, . from Fig. 27 are represented with

volume integrals over their respective fields responsible for coupling. Computation of the
electric and magnetic fields was performed inside CST with an identical 0.5-Wms Gaussian
windowed-pulse. Input power was normalized to the accepted power at each respective
port for the MW and RF coil ensuring each field was scaled to the same unit excitation.
The dimensions of the simulation environment were sized to encompass the full physical
realization of the MW filter and RF coils. Therefore, volume and gridding was kept
constant for computing each field prior to performing the integration required in (3.13).
For MW unit cell to RF coil coupling, one simulation was performed and coupling between
all individual MW unit cells and RF coils were assumed to be equivalent. Coupling
coefficients were confirmed with measurements using the following definition for the

coupling coefficient

k=20 (3.14)

b [+

where £2 and f;2 correspond to the upper and lower resonant peaks resultant from coupling

between RF coils as well as between RF coils and a MW unit cell.
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Full-Wave filter Simulation

Two full-wave computations were performed. The first simulation was a waveguide
excitation performed on the full MW filter to analyze the reflection and transmission
coefficients for a perpendicular magnetic field (H). This excitation is an approximate
model based on the orientation of the magnetic field (H) and electric field (E) present
between two adjacent transmit coils (see Fig. 26) that result in the mutual coupling terms,

M; ;, in (3.8). The MW was constructed according to dimensions provided in the truncated

ij
magnetic wall figure presented in Fig. 29 and was composed of 1-0z copper (lossy)
metallization and adhered to a 1.52-mm-thick Rogers 4350B high-frequency dielectric.
The full 27-unit cell array was realized in the simulation space. Waveguide ports were
located on the positive and negative extents of the x-axis. Magnetic (M:=0) and electric
(Et=0) boundary conditions were located on the positive and negative y- and z-axes,
respectively. These boundary conditions produced a linearly polarized TEM waveguide
mode inside the cavity along the x-direction. The magnetic field (H) was oscillating along
the y-axis, with the electric field (E) oscillating along the z-axis. The orientation of the
MW, waveguide ports and boundary conditions in CST are provided in Fig. 29c.
Computation was performed in the frequency domain. Both waveguide ports were driven
with a 0.5-Wms Gaussian-windowed pulse. Phase de-embedding was applied to each
waveguide port, accommodating for the phase shift occurring between the structure and
each port. Waveguide ports were normalized to free-space impedance in accordance with

the field lines presented in Fig. 26.



74

(b)

Figure 30: (a) Magnetic wall EM simulation setup and (b) experimental setup.

The second simulation was performed to analyze the in situ decoupling capability of the
MW. This was completed with a 0.5-Wms driven three-port transient simulation performed
with three RF coils (20 x 6.35 cm) placed in plane with two MW filters. The MW filter
was composed of 1-oz copper (lossy) metallization, and adhered to a 1.52-mm-thick
Rogers 4350B high-frequency dielectric. Similarly, the transmit coils were composed of a
pure-copper conductor and a G-10 dielectric substrate [42]. The simulation setup
corresponding to the full-wave filter analysis is presented in Fig. 30a. Each transmit coil
was tuned and matched to 298.2 MHz.

Dissipative power losses occurring inside the MW filter were calculated across the
frequency range of the simulation. The power losses incurred in the MW were then
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compared to several identical three-coil systems that included conventional decoupling
techniques: decoupling capacitor, decoupling inductor, and coil overlap. Both the
capacitively decoupled and inductively decoupled three-coil systems included an
equivalent series resistance (ESR) for the decoupling coil of 0.1 Q. Although a direct power
dissipation comparison between the MW method and simple coil overlap was not generally
applicable, a comparison between power losses due to coupling was performed (|t). The
highest value for the transmission coefficient between all three RF coils was used as the
value for [[. The optimal overlap of the three RF coils was obtained inside CST using the
built-in parametric optimizer. The power dissipation simulations were used to compare the
relative efficiency of a RF array decoupled with a MW filter to that conventionally

decoupled. All simulations were performed unloaded.

Experimental Validation

A physical realization of the simulation study carried out in CST was performed to
verify simulation results. The measurements were performed using the identical
experimental setup as described in the Full-Wave Filter Analysis section (see Fig. 30b),
with three RF coils (20 x 6.35 cm) placed adjacent to each MW filter. Each transmit coil
was tuned and matched to 298.2 MHz. MW’s (see Fig. 28 for dimensions) were placed
between the three RF coils. The s-parameter measurements were then correlated to those
extracted from the simulation and calculated with the equivalent network.

Results

Magnetic Wall Filter

The final dimensions and geometry of the MW are presented in Fig. 28. Following
the parametric optimization for dimensions ‘L’, ‘s’, ‘w’, and ‘t’ as outlined in the Methods
section, the unit cell of the MW achieved best decoupling when tuned to the Larmor

frequency corresponding to dimensions given in Fig. 28.
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The simulation setup corresponding to the transmission and reflection analysis of
the full-wave filter analysis is presented in Fig. 29c. The simulated filtering response of the
MW is presented with reflection (|S11]) and transmission (|S12|) coefficients in Fig. 31. As
demonstrated in Fig. 31, |Su1| at 298.2 MHz is -0.4 dB, with |S12| achieving -26 dB,
corresponding to an effective stopband response when excited with a field similar to that
present between RF coils. At the -20 dB stopband roll-off points, the MW achieves a 15-
MHz bandwidth about the Larmor frequency. Although this simulation illustrates a clear
bandstop response to an incident perpendicular magnetic field and parallel electric field,
the variation in vector field between an actual RF coil and the MW s typically not so
rigidly defined. This will alter the eventual decoupling response and was studied further in

the full RF array implementation of the MW.
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Figure 31: Simulated s-parameters of magnetic wall

Due to manufacturing tolerances, the physical MW unit cell with dimensions
corresponding to Fig. 28, resonated at a frequency of 304 MHz with a FWHM of 15 MHz.
The resonant bandwidth (Aw) was 35 MHz centered about 298.2 MHz. When unit cells
were arranged in a linear, periodic array to form a MW, the individual resonance was
centered about 297 MHz due to coupling in the full structure. This corresponded to a

measured coupling coefficient between individual MW unit cells of m,,,, .y, . =
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—0.047. Although the individual structures were not identically tuned to the Larmor

frequency, the bandwidth was still suitable for decoupling in the experimental verification.

Equivalent Network Circuit

The calculated s-parameters corresponding to Fig. 30 for the 3-coil array are presented
in Fig. 32. The coupling matrix from (3.8) was realized with terms for adjacent unit cell
coupling, coil-to-coil coupling and coil-to-MW unit cell coupling. The coupling

coefficients used to populate (3.8) are summarized in Table Il1.

Table I11: Coupling coefficients for magnetic proof-of-principle

Coupling Coefficients

k kmi']. k;;

Ei’]‘

Mcoily,Coily Mcoily,coi. 0.0183  0.0916 0.0733

Mcoity Coily 0006  0.0519 | 0.0459

mCoill,mwl‘nf mCOilz,ml

0.0232 0.0013 | -0.0219

mCOilg,mWZ‘n' Mcoit, m

0.000073
Mcoily, mwy ,» Meoil;m 0.0021 ) -0.00203

Moy omwmney  0.0489  0.00348 | -0.0454
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Figure 32: Computed s-parameters for magnetic wall proof-of-principle from

equivalent circuit model

Full-Wave Filter Simulation

The simulation setup corresponding to the in situ decoupling analysis of the full-
wave filter analysis is presented in Fig. 30a. Fig. 35a demonstrates the relative magnetic
field profile of two coupled-coils individually tuned and matched for proton imagingat7 T
(corresponding to 298.2 MHz). In comparison to the same RF coils in Fig. 35b, the
electromagnetic coupling between the coils is demonstratively suppressed with the
placement of MWs between the three coils. The RF magnetic field around both coils is
shown in the xy-plane along the centre line, when a voltage drives the middle coil (Coil 2)

and the other coils (Coil 1 and Coil 3) are terminated with 50 Q. Due to the presence of the
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MW, minimal current is induced in Coil 1 and Coil 3. Consequently, the flux linkage
between coils is reduced. Reflection (|S11]) and transmission (|S12|) coefficients provided in
Fig. 33 for the same setup quantifies the degree of isolation achieved between the terminals
of the RF coils. For the simulation, the MW achieved -24 dB of decoupling at the Larmor
frequency (298.2 MHz) between both Coil 1 - Coil 2 and Coil 2 - Coil 3, as well as -28 dB
of decoupling between Coil 1 - Coil 3. Defining -20 dB as the stopband roll-off, the MW

achieved a bandwidth of 40 MHz about Larmor frequency.
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Figure 33: Simulated s-parameters for the magnetic wall proof-of-principle
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Figure 34: Measured s-parameters for the magnetic wall proof-of-principle

As seen in Fig. 36, the computed magnetic field (|H|) contours located in the centre of the
stopband excitation demonstrate a sharp geometric roll off in intensity along both the x-
and z-axes. This may in part be accounted for due to the quasi-toroidal MW geometry
present in the y-direction. This results in a relatively continuous field that is produced along
the y-direction where the individual coils retain a high coupling coefficient (k=1).
Additionally, this geometry enables the MW to be highly sensitive to a perpendicular H-
field incidence without significant magnetic interaction between the individual spiral
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inductors themselves on a unit cell to unit cell basis. This is demonstrated in Fig. 36, with
minimal flux linkage visible between adjacent conductor windings. Due to this, the

coupling between MW unit cells is predominately electric as illustrated by Table I11.

The dissipative power losses occurring inside both the MW filter and a decoupling
capacitor are provided in Table Il. The losses were calculated at 277 MHz, 298.2 MHz,
and 338 MHz to provide details on losses incurred in both the passband and stopband of
the MW filter. The most pertinent losses are those occurring at 298.2 MHz, as these
contribute to the maximum attainable efficiency of a transmitting RF coil.

@

1 0.5 0

Figure 35: Relative magnetic field |H| contours for (a) coupled and (b) decoupled RF

elements
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Experimental Results

The experimentally measured S-parameters of decoupling three RF coils with a
MW filter are provided in Fig. 34. Placement of the MW filter between the coils effectively
decoupled all coils in the array. At 298.2 MHz, |S12| was -19 dB, and both |S13| and |S23]

were -22 dB with no mode splitting present in either |S11|, [S22| or |Ss3| spectra.

0

Figure 36: Relative magnetic field (JH|) contours for a plane-wave excitation of the

magnetic wall

Discussion

The analysis presented here yields similar filtering behavior to that previously
studied [43]. Both in the case of reference [39] and the MW filter, the stopband was
centered about the resonant frequency of the periodic filter. Based upon the equivalent
network presented in Fig. 27, the calculated s-parameters (Fig. 32) were similar to those
derived from both the full-wave simulation (Fig. 33) and experiment (Fig. 34). Therefore,
through the use of a filter that is edge-coupled to adjacent RF elements, the MW achieves

an adequate bandwidth for eliminating transmission between coils.

The ‘spiral inductor' or 'spiral resonator' design basis for the filter has been

previously demonstrated to operate effectively in the MHz regime [44]. One possible
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reason for this is the large inductance achievable with such a design. The relatively large
inductance is required to resonate the MW at 298.2 MHz, as highly capacitive structures at
these dimensions are difficult to realize. However, the possibility still exists for further
miniaturization and optimization for better decoupling with different distributed coil
designs. As demonstrated in Fig. 36, when MW unit cells are located in a periodic array it
is possible to orient the spiral inductor such that it produces relatively minimal stray
magnetic field lines and the coupling can be modulated thusly for either component of the
electromagnetic field in an RF array. These field patterns in Fig. 36 also demonstrate the
modular decoupling capability of the MW. The MW’s ability to minimize fringe field
effects and reduce the RF penetration length has the potential for modular application as a

bandstop filter placed between many closely interacting transmit coils.

Design Principles

Several key principles have been demonstrated in this study for the purposes of
decoupling closely interacting RF array elements. Several strategies can be used for
obtaining the optimal distributed filter design: equivalent circuit calculation, full-wave

optimization or a combination of both.

For the equivalent circuit calculation, as seen in (3.4), the transmission between any two
RF coils located in an array can be modulated by the coupling coefficients between
individual MW unit cells, as well as between the unit cells and the RF coils. Although, in
this study the MW unit cell was synthesized based upon the most compact design
achievable with the PCB manufacturing tolerances, other geometries can be exploited with
finer manufacturing processes. Due to this, (3.4) can be solved such that in (3.10b) S12 =
0 with the following steps: (1) Determine a suitable unit cell geometry with a self-
resonance at the Larmor frequency which the RF array is tuned to; (2) Calculate the self
impedance of the RF coils and MW unit cells; (3) Calculate coupling coefficients from
(3.13) or (3.14) for coupling between RF array coils as well as between each RF array coil
and a single MW unit cell; (4) Optimize for required unit cell-to-unit cell coupling. The
optimization process for obtaining coupling values in coupled resonant filters can be

obtained from a gradient-based optimization [45-47].
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In terms of full-wave decoupling optimization, as was performed in this study, the
coupling coefficients, although possible to extract after-the-fact, need not be directly
calculated. Due to this, the simulation space can be setup to generate a parameter search
for the best geometric parameters given some initial steps: (1) Determine a suitable unit
cell geometry (single spiral, stacked spiral, concentric open loop rings, etc.) with a self-
resonance near the Larmor frequency which the RF array is tuned to; (2) Construct the unit
cell inside simulation space and assign geometric variables (for example, from Fig. 28: ‘L’,
‘s’, ‘w’, and ‘t’) to the conductor/dielectric dimensions as outlined in the Methods section
for determining the resonance of a single unit cell; (3) Array unit cells into full MW and
place inside RF array inside the simulation environment; (4) Perform parameter sweep for
the same, or a subset of the geometric variables, as outlined in step (3) with the conditions
of min{Sij(wo)} and min{Sii(wo)}. It may be required to include parametric variables for
the tune and match lumped elements located on the RF coils to ensure a proper decoupling

solution is reached.

Table 1V: Simulated power dissipation in magnetic wall proof-of-principle

Dissipated Power [dB] |S12[?

277 298.2 338 298.2
MHz MHz MHz MHz

MW -42.3 -35.3 -40.9 0.004
Capacitor -41.1 -34.3 -39.7 0.050

Inductor -40.8 -34.0 -394 0.045

Overlap 0.071

With either approach to the design of a specific MW, the number of unit cells, and their
relative placement in the RF array modulate the coupling matrix and electromagnetic fields

that ultimately cause coupling and cross-coupling between RF coils in an array. This allows
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other potential conductor unit cell geometries to be used that better conform to the RF array
requirements and also invites different placement strategies of MW unit cells to further
optimize the decoupling effect. With both the equivalent circuit and full-wave analysis
including the effects of electric and magnetic coupling, the MW presents an interesting
response to the presence of mixed coupling in a full RF array. The high level of decoupling
obtained with this method exemplifies that coupling contributions from both components
of the electromagnetic field are filtered. Applying this decoupling mechanism is unlike
most conventional on-coil MRI RF decoupling techniques (lumped elements, overlap,
etc.), which typically only evaluate first-order coupling from the magnetic or electric field
components. Furthermore, the distributed design has the ability to minimize transmission
within a bandwidth that is modulated by the coupling coefficients between the individual
MW unit cells as well as between the unit cells and the RF elements themselves. Therefore,
unlike individual lumped elements between adjacent RF coils or geometric overlap, the

MW coupling matrix can be synthesized to suppress all cross-coupling terms.

S-parameters from the full-wave analysis are presented in Fig. 33. For an unloaded
transmit system, -30 dB of decoupling achieved between transmit coils is considered very
high. This simulation data had comparable |S12| values to those measured from experiment
(Fig. 34). Furthermore, when comparing the relative magnetic field intensities of the
coupled (Fig. 35a) and uncoupled (Fig. 35b) magnetic field intensities, the MW provides a
distinct suppression in the magnetic flux linkage between RF coils. Thus, the MW filter is
effective in reducing the potentially damaging power scattered through the coupled coils

in the array and back towards the amplifiers.

The computed dissipative power losses demonstrate that the MW filter retains a
high Q-factor (= 30) and a low magnetic loss component due to the geometry and materials
used for constructing the filter. Because of this, the filter dissipated only 0.1 dB more
power at the Larmor frequency than the conventional decoupling capacitor and 0.4 dB
more power than a decoupling inductor. Therefore, decoupling with a MW filter does not
introduce any significant losses into the transmit system at the transmission frequency of
298.2 MHz and the losses that are introduced are likely compensated for by the improved

inter-coil decoupling.
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Production and Application

The PCB manufacturing of fine conductor features is not ideal for translating simulation
and analytic design to the physical realization. The etching or milling process may lead to
irregularities in the conductor edges and surface roughness — two properties well known
to change the electromagnetic response at high frequency [48, 49]. However, within a
certain bandwidth of frequencies centered about the Larmor frequency, the slight
perturbations in resonance between periodic structures resulted in a MW that is still
sufficient for decoupling (inter-coil |Si2]) beyond the -20 dB limit (Fig. 34). The
manufacturing tolerances also might account for the variation in the simulated results to
those achieved in experiment. The use of a tabulated surface impedance model for the

conductor inside the EM computation may be useful for simulating this reality.

This study has primarily focused on the lumped inductance and capacitance present
in the conductor windings of a MW to derive resonance and subsequent filtering response.
The permittivity of the substrate the conductor is printed atop has not been explored, but it
is expected that altering the substrate will alter the Q-value of the MW filter as well as the
bandwidth response. Furthermore, the presence of an additional dielectric layer atop the
conductor has the potential to mitigate the selective MW response to certain magnetic field
(H) angles of incidence [50]. This is a potential method for altering the coupling of the
MW into the array without manipulating the specific placement or geometry of the MW
unit cell. Due to the fact that eliminating transmission between transmit coils occurs due to
the filtering capabilities of a MW, trade-offs between loss-tangent (magnetic losses) of the
dielectric substrate and total amount of conductor present (resistive losses) in a MW still
could be optimized. Minimizing the amount of lossy material placed adjacent to a transmit

coil would be beneficial for designing highly efficient transmit coils.

In comparison to established techniques for decoupling transmit arrays, the design and
fabrication process for implementing magnetic walls requires some further effort.
However, the use of parametric models in EM simulation or an equivalent network can
drastically reduce the optimization time required to realize the desired bandstop features
required for magnetic wall decoupling. Furthermore, once a MW unit cell is designed for

a given frequency and coil geometry, the same design can be potentially applied to a
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plurality of similar coils by varying the coupling coefficients between MW unit cells or
MW unit cells and RF coils which can be achieved by altering the number and spacing of
the unit cells located inside the MW. This applicability provides a potential method for
manufacturing transmit arrays of larger channel-counts and varying geometries best
optimized to increase the overall homogeneity of the transmission profile at ultra-high
field.

Comparisons

Typically, a conventional on-coil method for passively decoupling RF coils is a
function of the tuning and load present in the RF coils themselves; however, the filtering
behaviour of the MW is derived solely from the geometry of the design. As demonstrated
in this study, by tuning a MW to the resonance of an array of RF coils the production of a
stopband between the terminals of each coil port in the array is possible. Therefore, the
MW need not be retuned for any specific change in the loading condition the RF array is
subject to. This is in part due to the relatively small penetration of the RF field produced
by currents induced in the MW, as illustrated in Fig. 36. Furthermore, as seen in Fig. 31, a
15-MHz FWHM for the filter allowed for modest flexibility in small perturbations in the
loading and tuning conditions subject to the RF coils.

The conductor placement of the MW is compact and below a length that has the potential
for direct interaction with the RF array load (object to be imaged). This is demonstrated in
Table IV where next-nearest adjacent RF coil coupling to the MW unit cell is 10-fold lower
than nearest RF coil coupling to an adjacent MW unit cell. More specifically, dual row
geometries or highly conformal designs could potentially see the benefits of using such a
modular design that utilizes the coupling coefficients to account for extraneous interaction

between additional components and the decoupling elements themselves.

The MW method is equally applicable to MRI receive arrays, although in this case,
excellent methods for decoupling already exist using preamplifier impedance mismatching.
These methods do not translate to transmit coils because all commercial RF amplifiers used
in MRI have 50-Q impedances and transmit chains. As such, it may be more applicable to

transceive arrays, wherein the same coils are used for transmit and receive.
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Conclusions

This study confirms the applicability of the ‘magnetic wall’ decoupling concept for
multi-channel RF arrays used in MRI. This study provides equivalent circuit analysis, full-
wave simulation and physical measurements that demonstrate high decoupling values
between adjacent coils, as well as the design principles for achieving this decoupling.
Further work can be performed to evaluate whether the MW method can be exploited for

different RF coil geometries and higher-channel count arrays.

The novel method uses an FSS-inspired design tuned to a Larmor frequency that is
well below the GHz region where FSSs are typically used. It is also the first study to use
planar RF filtering techniques for MRI RF decoupling. The MW approach provides
exciting opportunities to acquire images with highly decoupled RF channels at potentially

high efficiency.



89

Chapter 4

Design and Decoupling of a Parallel-Transmit Head-
Coil at 7T with Magnetic Wall Distributed Filters

In this chapter, the decoupling method developed in Chapter 3, based on our decoupling
framework from Chapter 2 is applied to the construction of an 8-channel parallel transmit
head coil design for neuroimaging at 7 T. This section is derived from the manuscript,
“Design and Decoupling of a Parallel Transmit Head Coil at 7 T with Magnetic Wall
Distributed Filters” published in IEEE Transactions on Medical Imaging on April 2015.

Introduction

In this manuscript, a new approach is applied to the construction of a MRI transmit
coil based upon our earlier demonstration of magnetic walls (MW) in Chapter 3 and
reference [9]]. The MW is a distributed element filter with a periodic structure. In the
previous chapter, it was demonstrated that when a MW was edge-coupled to adjacent
resonating RF elements, suitable for imaging at 7T, the bandstop filtering characteristics
of the MW achieved significant decoupling between elements. Herein, this manuscript
adopts the same design as previously presented and describes the use of the MW in a full

transmit array suitable for routine imaging.

For MRI, Wiltshire et al. [51] were the first to demonstrate the use of a similar
technique by exploiting the properties of a “Swiss Roll” to design a magnetic flux guide
for RF transmission. While flux transmission over a 200-mm distance was shown in their
paper, it was estimated that optimum SNR would only be possible if the flux guide could
be fabricated such that the on-resonance losses (both resistive and dielectric) occurring
along the length of the Swiss roll could be reduced by an order of magnitude [52]. To date

few studies have examined the use of similar methods for MRI [52-55].

In this work, we apply a distributed RF filter and generate a specific MW design to
decouple MRI RF coil elements in a full array. The MWs were created with thin,
lightweight MR-compatible substrates that are narrow in relation to the width of the

neighbouring elements and the wavelength of operation. Magnetic walls were implemented
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using conventional printed circuit board (PCB) technology, making them simple and

economical to design and produce.

This manuscript presents the construction and characterization of a practical multi-
element transmit coil that employs MWs as the decoupling mechanism. The performance
of the transmit coil is evaluated in terms of inter-element coupling, transmit uniformity,
transmit efficiency, power deposition, and SAR. The parallel transmit coil is paired with a
31-channel receive coil and demonstrated to be suitable for imaging the human brain at
7T.

Methods
Magnetic Wall Design

The MW design was based on the distributed filter presented in [9]]. To achieve a
compact, self-resonant structure, the MW design utilizes conductive, tightly wound spiral
traces embedded in a host dielectric strip. The single spiral trace, embedded in the
dielectric, is referred to as a spiral resonator (Fig. 37). A 'unit-cell' was defined as a stack
of three spiral resonators.

Design of the MW is based upon resonating the individual MW unit cells at the
Larmor frequency of the transmit elements that are to be decoupled. The modified
impedance of a network, stated in equations (3.1) to (3.6), is used to derive the magnetic
wall design for the 8-channel transmit array.

As elucidated in Chapter 3, by tuning the individual MW unit cells to the identical
frequency to that of the transmit elements, transmission between individually driven
transmit elements is modulated by the coupling terms in (3.5¢). This was demonstrated in
[9]], where the synthesis of the appropriate coupling coefficients between the MW unit
cells and transmit elements, as well as between individual MW unit cells resulted in
satisfying (3.9b) for a -20 dB attenuation between individual transmit elements. By tuning
all MW unit cells to the same resonant frequency, not only is the manufacturing process
simplified, but the optimization of decoupling with MW is formulated in terms of (3.5b)

which can be calculated from either full-wave simulation or analytic expressions ([25]).
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The MW was a linear array of 27 unit cells with identical dimensions, two stacks of
which are shown in Fig. 37. The pertinent dimensions for decoupling the 7-T head coil

with this MW design are provided in the caption of Fig. 37.

From full-wave simulation, it was found that when three identical 1D array strips
were stacked on top of each other, the stopband of the MW was centered about 298.2 MHz.
Simulated |S11| and |S12| parameters, based on the optimized design, are presented in Fig.
38 for an incident TEM mode.

For use in the 10-channel transmit array, the MWs were manufactured using conventional
PCB technology (Advanced Circuits, Aurora, Colorado). Twenty-seven copper spiral
traces (Fig. 37) were inlaid on a Rogers 4350B substrate (relative permittivity: 3.48, loss
tangent: 0.0031) in a 1D array (259 x 7.6 x 1.6 mm). Due to manufacturing tolerances, the
individual unit cells located in the delivered MW were resonant at 304 MHz. This shifted
the overall stopband of the MW. However, due to the fact that the individuals coupling
between the RF coils and the MW unit cells, as well as between the unit cells themselves
remained constant, the constructed MW was still able to decouple adjacent coils
effectively. This characteristic decoupling of two adjacent coils via the MW is presented
in the measured data in Fig. 38.

Transmit Coil

A 10-channel transmit coil and 31-channel receive coil were combined in a
transmit-only/receive-only (TORO) architecture. The mechanical former of the transmit
coil was designed to fit as tightly as possible around the conformal receive coil (Fig. 39)
(minor and major axes: 24 cm and 26.5 cm, respectively), with a 1-cm radial gap between
the transmit and receive coils. The transmit coil consisted of a circumferential array of 10
rectangular loops (‘elements’), of which nine elements were 22.2 cm long. To determine
an appropriate width for the nine elements mounted on the transmit former, the Q-ratios
(the ratio of unloaded to loaded Q) of isolated elements of varying width were measured.
A 5.6-cm-wide element in isolation resulted in a Q-ratio of 4.0 and allowed for the
positioning of nine transmit elements (5.6 x 22.2 cm with 6.35-mm-wide struts) about the

circumference of the former, spanning a 71.3-cm arc length. The MWs were symmetrically
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placed between each element in the 7.9-mm inter-element gaps (Fig. 39) and rigidly
mounted at both ends. Elements were milled out of 36-um-thick copper adhered to 0.79-
mm-thick garolite. The corners of each element were filleted to a 3.2-mm radius to reduce
radiation losses and dielectric coupling to the sample. Periodic breaks in the elements’
conductors were introduced for the distribution of capacitors to reduce dielectric coupling
to the sample. Six surface-mount capacitors (100 series: American Technical Ceramics,
NY) were incorporated into each element with values ranging from 2.2 — 4 pF. Variable
capacitors (1 — 30 pF, Johanson Manufacturing, NJ) were placed at the drive point and
opposite thereof to allow for in situ tuning and matching. Each of the nine elements were
elevated 2.4 mm above the former using milled nylon shims of identical dimensions to
those of the transmit elements. These shims aligned the copper trace of each loop element
with the middle layer of the adjacent MWs. This placement was chosen to align the loop
elements to the surface of the MW as demonstrated in [9]] as well as to keep consistency

between full-wave simulation results, bench top measurements and in-vivo experiments.

An opening was incorporated into the anterior portion of the former, with an
adjustable mirror, to allow for the presentation of visual stimuli using both front and rear
projection. To avoid a reduction in transmit field in the frontal lobe, a tenth transmit
element (14 x 13 cm) was incorporated onto the former of the receive coil and connected
to the transmit coil using SMA connectors after transmit and receive coils were locked
together. This anterior-most element was composed of 1.3-mm-diameter conductive wire
with four 1-—4 pF surface-mount capacitors and two variable 1—30 pF capacitors

distributed along the wire length.

Active detuning was incorporated into each element using two detuning boards
located symmetrically in the central axial plane of the element (see Fig. 39). The detuning
boards consisted of a parallel LC circuit and PIN diode (Microsemi, HUMZ2020) that was
DC biased via twisted pairs of 30-AWG insulated wire. At the DC input of the detuning
board, two RF chokes (1-uH inductors with self-resonance frequency near 300 MHz) and
a single surface mount bypass capacitor (100 series: American Technical Ceramics, NY)
isolated the incoming bypass signal from noise. The 30-AWG insulated wires were routed

along the virtual ground of the coil. Multiple RF chokes were incorporated into each DC
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line. The PIN diode of the detuning board was forward-biased during signal reception,
resulting in a high-impedance circuit and 20 — 28 dB difference in sensitivity between
tuned and detuned states. Coaxial cables were affixed to shielded 298.2-MHz choke baluns
located at the input port of each element. Choke baluns eliminated common-mode currents
on coaxial shields during RF transmission and created a balanced input to each element.
Coaxial cables were routed as far away from the elements as possible, and additional RF
and DC chokes were inserted as needed. All elements were matched to 50 Q utilizing the

parallel-to-series capacitance-ratio method [35].

Each transmit element was tuned and matched with the MWs in place between the
elements, with all other transmit elements open-circuited, and with the whole coil in an
appropriately loaded and shielded condition. This method was chosen as the inclusion of
MWs into the array increases the total system inductance and thusly would shift resonance
if placed into the array after the fact. Therefore, in order to not have this occur, the
individual elements were tuned and matched with all MW present. Once individually tuned
and matched, all the elements were then made resonant. Sufficient isolation was achieved
without any further modification. Final adjustment of the tune and match of each element
was completed inside the scanner when loaded with a head. The MWs were designed with
a slot at each end to allow each array strip to slide linearly with respect to the others,
allowing for minute perturbations of the resonant behaviour by varying the inductive
coupling between layers. This was required by the two elements located on either side of
the former’s anterior opening, due to the asymmetry caused by the anterior-most transmit

element (embedded in the receive former).

Receive Coil

A 31-channel receive coil was built on a conformal former that was mechanically
fastened to the inside of the transmit coil (Fig. 39). The layout of the receive coil was
designed after the ‘soccer ball’ geometry introduced by Wiggins et al. [56]. Coil elements
were constructed with 16-AWG copper wires with five or six capacitor breaks. The
elements were noise-matched to 75 Q, with A/2 coaxial cables (approximately 33 cm)

running from the coil input to low-input-impedance preamplifiers (Siemens Healthcare,
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Erlangen, Germany) located directly behind the receive coil and outside of the transmit
field. The source impedance of 75Q (real) was pre-determined by manufacturer’s
specifications for optimal source matching. Two lattice baluns were placed along the A/2
cable to reduce common-mode currents. Active detuning and preamplifier decoupling

circuits were located on the preamplifier matching boards.

MRI System

All MR data collection was performed using a human neuro-dedicated 7-T MRI
system (Agilent, Yarnton, UK). The system was equipped with an AC84 head gradient coil
and Quantum gradient amplifiers (Siemens, Erlangen, Germany) with a 36-cm-diameter
clear bore. The scanner was controlled by a Tx/Rx Direct Drive console (Agilent, Walnut
Creek, CA) with independent RF waveform, amplitude and phase control for each of the
16 small-signal transmit-waveform cards. Each transmit-card signal was amplified using
one of 16 power modules available with the two 8-channel broadband amplifiers on the
system (7T1000M-8C, Communication Power Corporation, Hauppauge, NY). One
kilowatt of peak power was available per channel at the amplifier, reduced to ~500W at
the distant coil ports. The front-end consisted of 32 independent receive chains, of which
31 were used as dictated by the geometry of the receive coil. Preamplifiers were located

directly behind the receive coil (Fig. 39).

Forward and reflected power was monitored during all scans using a calibrated (at
the coil port) RF power monitor built in-house. To ensure the most conservative estimate
of global SAR, all forward power was assumed absorbed by the subject (i.e., reflected
power was not subtracted). Furthermore, the local-to-global SAR ratio was computed
inside a voxel tissue model with full-wave electromagnetic simulation software (CST

Microwave Studio, Darmstadt, Germany).

All human subjects signed a written form of consent in accordance with the
procedures of the Human Subjects Research Ethics Board at The University of Western

Ontario.
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Bench-top Measurements

All s-parameters, MW frequency response, and coupling frequencies were
measured with a network analyzer (Agilent Technologies, model E5071C). S-parameters
of the transmit coil elements were measured with the receive coil nested inside and detuned.
The coil system was loaded with two concentric, axially aligned gel phantoms (14.6 cm in
diameter and 8.6 cm in height, each), located approximately 2 cm radially away from the
transmit elements. The gel phantoms were composed of gadolinium chloride, agarose, and
sodium chloride, in concentrations intended to mimic the human head [57].

S-parameter measurements were recorded inside a copper RF shield that replicated
the RF shield lining the interior surface of the gradient coil. The 50-C2 match was robust
with respect to small subject movements. Similarly, the Si> between any two adjacent
elements of the receive coil was measured at the preamplifier ports. A circular transceive
loop (1.5-cm diameter) with a broadband balun (CX2074, Pulse Electronics) input was
used for MW characterization.

Loaded and unloaded Q (QL and Qu, respectively) measurements of the transmit
coil were acquired with a standard double-probe technique at the isocentre of each element.
Q-values were measured with all transmit elements resonating and the receive coil biased
to a detuned state. To quantify the effect of the MW decoupling on coil efficiency, Q-ratios
were measured as a function of frequency for incremental tunings of the single element in
isolation, with and without MWs present. Q-ratios of this isolated element were discretely
measured without a coaxial cable or balun attached to the element. All loaded Q
measurements were acquired with the head-mimicking phantom described above. The
preamplifier decoupling, active detuning, and Q-ratio of a single isolated receive coil
(without the preamplifier or coaxial cable attached) was measured using a conventional

double-probe technique.

Transmit Efficiency

The protocol for measuring power efficiency was performed on a human subject.
Prior to performing power calibrations, the static field (Bo) was shimmed using
RASTAMAP [58]. A STEAM power calibration was then performed in the centre of the
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brain (voxel size: 3.0 x 3.0 x 3.0 cm® BW: 34 kHz) to find the power requirement to
achieve a 90° pulse in the subject’s brain with a 6000-us square pulse. A factory calibrated
power meter (Anritsu ML2437A) was then used to verify the required power at the input
of each coil. The accuracy of the power meter (£5%) was also verified using a modulated
signal with known power from an external signal generator. The total RF power was
calculated by summing the individual powers measured at the input of each transmit

element.

In addition to the use of Q-measurements to characterize transmit efficiency, the
effect of the MWs on transmit efficiency was also quantified by measuring the efficiency
of a single element from the MW coil in isolation (using a STEAM power calibration over
the entire sensitive volume of the coil) with and without the presence of a MW on each
side of the transmit element.

Transmit Uniformity

Prior to B1* shimming, the static field (Bo) was shimmed using RASTAMAP [58].
A low flip-angle 3D gradient-recalled-echo volume was acquired for each transmit
channel, according to the methods presented by Van de Moortele et al. [59], to produce
relative Bi* maps (matrix size: 96 x 96 x 64; FOV: 25.6 x 25.6 x 25.6 cm®; TE/TR:
3.3/8.3 ms; BW: 34 kHz; flip angle: 3°). The actual flip angle imaging (AFI) approach was
then performed to calibrate the B1" maps using the procedures presented by Yarnykh [60]
and augmented with the RF and gradient spoiling schemes developed by Nehrke [61]
(matrix size: 96 x 96 x 64; FOV: 25.6 x 25.6 x 25.6 cm®; TE/TR1/TR2: 3.3/20/100 ms;
BW: 34 kHz; flip angle: 70°).

The required transmit amplitudes and phases for B1* shimming were calculated for
a shim solution over a single axial slice and over the whole brain using a Gaussian least-
means-squared algorithm [62]. This method determines a shim solution that balances
transmit uniformity with efficiency. Transmit field uniformity was calculated by dividing
the standard deviation of the flip angle by the mean flip angle over the volume of interest
(a deviation of 0% being perfectly uniform). To demonstrate the effectiveness of the MW

decoupling scheme on isolating individual B1* profiles, AFI maps were also acquired using
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just two adjacent MW-decoupled elements. One element at a time was open-circuited and
AFI maps were acquired. The effect of the MWs on the spatial distribution of a single
element’s B1" profile was also evaluated by acquiring an AFI map of a phantom with and
without MWs present.

Specific Absorption Rate

A full-wave EM simulation of the 10-channel transmit coil was performed using
CST. The CST model was designed with the same geometry and material parameters as
the actual coil. As shown in Fig. 40, a tissue voxel model (‘Gustav’ of the ‘voxel family’)
was positioned inside the transmit coil in accordance with the geometry inside the Agilent
7-T scanner. Each element was constructed with six 5.2-pF capacitors and two variable
capacitors located inside the circuit schematic. All capacitors were modeled with an
equivalent series resistance (ESR) of 0.1 Q. The variable tune and match capacitors were
parameterized outside the simulation space to allow for co-simulation tuning and matching.
With magnetic walls placed between each coil element, all elements were tuned to
298.2 MHz and matched to 50 Q. The full-wave simulation included electric boundary
conditions on all six planes of the simulation box. All boundaries were located at a distance
of 30 cm away from the nearest in-plane coil feature. The vacant space between coil and

boundaries had a relative permittivity and permeability values equal to ‘1°.

Each coil element port in the simulation was driven in turn, resulting in individual
transmit profiles for each element. Once tuned and matched, the worst-case power
deposition field was calculated via incrementing the input voltage phases on all 10 transmit
channels. The |E| field inside the voxel model was then computed, until a maximum value
was found. From the resulting excitation pattern and power deposition, SAR was calculated
across the voxel model based on the specific tissue parameters. This allowed for 10-g peak
and global SAR to be calculated across the voxel model. The local-to-global SAR fraction
was calculated by dividing the peak 10-g local SAR by global SAR. The 10-g averaging

SAR calculation was performed in accordance to the IEEE C95.3 standards.
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Figure 37: Magnetic wall dimensions for 8-channel transmit array

Results

For all measurements, the uncertainty is quoted as one standard deviation based

upon the individual measurements contributing to the mean.

Magnetic Wall Characteristics

A single spiral-resonator unit cell had a calculated inductance of 24.3 nH and a
calculated lumped capacitance of 0.25 nF. For this spiral trace, the conductive and
dielectric resistances were 0.08 Q and 36 MQ, respectively. Due to the PCB manufacturing
tolerances (from Fig. 37, the spiral trace thickness ‘w’ and spacing ‘t’ were particularly
susceptible to variation), the constructed 27 adjoining unit-cell stacks comprising the MW
individually resonated at 304 MHz (~ 6 MHz above the Larmor frequency). However, due
to the fact that the coupling between MW unit cells and the RF coils is determined by larger

and less sensitive conductor geometry (from Fig. 37, MW spacing between RF coils ‘L’
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and unit cell-to-unit cell spacing ‘s”), the constructed MW still formed a bandstop filter
capable of decoupling coupled transmit elements — see Fig. 39 for MW placement between

two actual transmit-coil elements.
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Figure 38: Simulated s-parameters of the magnetic wall under plane-wave excitation
(top) and adjacent RF elements coupled and decoupled (bottom).

Each coil element was tuned with the MWs in place, while the others were open-
circuited. Without a MW present, a pair of resonant elements demonstrated clear coupling,
resulting in Sy1 peak splitting about the Larmor frequency (Fig. 38 — dotted line, bottom).
With a MW placed between the coupled pair, the S11 spectrum displayed a single resonance
at 298.2 MHz (Fig. 38 — solid line, bottom). As mentioned in the Methods section, the
inclusion of a MW between coil elements increases the overall system inductance. Due to

this, the S11 spectrum for each transmit element was restored to a single frequency mode
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with the placement of a MW between each element; however, this frequency peak was
shifted below the Larmor frequency by approximately 7 MHz. To avoid the complications
of retuning this shift after the fact, tuning and matching of each coil element in turn was
performed with all the MWs in place and all other elements open-circuited. This process
was also used for the measurements reported in Fig. 38.

Figure 39: Physical construction of 8-channel transmit/32-channel receive RF coil.



101

Receive Coil

The mean |Sio| between adjacent elements was -19 dB. Typical values for
preamplifier decoupling and active detuning were -20 dB and -33 dB, respectively. A

typical Q-ratio of a receive element in isolation was 7.8 (Qu/QL: 250/32).

Transmit Coil Decoupling

Adjacent elements had a maximum (worst case) and mean |S12| value of -18 dB and
-22 =5 dB, respectively. Next-nearest neighbors had a minimum and mean isolation of -
24 dB and -33 + 9 dB, respectively. The mean |S12| value across the full S-parameter matrix
was -28 + 8 dB. A full S-parameter matrix is available in Fig. 41. Peak splitting about the
Larmor frequency was eliminated in all S11 spectra and coil elements achieved a mean |S11|
value of -38 + 11 dB.

Figure 40: Electromagnetic simulation setup for SAR calculation in CST Microwave
Studio.
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Transmit Coil Efficiency and Uniformity

A single transmit element in isolation had a Q-ratio of 4.0 (Qu/Q.: 135/34) without
magnetic walls present. When magnetic walls were placed on either side of the element,
the Q-ratio decreased to 3.4 (Qu/Q.: 129/38) at the Larmor frequency. Thus, the presence
of the MWs yielded a 15% decrease in the Q-ratio. Consistent with this, the measured
transmit efficiency of a single element in isolation decreased by 16% (0.63 dB) after MWs
were placed on either side of the element. Additionally, the 15 MHz resonant bandwidth
of the MW was consistent with the measured Q-ratio drop when placed adjacent to a
transmitting element. With identical experimental setups, the only source of additional
resistance in the transmit coil were the MW. Therefore, the decrease in power efficiency is
a ratio of the total system resistance with and without the MW — which is measured via the
Q-ratio. Unlike the larger coil diameters utilized in this study, the coils presented in Chapter
3 were significantly more coil-noise dominated. Hence, the increase in resistive loss due to
the inclusion of the MWs was a smaller proportion of the measured Q-ratios. The
normalized Q-ratio as a function of frequency is provided in Fig. 42. In the completed coil,
the unloaded Q values ranged from 92 — 104, and the loaded Q values ranged from 48 — 56.
This corresponded to Q-ratios for the nine elements located on the transmit former ranging
between 2.0 and 2.2. The tenth transmit element located on the receive former had a Q-
ratio of 1.6.

The 10-channel MW coil measured 32.2 W of peak forward RF power to achieve a
90° pulse in the brain with a 6000-ps square pulse. Fig. 43 demonstrates the B1* profile of
a single element, with and without MWSs present on both sides and tuned and matched in
both cases. The MWs showed minimal effect on the spatial distribution of the B1* profile.
Figure 44 shows the B1" profiles of individual elements in a two-channel transmit array
when decoupled with a MW and when operated with one or the other element open-
circuited. The array when decoupled with a MW is presented in the top-half of Fig. 44. The
array with no MW and either element open-circuited is displayed in bottom-half of Fig. 44.
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The excitation pattern of each coil in the decoupled array showed only minor variation

from the same element operating in isolation.

The transmit field uniformity across the entire head is demonstrated with flip-angle
maps in Fig. 45. The transmit field uniformity over the axial, sagittal, and coronal planes
of the whole-brain shim solution was 17%, 10%, and 11%, respectively. The transmit field
uniformity over the whole-brain volume (to the posterior-most extent of the cerebellum)

was 24%.

(@p) ¢+l

Figure 41: (top) Measured s-parameters for the 8-channel transmit array and

(bottom) relative transmit maps on a per channel basis
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Specific Absorption Rate

The local-to-global SAR ratio was calculated to be 7 with no significant SAR hot
spots located within or directly beneath the MWs. The 10g local SAR value was calculated
to be 3.74 W/kg. Representative sagittal and axial slices of power deposition across the
simulated head are presented in Fig. 46a. The intensity in each color map presented in
Fig. 46 was scaled according to the 3D maximum occurring inside the entire voxel model.
Observation of the magnified MWs (4:1 scale) in Fig. 46 (top) display no more significant
power deposition occurring inside the MWSs in comparison to the axial slice of the
simulated head. In Fig. 46 (top), the magnified MWs in the axial slice correspond to the
translucent MWs as viewed in the sagittal slice. SAR contours corresponding to the power
deposition profiles in Fig. 46 (top) are presented in Fig. 46 (bottom-left) and Fig. 46
(bottom-right) for the sagittal and axial slices, respectively.
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Figure 42: Measured relative Q-ratios for a signal transmit element placed adjacent

to a magnetic wall
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Figure 43: Actual Flip-angle Imaging (AFI) performed with one transmit element.
(Left) with one element in isolation and (Right) with a magnetic wall placed adjacent

to the element

Discussion

The vertical placement of the coil element will change the symmetric geometry of the
transmit array and thus alter the coupling coefficient between the MW and the transmit
element. This corresponds to a 'm;;' coupling coefficient between the MW and transmit
element in (3.5¢). The modulation of this coupling affects the ability of the MW to
minimize transmission about the system's resonant frequency [9]]. Since the anterior-most
element required a vertical offset from the former, the optimal isolation was not achieved
with this element. However, for the remaining nine channels, adjacent elements had a mean
|S12| value of -23 £ 5 dB. The high decoupling between next-nearest neighbors (-33 = 9 dB)
is a major benefit to this decoupling scheme. As a consequence, the coupled RF power
between elements was reduced. The achieved mean Si» value between next-nearest
neighbors in the MW coil is on the order of what low-input-impedance preamplifier
decoupling can provide in receive coils (the current gold-standard for decoupling).
Furthermore, the efficacy of MW decoupling of next-nearest neighbors and beyond invites
the application of the MW to unconventional transmit array geometries, as the method is

not limited by prescribed geometry or parasitic elements; however, the performance of
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MW's in denser transmit arrays of higher channel count still remains to be verified.

Transmit Uniformity and Efficiency

There was a 15% reduction in the normalized Q-ratio (Fig. 42) with MWs present,
consistent with the observed 16% decrease in transmit efficiency. It can be deduced that
the loss mechanism in the MW is due in part to resistive and dielectric losses, as well as
resonant absorption. However, by reducing coupling between coil elements the power
losses between elements is reduced. Furthermore, the potential for destructive interference
between B1" fields of coupled elements is lessened. These two benefits appear to outweigh

the loss mechanism in the MW.
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Figure 44: Actual Flip-angle Imaging (AFI) performed with two transmit elements.
(Top) With one element open-circuited and (Bottom) with a magnetic wall decoupling

the elements
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Due to the small MW dimensions, only 7.9 mm of separation was required between
elements. This construction prevents voids in RF intensity between adjacent elements that
cannot be compensated by RF shimming. With RF shimming, the deviation in flip angle
was 24% across the whole brain, with a moderate reduction in flip angle in the inferior
aspect of the brain (i.e., the cerebellum), as noted in Fig. 45. Uniformity can be further
improved with tailored 3D RF excitation and multi-row geometries. A demonstration of
image quality and coverage produced by this coil is presented in Fig. 47 for an accelerated

anatomic imaging sequence.

Figure 45: Transmission uniformity maps constructed with a Magnitude-Least-

Squares (MLS) shimming solution applied

Specific Absorption Rate

In Fig. 44, the minimal effect a MW has on the B:" distribution of an individual
transmit element is presented. Only a small deviation in flip angle can be discerned between

the two B1* profiles. Therefore, the gross interaction a MW has with the electric field
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distribution is expected to be similarly minimal. To this end, the maximum power

deposition inside the MWs during a full-wave simulation was 10 dB lower than the

maximum power deposition inside the simulated head (Fig. 46-top); therefore, MW

conductor heating possibly leading to mechanical failure during an MRI scan is not of

particular concern. Furthermore, the intensity of SAR hot spots do not show any direct

correlation to MW placement in the array and appear to be dominated by tissue parameters
(i.e., by comparing the power in Fig. 46-top with SAR in Fig. 46-bottom). The maximum
local 10-g SAR was located near the isocentre of the cerebral cortex, with other hot spots

located near the frontal sinuses and at the posterior of the head near the occipital bone.
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Figure 46: Simulated SAR distribution
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Previous studies based on full-wave simulations with multi-channel transmit coils

operating at 7 T have demonstrated similar SAR distributions to those shown in Fig. 46-

bottom. An 8-channel head coil operating at 7 T, studied in [63], reported comparable SAR
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distributions across the human head. The simulations performed in the aforesaid study were
experimentally verified on a tissue-mimicking phantom. Reference [64] examined the
maximum SAR potential of surface coils operating at 7 T. A 28.7-W/kg local maximum
was recorded for a 3.2-W/kg SAR average across the head. This is a similar local-to-global
SAR ratio of 7 derived from the MW coil.
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Figure 47: Sagittal, coronal, and axial slices of a 3D MPRAGE image. Matrix size:
250 x 366 x 286; FOV: 150 mm x 220 mm x 172 mm; TE/TR 2.8/8.1 ms; TR 5500 ms;
BW 63 kHz; flip angle: 11-deg; total acceleration: 3.57; scan time: 6 min 12 s.
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Magnetic Walls

Conventional PCB dielectric layers provide modest flexibility of the wall during
the design and manufacturing process. In a linear array of transmit elements, as discussed
in this manuscript, the rigidity allows for reproducible and predictable construction;
however, in terms of producing two-dimensional coils, decoupling along a curved surface
is required. By printing the MW on a flexible dielectric this easily extends the decoupling
mechanism to larger arrays with decoupling on a curved surface. Since the local flux lines
will curve with the transmit elements, the MW approach is expected to provide good
decoupling over non-cylindrical geometries permitting the coupling coefficients in
equation (3.5c) can be achieved between the MW and the RF elements. The ability to print
the MW in-plane with transmit elements provides the ability to fully-design and
manufacture an innately decoupled array prior to populating the PCB with lumped
elements. Fully printed arrays provide the benefits of a controlled PCB manufacturing

process including the incorporation of low-loss dielectrics and controlled-layer impedance.

It has been previously demonstrated that patch antennas can be routinely decoupled
with MW-like structures [65]. This area of application would be of particular interest to
travelling wave excitation studies for performing excitation from a combination of

synthesized waveguide modes.

Conclusion

This study establishes the practicality of using a magnetic wall for decoupling
multi-channel transmit array coils. The MW decoupling technique is capable of efficiently
decoupling nearest neighbor and next-nearest (and further) neighbors to a level comparable
to that achieved by receive-only coils using low-input-impedance preamplifiers.

The decoupling scheme uses a distributed RF filter tuned to the Larmor frequency,
with a bandstop that encompasses the coupled modes of a multi-element coil. This allows
for high decoupling between elements, leading to efficient transmission. The decoupling
capabilities of MWSs have significant benefits in the design and construction of multi-
element transmit coils. Current PCB manufacturing techniques can inlay conductive traces

on flexible dielectric substrates, may extend the decoupling mechanism to larger arrays
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with decoupling on a curved surface. Thus the MW approach is expected to find practical

applications for transmit or transmit/receive arrays at high fields.
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Chapter 5

Conformal Electric Dipole Array

The general coupling/decoupling theory developed in Chapter 2 was verified with
a proof-of-principle design for both a lumped-element and distributed filter designs.
Following this, the distributed design was further analyzed in Chapter 3 then
experimentally verified on a 10-channel transmit array in Chapter 4. This section now
analyzes the application of lumped-element decoupling method in more detail than
originally provided in Chapter 2. This section provides a treatment for the lumped-element
decoupling of a transceiver dipole array in much the sample way Chapter 3 and Chapter 4
analyzed the distributed design. As described in the introduction, the decoupling of
complex array topologies is a difficult task. Here, we demonstrate the applicability of our
approach for tackling one such array design. Furthermore, this section demonstrates the
ability of our decoupling approach to alleviate design constraints that allow an array
optimization to selectively minimize SAR while maintaining B:* efficiency and
homogeneity. The content of this chapter is derived from the manuscript, “Electric Dipole
Array Shape Optimization for 7 Tesla Neuroimaging” under revision for Magnetic
Resonance in Medicine.

Introduction

Multi-channel radio-frequency (RF) arrays, composed of multiple resonating
elements, are a critical component in magnetic resonance imaging (MRI) acquisition.
Parallel transmit (pTx) arrays provide individual sensitivity profiles that when used in
concert with optimized gradient and RF waveforms can accelerate the traversal of
excitation k-space [89,90]. This principle can be used to accelerate multidimensional
selective excitation [91,92], perform B1" or RF shimming to overcome inhomogeneity at
ultra-high field (UHF) [93-96], or reduce specific absorption rate (SAR) [97,98]. Similarly,
parallel receive (pRx) arrays exploit the locally high signal-to-noise ratio (SNR) of surface
coils to the MRI signal (B1) and extend it across a full field-of-view [12] while

simultaneously performing spatial encoding, utilized in accelerated imaging [99-101].
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The magnetic fields responsible for exciting spins during RF transmission, as well
as receiving signal from the transverse magnetization post-excitation, transition from
purely reactive near-field interaction towards a mixture of both near- and far-fields as the
main magnetic field strength increases [102]. Due to this, electric dipole antennas are
finding increasing utility at UHF when compared to more conventional RF loop elements
[103,104] and combinations of dissimilar array elements into a single RF coil construction
are expected to show similar performance gains: B:* efficiency per unit SAR [105] and
SNR [106].

Realizing the potential benefits of densely populated dipole arrays for head imaging
requires several technical challenges to be addressed:

Q) Mutual coupling;

(i) Reduction of dipole footprint for clinical RF-coil dimensions; and

(iii))  Impedance matching in the presence of increased electric field interactions.

Following from (i), the magnitude of coupling between dipole elements in a densely
populated receive array can significantly enhance noise correlations and degrade measured
SNR, regardless of an increased sensitivity to the sample [107]. In terms of (ii), to achieve
a resonant length in the proximity of tissue the dipole must be electrically shortened. The
final technical challenge (iii) arises due to the electromagnetic field patterns produced by
dipole elements. Once placed in proximity to a lossy dielectric, the dipole demonstrates
strong sensitivity to the relative permittivity of the conducting medium.

In this study, (i) is addressed with a method for eliminating mutual coupling based
on several unique properties of the dipole element in an RF array. Technical challenge (ii)
is resolved with a shape-optimization procedure. The design method utilizes an iterative
optimization to solve for dipole conductor paths, when projected onto a forming structure,
achieve self-resonance, target field homogeneity and passive SAR reduction. Finally, it is
demonstrated that the final technical challenge in (iii) is alleviated by the shape-
optimization performed in (ii) that produces a more uniform, broadband input impedance,
that can be transformed to 50-Ohm across a larger bandwidth via low-pass ‘L’ matching

networks.
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The decoupling and impedance matching methods presented in this study are
applied to a transciever array designed with a new shape-optimization method. The RF
array is composed of conformal, meandered dipole antennas, array elements that are not
easily decoupled by current approaches. Circuit diagrams and a simplified overview of the
methods are provided to aid in future constructions of other UHF arrays adapted for various
applications. The conformal dipole geometry was constructed to minimize an aggregation
of transmission and receive performance metrics into a single cost function. These metrics
included: 10-g SAR minimization, B1" uniformity and efficiency, for transmission and B1"

coverage and mean intensity maximization, for reception.

Theory

Input Impedance

The input impedance and mutual coupling of tissue-loaded dipoles have a direct impact on
the imaging performance of dipole arrays. Therefore, an equivalent circuit for a dipole in
a lossy-conducting medium from [108] is adopted for illustrating the effect of mutual
coupling and impedance matching an electric dipole for 7 T head imaging. In this particular
case, the dipoles are oriented along the z-axis and the electromagnetic properties of the

human brain were considered.

As demonstrated in Fig. 48a, a dipole adjacent to a lossy dielectric will experience
a reduction in the input resistance. Approximating the input reactance as straight lines near-
resonance (see highlighted portion in Fig. 48a), the slope of the input reactance near-
resonance is measurably increased for the tissue-loaded case (increase from ~0.66 Q/MHz
to ~2.3 Q/MHz). This load-sensitivity is due to the electrical interaction between the dipole
and the sample, rather than the conventional inductive loading experienced by loop-based
RF elements (109). If impedance matched with a ‘L-section’ network, the tissue-loaded
dipole will exhibit a very narrow ‘Q’ due to the decreased input resistance and thus have a
narrow matching bandwidth. However, due to the increased electrical sensitivity to the
load, as demonstrated by the increased slope of the input reactance (Fig. 48a), deviations
in the dipole loading will result in impedance match fluctuations when compared to the

free-space equivalent. This poses a potential problem for routine imaging with dipole
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elements, as different head sizes and/or placement of the human head in the RF coil will

affect the final loading an RF array experiences.

This technical challenge is not unique to dipole elements. However, unlike the
common RF ‘loop’ that is predominately inductively loaded [110] with the relative
permeability remaining constant across non-magnetic human tissue, the dipole’s strong
electrical coupling to the sample scales by the much larger deviations in relative
permittivity of the medium. Matching dipole elements for the MRI electromagnetic
environment implies that a more sophisticated network may be required, or more accurate

determination of the loaded impedances across a variety of subjects.

Mutual Coupling

In the presence of tissue, both mutual resistance and mutual reactance increase (see
Fig. 48b). When the dipole is moved from free-space to the tissue-loaded case, the on-
resonance mutual reactance presented in Fig. 48b deviates from a predominately inductive
coupling to capacitive coupling. For the tissue-loaded dipole, this increase in the capacitive
coupling occurs before- and on-resonance (297.2 MHz). Approximately 5 MHz above
resonance, the coupling becomes inductive. In comparison, the dipole located in free-space
demonstrates purely inductive coupling for the same frequency band.

The concept of mutual coupling presented in Fig. 48 can be extended for multiple
elements in an array. As seen in Fig. 49a, coupling between three adjacent elements, ‘Zn’,
is present between all elements in the RF array, with the respective magnitude of interaction
mediated by the array geometry. As computed in Fig. 48b, the reactive component of ‘Zm’
arises due to magnetic flux linkage and parasitic capacitance between elements. Similarly,
resistive interactions between the sample and adjacent elements can be modelled with an

equivalent resistor that links elements with an electrical connection (see Fig. 49a).

Methods for eliminating interactions between elements typically require either: (a)
a method to modify the radiation patterns either utilized during transmission and/or
reception such that individual elements maintain orthogonal sensitivity profiles in space

(i.e. loop overlap), or (b) the addition of one or more reactive elements to compensate for
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mutual impedance (-jX, as seen in Fig. 49a). As complexity of the RF array increases with
channel count and asymmetric radiation patterns, a general decoupling method for
eliminating all resistive and reactive coupling terms between elements, such as the method

proposed in Fig. 49b with ‘-Zy’, is ideal.

Applying the decoupling method presented in Fig. 49b for the case of two tissue-

loaded dipoles (Fig. 48b), results in the following matrix equation:

Zp 0 Zm
Zsystem =10 Zdecoupling 0 (5.1
Zm 0 Zp

The solution for the self-impedance of the decoupling section designed to provide the
compensating -Zm term from (5.1):

Zp+Zy

Zaecoupling = Z,%-I-—ZDZm

(5.2)

where Zp is the self-impedance of the tissue-loaded dipoles, Zm is the mutual impedance
between dipoles prior to decoupling, and Zaecoupling IS the self-impedance of the decoupling
section inserted in Fig. 49b that eliminates Zm with a —Zm. The magnitude of Zdecoupling IS
plotted in Fig. 49c.

The self-impedance Zgecoupling 1S Characteristic of a series-resonator circuit, or a
ladder filter with prescribed poles. This is a direct consequence of the mutual coupling
presented in Fig. 48b, whereby both inductive and capacitive coupling are present near-
resonance for tissue-loaded dipoles. Therefore, to achieve a circuit that presents —Znm
between the terminals of the dipoles, a resonant circuit or ladder filter is required. In the
case of Fig. 48b, for two loaded dipoles it would appear one resonator tuned on- or near-
resonance is required (1%"-order filter), but the extension to Fig. 49b of multiply coupled
dipoles requires more sophisticated matrix decomposition methods for an undetermined

filter order.
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Figure 48: (a) A comparison of the input impedance of two z-oriented resonating
dipoles: in free-space and loaded with the electromagnetic properties of human brain
tissue. (b) Effect of loading the two z-oriented dipoles with respect to their mutual

impedance and the permittivity of the lossy medium.
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Figure 49: (a) A sample illustration of a reactive decoupling scheme generalized for a
number of elements located in an RF array. Mutual impedance ‘Zm’ is present
between coupled elements. Reactive decoupling networks ‘-iX’ compensate for
mutual impedance and are placed between individual elements of the array to
eliminate induced currents. (b) CMS method which takes the generalized approach
in (a) and eliminates the need for second-order and higher networks to be placed
between elements. (c) Solution for the decoupling element ‘-Zn’ self-impedance
demonstrating the need for a resonant circuit due to the reactance-zero located on-

resonance. (d) Circuit design for the conformal dipole array.
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Footprint Reduction and Shape-Optimization

An efficiently radiating half-wave dipole, requires a total length of 48-cm in free-
space. Due to additional loading mechanisms incurred via the sample and RF shield, the
resonant dipole length is shortened, however in order to conform to the dimensions
required for human head imaging, some form of additional electrical shortening is required.
Typically, this takes the form of including additional lumped elements distributed along
the length of the dipole, located at the end of the dipole, or feed points of the dipole with
the goal of increasing total series inductance to achieve resonance [111]. Similarly,
meandering portions of the dipole or specific sections thereof can achieve a suitable

resonant length [112].

The contours of the dipole element conductors will determine the distribution of
transverse magnetic field and absolute electric field in the sample. Manipulating the
conductor dimensions in space provides degrees of freedom to optimize excitation or signal
reception. The shape optimization exploits the fact that specific conductor paths can be
designed to simultaneously produce field cancellation effects for the electric field, increase
the absolute value of magnetic field that is projected onto the transverse plane, or a
combination of both.

Methods

Mutual Coupling and Coupling Matrix Synthesis

The general decoupling solution presented in [113], ‘coupling matrix synthesis’
(CMYS), is a suitable candidate for synthesizing the circuits requiring higher-order matrix
decomposition methods for decoupling. CMS allows complex RF arrays of mixed element
types and variable coupling coefficients to be efficiently decoupled with a ladder filter
approach.

Coupling matrix synthesis (CMS) is an algorithm originally developed for coupled-
cavity waveguide design [114]. We recently adapted this approach to construct ladder
networks that perform decoupling and matching for general circuit topologies encountered
in RF array design [115]. This flexible framework computes a series of ideal transfer
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functions for a given array topology and inter-element coupling, and then performs a least-
squares minimization across ladder element values to produce decoupling networks that
minimize mutual impedance between matched array elements, while minimizing the
complexity of the circuit design. It was demonstrated that for up to 32-channel conformal
loop coils, a simple two-stage series resonator, placed only between adjacent elements,
provided a mean isolation less than -20 dB across all nearest-neighbour RF array elements,
without the use of loop overlap or preamplifier decoupling. Following from the circuit
designs presented in [113], a CMS solution has been adapted for implementing the

conformal, meandered dipole array.

Several reactive decoupling methods similar to CMS have been previously
proposed [116-119] and the design of a typical array with reactive decoupling will follow
a generic setup as demonstrated Fig. 49a. For these methods, the array geometry, feasibility
of construction and magnitude of inter-element coupling dictate the number of reactive
decoupling elements. CMS begins with the same building block. However, as
demonstrated in [113], it is possible to implement a reactive decoupling mechanism that
eliminates main-line and cross-coupling, without the insertion of additional reactive
components between all coupled array elements. Therefore, a solution computed with the
CMS algorithm follows the form of Fig 49b.

In order to compute a decoupling solution based on the form of Fig. 48b, the
bandstop-filter circuit, presented in Fig. 49d, was utilized for physically realizing the array.
This circuit can be readily transformed from the filter designs presented in Fig. 4, of [113].
As seen in Fig. 49d, the dipole elements compose the ladder legs of the RF array, with
matching networks inserted, transforming the input impedance of the dipole input to power
match the complex dielectric load. Additional resonant decoupling circuits complete the

band-stop PI network, and the cascaded filter is tiled across to span the entire RF array.
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Figure 50: Six of the eight dipoles follow the meander structure visible in (a) with
optimized dimensions visible in (d). The final two dipoles, located at the anterior of
the helmet former, follow the meandering structure presented in (b) with final
dimensions in (d). Physical bounds for the shape optimization as well as the initial

guess are provided in (c).
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Figure 50: Block diagram of the design algorithm utilized for synthesizing the
conformal dipole geometry. The FDTD engine, supported by CST Microwave Studio,

was iteratively called via the CMA-ES optimization routine for successive runs of

altered dipole geometries. Post-processing of field results - including the calculation
of B1*/B1 fields, SAR, and input impedances - were performed inside CST studio at
the conclusion of a FDTD simulation. A composite objective function was evaluated
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at each step of the CMA-ES. Convergence was reached once successive generations

of the solver failed to further minimize the objective function.

Shape Optimization and Array Design

The array was conformed to the ‘helmet’ former visible in Fig. 50a and Fig. 50b, with two
building blocks designated to comprise the full array — six meandered dipoles visible in

Fig. 50a and two differently meandered dipoles visible in Fig. 50b.

The building-block elements were defined as two-dimensional point clouds.
Twenty-four points deposed along the XZ-plane defined the conductor geometry for both
the top- and bottom-halves of the dipole (twelve points for top-half and twelve points for
the bottom-half, respectively). These twenty-four points define the total number of input
parameters in the dipole array optimization. With the point cloud defined, the dipole
conductor paths were defined via a linearly interpolated line constructed through the XZ-
plane point cloud. The interpolated line was then projected from the XZ-plane onto the
helment former visible in Fig. 50, defining the conformal contours visible in Fig. 50a and
Fig. 50b.

The meandering design of the dipole array elements was confined using two sets of
boundary conditions as outlined in Fig. 50c. From Fig. 50c, the top-half of the dipoles was
confined to a triangular portion of the upper portion of the helmet former. These upper and
lower bounds for the optimization were defined in terms of barycentric coordinates for any

possible point ‘p’:

—
—

_ det (pr [M ’ ymax]) — det ([xmin' yr,nin]' [M' ymax])

a= — (5.2a)
det ([xmax' y,min]’ [xmaxzw' ymax])
B det (I:;: [xmax' y’mm]) — det([Xmin, Yminl: [Xmaxs Ymin]) (5.2b)
det ([xmax' y,min]’ [M ’ ymax])
ab>0
ST

Therefore, with the coordinates known, the lower and upper boundaries were defined in

terms of ‘a’ and ‘b’:
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Lower Bound [a,b] >0

Upper Bound a+b=1

For the lower half of the dipole, hard limits for the optimization were placed in terms of a
simple rectangle bounded by [xmin, ymin], [xmax, y'min], [xmin, y'min], and [xmax,
ymin], as visible in Fig. 50c. A pictorial representation of the initial guess is presented in
Fig. 50c, where multiple collinear points defined the geometry. As evident in Fig. 50d, the
optimization routine favoured ‘pulling apart’ the point cloud points such that the closest

extends of the bounds in Fig. 50c were sampled.

The design of the conformal dipole array was performed in full-wave
electromagnetic software (CST Microwave Studio, Darmstadt, Germany). The meander
placement was optimized given initial dipole dimensions (see final dimensions in Fig. 49d)
assigned as variables in a Covariance Matrix Adaptation Evolution Strategy (CMA-ES)
algorithm supported by the CST Studio optimization toolbox — see Fig. 51 for the algorithm
design. The XZ-plane point cloud and meander width was stochastically iterated across,
guided by CMA-ES, until convergence based on the following criteria:

1. Modelling the sample as a large complex load, dipoles were conformed and
meandered such that reactive input impedance of each individual dipole
was minimized. This ensured the applied matching network would provide
the greatest power deposition in the sample, and not in a conjugate
matching stage.

2. B1*/10-g SAR was maximized.

3. B1 coverage and mean intensity was maximized.

B1" coverage and uniformity, given a phase-only RF shim was maximized.

Array Construction

The dipole array was constructed on an elliptical former (minor and major axes:
17 cm and 21.5 cm, respectively). The close-fitting ‘helmet’, designed after the ‘soccer
ball” geometry introduced by Wiggins et al. (31), was affixed to the base of the elliptical

former (see Fig. 52). The helmet spanned 25-cm in z direction.
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The dipole array was composed of eight resonant dipoles (dimensions provided in
Fig. 50d) implemented with 3.2 mm wide 2 oz. copper traces, routed atop 0.79-mm-thick
garolite. Dipoles were matched to 50 QQ via low-pass PI matching circuits utilizing two
variable capacitors (1 — 30 pF, 5600 series, Johanson Manufacturing, NJ) and one variable
inductor (25 — 34 nH, Coilcraft, IL, USA). Sleeve baluns were constructed using triaxial
cable (double braid shield, 20 AWG, Belden, IN, USA), and were directly fed to the dipole
matching circuit from externally mounted BNC connectors. Decoupling circuits were

applied in series with the dipoles — their positioning in the array is visible in Fig 52.

Due to the conformal geometry (see Fig. 52), one half of the balanced form of the
decoupling network could be achieved by directly soldering the parallel inductor/capacitor
ladder sections between dipoles located at the top of the head (see Fig. 52b). The second
half of the decoupling network was connected via coaxial cables between elements
(Fig. 52a). The additional capacitive phase shift induced in the decoupling portion of the
ladder was compensated for via tuning the parallel inductor/capacitor section while
measuring the impedance measured at the input of the two coaxial cables then used to

attach the decoupling section to adjacent dipoles.

Bench-top Measurements

All S-parameters were measured with a network analyzer (Agilent Technologies,
model E5071C). S-parameters of both arrays were measured when loaded with an elliptical
head-mimicking gel phantom (major diameter: 19 cm, minor diameter: 15.5 cm and 33 cm
in height), placed approximately 2 cm from the elements. The gel phantom was composed
of an outer annulus (2.1% agarose, 8-uM GdCls, T1/T2: 2000/55 msec) and 4.8-cm-
diameter inner cylinder (2.2% agarose, 22-uM GdCls, T1/T2: 1300/45 msec) that

represented gray and white matter, respectively [119].

The placement of a heterogeneous lossy dielectric in close proximity to a radiating
dipole does not allow for direct measurement of radiation resistance — or an equivalent
procedure performed on loop-based elements. This is due to the fact that, as demonstrated
in Fig. 48, an equivalent circuit for a dipole antenna places the lossy sample in parallel with

the dipole feed point resistance [120]. Therefore, full-wave simulation results that calculate



127

the surface impedance of the dipole element with discrete finite-elements, as well as in-
scanner measurements, were utilized to measure the efficiency of the conformal dipole

array as a tranceiver.

Figure51: (a) Isometric view of the constructed dipole array. One-half of the balanced
bandstop ladder section utilized for decoupling the dipoles is presented in (b). Due to
the conformal geometry, it was possible to directly solder the ladder sections between
dipoles directly at the ends, located at the top of the conformal former. The second
half of the decoupling ladder is visible in (a) where coaxial cables run from

neighbouring dipoles along the virtual ground of the antennas.

MRI Measurements

All MR data collection (field mapping, parallel imaging performance and
efficiency experiments) was performed on a human, head-only 7-T MRI scanner used in
conjunction with a Step-2.3 pTx console (Siemens Healthcare, Erlangen, Germany). The
system is equipped with an AC84 head gradient coil (maximum gradient strength:
80 mT/m, maximum slew rate: 400 mT/m/s, [Siemens Healthcare, Erlangen, Germany])
with a 36-cm-diameter clear bore. A slotted, copper RF shield is integrated into the inner-
diameter of the AC84 head gradient coil to minimize coupling between the RF coil and
gradients.

A custom transmit-receive (TR) switch was integrated into the existing transmit RF
chain that allowed for transceive mode across all eight independent transmit/receive

channels. Low-input-impedance preamplifiers (Siemens Healthcare, Erlangen, Germany)
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were incorporated into the TR switches. Preamplifiers had a maximum noise figure of
0.6 dB and a gain of 26 dB. During transmission, an eight-channel power amplifier
powered all channels with 1-kW peak power per channel with independent phase and

magnitude control over pulse waveforms.

Initial Intermediate Final

Relative Residual Norm

20 40 60 80 100
C Iteration

Figure 52: (a) Phase-only shimmed B1* maps computed across several representative
time-steps of the optimization routine. (b) ‘Worst-case’ SAR maps computed for the
same optimization time-steps. A clear reduction in both peak and global SAR levels

is apparent. (c) Relative residual norm of the optimization procedure.
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A low flip-angle 3D gradient-recalled-echo volume was acquired for each transmit
channel, according to the methods presented by Van de Moortele et al. [121], to produce
relative Bi* maps (matrix size: 96 x 96 x 64; FOV: 25.6 x 25.6 x 25.6 cm®; TE/TR:
3.3/8.3 ms; BW: 34 kHz; flip angle: 3°). The actual flip angle imaging (AFI) approach was
then performed to calibrate the B1" maps using the procedures presented by Yarnykh [122]
and augmented with the RF and gradient spoiling schemes developed by Nehrke [123]
(matrix size: 96 x 96 x 64; FOV: 25.6 x 25.6 x 25.6 cm®; TE/TR1/TR2: 3.3/20/100 ms;
BW: 34 kHz; flip angle: 70°).

Noise-only scans were acquired with the RF transmission turned off, receiving on
all coil elements (matrix size: 96 x 96 x 64; FOV: 25.6 x 25.6 x 25.6 cm®, BW: 34 kHz).
Noise correlations were then estimated by calculating the pair-wise correlation coefficients
between individual voxels across the full FOV. G-factor maps were generated via
reconstructing individual acquisitions at set acceleration factors and comparing the

reconstructed SNR to the SNR of a fully-sampled acquisition across the identical slice.

Results

For all measurements, the uncertainty is quoted as one standard deviation, based upon

the individual measurements contributing to the mean.

Shape Optimization

An illustration of the optimization procedure as a function of time step is provided
in Fig. 53. The shimmed transmit maps are presented in Fig. 53a with ‘worst-case’
computed SAR presented in Fig. 53b. The shimmed transmit maps in Fig. 53a demonstrate
a modest increase in homogeneity across time-steps. However, a dramatic decrease in SAR
is visible in Fig. 53b, demonstrating the influence of conductor meandering on electric field
generation in the sample. Similarly, the relative residual norm plotted in Fig. 53c
demonstrates the convergence of the algorithm outlined in Fig. 51. Runtime for a single
iteration was ~15 min and included FDTD simulation, post-processing of results,
computing objective functions and CMA-ES overhead. Total runtime accumulated to ~26
h for the entire procedure. Data visualization and communication between main controller

and solver servers accounted for the additional time to complete the optimization.
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Impedance Matching and Decoupling

The conformal dipole array achieved a mean — 25 + 3 dB reflection. The computed
input impedance of dipole elements is presented in Fig. 54. It was found that the greatest
magnitude of interaction between the bottom-half of the dipoles (see Fig. 52) occured near
the feed-point. Thus, to decouple the bottom-half of the dipole, the second decoupling

circuit was placed adjacent to the feed point.

Lumped element ladder values computed from CMS are provided in Table V. The
mean ladder section impedance of the decoupling circuits was 910 = 94 Ohm with a mean
insertion loss of - 0.2 + 0.1 dB. Measured S-parameters are provided in Table VI. The array
achieved a mean -21.3 + 3.4 transmission across all the elements in the array. Mean and
worst-case transmission between nearest-neighbour dipoles was —17.2+2.4 dB and
— 15.5 dB, respectively. Individual B;" sensitivity profiles of the dipole array are provided
in Fig. 55.
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Figure 53: The input impedance for a sample conformal dipole computed from FDTD
software. On-resonance the input resistance has been increased to 28 Ohm from
9 Ohm as computed from the equivalent circuit presented in Fig. 48a.
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Transmit Performance

The conformal dipole coil required a 101 V reference voltage to achieve a 70° flip-
angle across the entire brain with a 1-ms square pulse and a 96 V reference voltage to
achieve a 70° flip-angle across a 5-mm thick, central axial slice in the brain with a 1-ms
square pulse. These reference voltages were obtained after the application of an RF shim
solution and related to Bi* efficiencies of 22.4 uT/VKW for the entire brain and
24.8 uT/VKW across the axial slice. The transmit field uniformity achieved the dipole
array across the entire head is demonstrated with flip-angle maps in Fig. 56a for a
magnitude least-squares (MLS) shim solution and Fig. 56b for a slice-optimized spokes
RF pulse design (4).

The standard deviation of the transmit field, after performing MLS shimming, over
the axial, sagittal, and coronal planes of the whole-brain shim solution was 18%, 12%, and
14%, respectively. The standard deviation of the transmit field over the whole brain volume

A.U.

(to the posterior-most extent of the cerebellum) was 20%.

0

Figure 54: Relative transmitter isolation maps. The dipole B:1* profiles demonstrate a
high level of isolation between elements.
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The standard deviation of the transmit field, after performing RF-spokes slice
optimization, over the central axial slice was 7.5%. The variance of the transmit field

magnitude across the entire slice was 2%.

Accounting for peak 10g local SAR, the normalized B:*/10g-SAR was
125 uT- (W/kg)~1. The normalized B:1*/10g-SAR for the initial conformal dipole
dimensions was 6.67 uT - (W/kg)~1. Therefore, the optimization was successful in

increasing the ‘SAR efficiency’ of the coil 1.9-fold.

Flip Angle
[Deg]
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170

152.5
35
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Figure 55: Actual Flip Angle (AFI) maps obtained for the dipole array after
performing: (a) a magnitude-least-squares shim and (b) a Spokes-RF pulse

optimization across a centrally located axial slice.
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10-g SAR maps for the MLS shim solution computed from MRI experiments are
presented in the final time step of Fig. 53b. The total and peak 10-g SAR, normalized to
1 W accepted input power per channel, was 0.163 W/kg and 0.601 W/kg for the dipole
array, respectively. Areas of increased local 10-g SAR distribution include the eyeballs and
along an annulus located just outside of the isocentre of the brain. As seen in Fig. 53b, the
optimization routine reduces the number of local 10-g SAR ‘hot-spots’ as well as their

relative intensity.

Receive Performance

SNR for a central axial slice is presented in Fig. 57a. Noise correlations for the
constructed array are provided in Table VII. The dipole array demonstrated a maximum
noise correlation of 0.15 with a mean noise correlation of 0.023+ 0.03. Inverse g-factors
maps are provided in Fig. 57b for acceleration factors up to 3x3. Table 1 contains mean

and maximum g-factors for the array calculated for each accelerated reconstruction.
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Figure 56: (a) SNR maps for a centrally located axial slice. The ROI highlighted on

image illustrates the drop in SNR for deep imaging targets in the human brain. (b)

Inverse g-factor maps.
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Discussion

Impedance Matching and Decoupling

The constructed arrays were tightly coupled to the sample. Due to this, it was noted
during construction that sample mediated (resistive and capacitive) interactions between
array elements were a large contributing factor to both the mutual impedance between
elements and the dipole input impedances. This follows from the equivalent circuit analysis
provided in Fig. 48b.

In comparison to the theoretical, linearly-oriented dipole, as presented in Fig. 48,
the input impedance curve in Fig. 54 demonstrate a much flatter response across a 40 MHz
bandwidth about the resonant frequency and a higher absolute resistive component. This
has a two-fold effect: a wider matching bandwidth and an increase in body-noise
dominance. Therefore, for human head imaging at 7 T, it would appear that conforming
dipoles increases sensitivity to the load and similarly reduces the effect of sample

permittivity on reflected power due to impedance mismatch.

The bandstop topology derived from the CMS method utilized for the conformal
design was effective at reducing the influence of coupling between elements to a suitable
level for routine imaging. This is due to the fact that a resonant section can produce tuned
inductive and capacitive impedance corrections centred about its resonant frequency. In
the case of conformal dipole coupling, a 1%-order bandstop filter topology could achieve
the appropriate response. This is illustrated in the transmitter isolation maps provided in
Fig. 55, S-parameters provided as Table VII, and the noise correlations provided in
Table VII.

As seen in Table V, the individual section impedances for the decoupling circuits
vary across the array. This is due to the CMS procedure. The decoupling method attempts
to find a solution under which all dipole elements are decoupled. Therefore, with a
variation in coupling throughout the array, multiple resonant frequencies are required to
generate the subsequent poles that compensate for the mutual impedances between nearest-

and beyond-neighbouring elements.
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The CMS algorithm models the RF array as multiply terminated RF filter and can
be implemented digitally for computation. Utilizing this concept, lumped element values
were computed at each time step of the shape optimization. CMS ensured all candidate
designs were adequately decoupled with the circuit presented in Fig. 49d. Automation of
the decoupling procedure minimized the required human input for the optimization routine
and allowed for a flexible construction procedure resulting in the unorthodox meandering
structure. The dipole array was constructed free of the concern that the array could not be
decoupled or effectively implemented after-the-fact. This lifted a significant portion of the
burden for designing complex arrays where loop overlap or pre-amplifier decoupling or
not readily available. To this end, CMS provided a robust and simple solution to

implementing an array with more intricate dipole-shortening methods.
Table V: Decoupling circuit values computed from CMS

Resonance  Section Impedance

Decoupling
Circuit [MHz] [Ohm]
1 297.4 1036
2 294.0 846
3 298.2 748
4 290.0 956
5 294.3 912
6 299.6 894
7 287.1 978

Transmit Performance

In comparison to literature [125-127], the conformal dipole coil demonstrated

comparable flip-angle distributions across the entire human brain. With a spokes-RF pulse
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applied across a slice, the conformal dipole array achieved a high mean B1* uniformity. As
presented in Fig. 53, for subsequent time steps the conformal dipole array demonstrated

increased B17/10-g SAR values across the whole head with the MLS shim solution applied.

There are several physical mechanisms [102,127] contributing to an electric
dipole’s ability to generate B1" inside a sample at UHF. These unique UHF electromagnetic
interactions occur outside the magnetostatic regime and pose a design challenge for an
optimal RF array. Therefore, the use of a machine-based optimization routine in
conjunction with a finite-difference-time-domain (FDTD) engine is a powerful tool that
allows the designer to approximate ideal temporal-spatial RF currents generated on a dipole
array structure. This type of optimization method is an approximation to solving the inverse
problem of projecting ideal current patterns occurring in the sample onto a constructible
RF coil array.

The increased B1*/10-g SAR efficiency of the conformal dipole array is due to the
method by which the CMA-ES algorithm penalized increases in the peak 10-g SAR for
any given conformal meandering structure. In comparison to conventional loop-based RF
arrays, conforming and meandering the dipole antenna pattern allows for array patterns
that, when used in concert with an RF pulse optimization, can selectively shape the electric
field patterns such that power deposition is minimized given the same sample-load

distance.

Although originally posed as a design challenge, this form of shape optimization is
a unique degree-of-freedom afforded by constructing an array with open-ended dipoles.
The effect of electrically shortening a dipole antenna for use in human head imaging
provides a unique opportunity to generate more efficient EM fields due to the optimization
of conductor placement in the array. The unique conformal dipole geometry demonstrates
that it is possible to simultaneously achieve the objectives of self-resonance and minimized

electric field intensity across the tissue.



137

Table VI: Maximum G-factor comparison for accelerated reconstruction across

read and phase-encode directions.

R 1 2 3

1 1.2 1.6

2 11 1.2 1.6

3 13 1.5 1.7

Table VII: Dipole Array S-Parameters [dB]

1 2 3 4 5 6 7 8
1 -21.0  -17.2 -15.7 -24.0 -25.7 -25.0 -16.7 -17.5
2 -22.1 -15.6 -19.3 -24.6 -22.3 -23.5 -15.5
3 -27.1 -17.0 -19.3 -20.5 -22.0 -24.8
4 -30.3 -16.0 -15.4 -24.2 -24.5
5 -23.0 -20.0 -23.0 -26.0
6 -28.6 -23.0 -16.3
7 -22.2 -15.5
8 -25.0

Worst-Case Coupling: -15.5

Mean Coupling: -21.3 + 3.4
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Receive Performance

The benefits of reduced coupling between dipole elements (see Fig. 55) are clearly
illustrated in the inverse g-factor maps provided in Fig. 57b. The isolated sensitivity
profiles of the conformal dipole array provide full volume coverage and correlate to low

maximum g-factors obtained during an accelerated acquisition.

Table VIII: Dipole Array Noise Correlation

1 2 3 4 5 6 7 8
1 0.0332  0.0038 0.0094 0.009 0.0234  0.0743  0.0082
2 0.0092 0.008 0.008 0.0085  0.0307  0.004
3 0.0658 0.017 0.0121  0.0295 0.0112
4 0.0168  0.0099 0.0072 0.0201
5 0.15 0.0093 0.0061
6 0.0093 0.0071
7 0.0141

Maximum Noise Correlation: 0.15

Mean Noise Correlation: 0.023 + 0.03

When receiving across the full sample FOV, the conformal dipole has a relative
reduction in peripheral sensitivity of the dipole array in comparison to that of the loop RF
array [128]. However, as seen in similar dipole RF array studies [103], the increased

sensitivity of a dipole array across a centrally-located slice or an ROI located in the
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isocentre of the sample provides unique opportunities for dipoles to be used alongside loop-

based elements to increase SNR and coverage sensitivity —first presented in [129].

The conformal dipole sensitivity profiles are sufficiently orthonormal for clinically
applicable acceleration factors up to 3x3. By example, for R=1x3 and R =2x1
acceleration, the mean accelerated SNR is reduced by a modest 6.3% and 13% when
compared to the un-accelerated SNR, respectively. The insertion loss of individual
decoupling circuits was -0.15 dB. This loss is on the order of that measured for the shielded
baluns (-0.18 dB). The high input impedance of the decoupling circuits eliminated the
possibility of parasitic current paths. Although the placement of the balanced decoupling
network, at first observation, could potentially produce secondary electromagnetic fields
that interfere with the generation of the desired B:-field profiles, the high input impedance
of decoupling sections demonstrated very-little-to-zero field generation occurring on either

the coaxial cables connecting dipoles and decoupling circuits, or on the inductors.

The largest contributor to tuning and matching was proximity of the dipoles to the
load. This is evident in both the transmitter isolation maps (Fig. 55) as well as the flip
angles maps provided in Fig. 56 whereby any secondary magnetic fields generated by
decoupling methods would interfere with the presented field profiles. The measured B1*
distributions of the dipole array characterized well-known UHF field patterns occurring in
the human head [130]. Therefore, it is concluded that the CMS and chosen implementation
of the decoupling method is quite suitable for implementing complex array geometries.

Conclusion

In this study the application of several methods were presented for the first time in
the construction of dipole-based RF arrays utilized for UHF MRI. Firstly, the MRI-adapted
coupling matrix synthesis (CMS) method for designing RF arrays as a large, multiply
terminated RF ladder filter was applied to an unorthodox meandering dipole structure and
demonstrated excellent decoupling of an array structure not well-suited to decoupling by
conventional methods. Secondly, due to the elimination of implementation barriers
typically posed by other decoupling methods, an evolutionary computer algorithm (CMA-
ES) was utilized to optimize the conductor paths of the dipole antennae. The sum total of
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these techniques allowed the designers to construct a conformal dipole array that increased
the body-noise of the dipole array, matching bandwidth and power delivered to the sample.
Similarly, the 10-g SAR, transmission profile, and receive sensitivities of the transceiver
array were passively optimized for a conformal array design.
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Summary & Conclusion

This thesis presents several advancements in the field of MRI RF array design and
construction. These advancements in array design were applied to the central research

questions, posed at the beginning of the thesis:

(1) Does an increase in element-to-element isolation translate to increased
Imaging performance?

(2) Does a more flexible solution for isolating elements in an RF array remove
implementation barriers for more sophisticated RF array designs that have
potential benefits for UHF MRI?

(3) Is it possible to shape-optimize conducting structures to passively shape

the electromagnetic fields responsible for SAR and nuclear excitation?

To address central question (1), a general framework, coupling matrix synthesis
(CMS), was applied to model the complex electromagnetic coupling occurring in RF
arrays. The CMS algorithm was designed specifically to increase isolation between
elements in an RF array and incorporated several new features not previously addressed by
current technology — the ability to decouple both nearest and next-nearest neighbours with
filters placed only between adjacent elements and the ability to decouple non-loop based
RF elements. The CMS algorithm also demonstrated that, for the first time, it was
physically possible to fully decouple a 32-channel head coil without the use of element
overlap or low-input impedance preamplifiers. A proof of principle was provided for the
CMS algorithm that demonstrated high element isolation, and for the first time, RF
elements decoupled with resonant, distributed-filters.

The CMS model was then utilized to synthesize a series of decoupling methods that
included: (a) lumped element circuits and (b) distributed element filters (magnetic walls)
for incorporation into full-scale RF arrays, designed for routine imaging. It was
demonstrated that including these decoupling methods into the construction of state-of-the-
art RF arrays improved element isolation in both full-wave simulation as well as with in-

vivo MRI experiments, thus addressing central question (1) in a clinically-relevant setup.
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However, for the case of both decoupling methods, modest efficiency losses were

measured due to including additional lossy circuitry into the RF array.

Extending on the methods derived to solve question (1), it was demonstrated that
for conformal dipole arrays a CMS decoupling method was able to isolate elements at a
level previously unattained by conventional technology. The dipole structure that was
successfully implemented with the CMS procedure was not readily decoupled by any other
conventional means. Therefore, with analysis and simulation confirming that for a subset
of challenging RF array constructions, especially those encountered during a shape
optimization procedure, CMS is a convenient method for realizing highly conformal RF
arrays designed for neuro-imaging. Thus providing evidence that CMS can address central

question (2).

Finally, central question (3) was addressed through the use of a shape-optimization
procedure to define the conductor paths of a conformal dipole array. The constructed array
demonstrated a novel method by which SAR can be passively minimized for any given
target excitation and was the first demonstration of an algorithm designed to intelligently
design the meandering patterns of a MRI dipole array. The decrease in 10g SAR achieved
with the conformal array was accompanied by a modest increase in excitation uniformity

with a minimal influence on the overall efficiency of the excitation.

In summary, this thesis presented strong evidence that elimination of mutual
coupling in RF arrays of complex geometry and large coil-counts is possible via simple
circuits realized with the CMS approach. Additionally, the CMA-ES evolutionary
algorithm was applied to the meandering structures of dipole elements that synthesized a
conductor geometry that minimized electric field coil-patient interactions, thus reducing
the overall SAR burden for any given acquisition. Due to the presence of intense electric
fields near dipole elements, shape-optimization is a very promising method for mitigating
the notoriously high power deposition produced by these element-types while

simultaneously increasing their efficacy as an UHF transmitter.

Future extensions of this work include extending the shape optimization procedure

laid out in Chapter 5, in conjunction with the CMS technique in Chapter 2 to construct
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complex array geometries that exploit the electromagnetic environment to further minimize
patient risk via reducing SAR. As was demonstrated by the conformal array, performance
gains for RF arrays are possible when performing a shape-optimization, however the
method by which the dipoles were shaped was not fully general. A target-field-approach,
as seen in gradient coil design, is a natural candidate for applying a CMS-decoupled array

and is possible in a finite-difference-time-domain regime.

The application of the CMS method to other RF arrays is another potentially
advantageous method to construct RF arrays combining elements of dissimilar conductor
pattern —i.e. loops and dipoles. The elimination of mutual coupling between these elements
with a simple circuit approach allows a large increase in the degrees of freedom one can
use to approach the problem of transmission uniformity. With current pulse-shaping
algorithms still requiring high peak power deposition and an increase in the number of RF
pulses required for field homogenization, increasing the number of elements and distinct
radiation patterns in a transmit array is advantageous for simpler ‘RF-shimming’ strategies
that rely heavily on the number of mutually independent transmit elements. The CMS
method could be realized in several forms for any given array construction. Mixing lumped
element circuits with distributed filters — such as the magnetic wall — provides an additional

means by which arrays could be constructed.

Although distributed filters were the most lossy method by which decoupling was
studied in this thesis, the use of magnetic walls, or structures similar thereto, still presents
a simple solution to manufacturing RF arrays. Typically, construction of RF arrays is an
iterative process and the use of a distributed filter; if efficiency is not of prime concern, has

great potential for quickly manufacturing well-decoupled RF arrays.

The future of UHF MRI depends heavily upon the RF arrays that can be feasibly
constructed and relied upon for clinical use. To-date, this has been a very active area of
MRI engineering research and the advancements presented in this thesis go to great lengths

in translating UHF MRI into the clinical environment.
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Appendices
Appendix A

Synthesized coupling coefficients for the lumped element 4-coil array

C0i|1 L1_1 L1‘2 ‘ COilz Lz,1 Lz‘z C0i|3 I—3.1 L3.2 C0i|4
Coily 1 . 06045 : 0 : 00670 : 0 0 : 00410 @ 02872 : 02157 : 00410
Lis : : : : H
# --------------- Frmmmmmmmm s s msmmmmeee Fommmm s m i - At Frmmmmmme s [ ooty il Al [ i
Coil, H H » -0.9963 : -0.4966 : 0 : . : 0 : 0 1 0.0410
L2s -0.0392 -0.0349 0 0 0
Loy 0.0254 0.3568 0 0 0
Coils 0.3029 -0.0924 0 0.0670
Las 0.0636 -0.2522 0
L, 0.2669 0.8285
Coily 0.2027
Synthesized design matrix for the lumped element 4-coil array
C0i|1 I L1_1 l L1,z ‘. COilz I L2‘1 ‘. Lz,z | C0i|3 | L3‘1 | L3.2 | C0i|4
Coll | 2736MHz | 144pF i L 00670 S :..00410 | 288pF : 514pF 00410
Lis | 1.2903MHz T 28.7pF T S O S S -
Ly, i T MHZ T IIpF i i i H i :
Coil, 2736 MHz ~ 11.7pF 0.0670 0.0410
Los 2963MHz  3.15pF
Loo 2978MHz  7.42pF
Coils 3044MHz  1.95pF 0.0670
Lss 2987 MHz  22.2pF
L. 3035MHz  17.1pF
Coily 302.0 MHz
Truncated coupling matrix for the distributed filter 4-coil array
C0i|1 ‘ D, D, D; | Dy Ds ‘ Ds D, Dg Dy Do Coil,
Coil, | -0.075302 | -0.24434 ! -0.19704 { -0474 | -0.1 | -0.09071 | -0.2906 | -0.23629 | -0.40238 | -0.246 | -0.27065 | 0.0397
D, 0 -0.36598 0 0 0 0 0 0 0 0 -0.24434
D, 0 0.099998 0 0 0 0 0 0 0 -0.19704
D, 0 -0.4053 0 0 0 0 0 0 -0.474
D, 0 -0.1 0 0 0 0 0 -0.1
Ds 0 -0.4254 0 0 0 0 -0.09071
Dq 0 -0.35949 0 0 0 -0.2906
D, 0 -0.09867 0 0 -0.23629
Ds 0 -0.62323 0 -0.40238
Dy 0 -0.2857  -0.246
Dio 0 -0.27065

Coil, -0.06625



Truncated design matrix for the distributed filter 4-coil array

C0i|1

D,
D,
D;
D,
DE
Dy

D;
Dy
Dy
D]‘J

Coil,
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C0i|1
293.5
MHz

D,
9.62 mil

0

D,
7.76 mil

14.4 mil
0

D;
18.7 mil

3.93 mil
0

Dy
3.94 mil

16.0 mil
0

Ds | Ds | D, | Dy
3.57 mil 11.4 mil 9.3 mil 15.8 mil

3.94 mil
0 16.7 mil
0 14.2
mil
0 3.89 mil
0

Dy | Du |
9.68 mil 10.7 mil

24.5 mil
0 11.2 mil
0

Coil,
0.0397

9.62 mil
7.76 mil
18.7 mil
3.94 mil
3.57 mil
11.4 mil

9.3 mil
15.8 mil
9.68 mil
10.7 mil

293.9
MHz
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Appendix B

This appendix provides pseudo-code for the various design algorithms
implemented in software throughout the thesis: (1) RF shimming, (2) coupling matrix
synthesis, and (3) dipole shape optimization. All code can be found in the following code-
repository: https://github.com/llennoc89/thesis.git. Readers will note that additional
software can be found in the repository. This additional software is used for formatting
various inputs to the design software — magnetic field maps from CST Studio for use in
Matlab for RF shimming, by example. However, the following pseudo-code should allow

readers to design their own software based on the algorithms presented below.

RF Shimming pseudo-code

Import individual{ B:" maps} for i channels
Vectorize {B1" maps} for i channels
Concatenate {B1* maps} to n x i matrix
for k = 1:length(i)
w(i) = 1*exp(i*2*pi*(i-1)*45/length(i))
end
Set tol
Set BF (r) (desired transmission profile).
while err > tol
Compute ||wB3 (r,w) — Bf (r)|| = err forw

return
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Coupling Matrix Synthesis
Compute individual{element-to-element coupling} for i elements
Estimate element-to-element coupling values {Mi }
Populate coupling matrix {M}
Initialize j decoupling sections
Compute {s} stencil for deoupling entries in {M}
Compute impedance matrix {A} where length(diagonal(A)) = j*i+i
Initial i reflection polynomials {Ri} and i*j transmission polynomials {ti;}
Set tol
while err > tol
for k = 1 to number of points in transfer function
M = M*s

Ii; =1+ 2jR,[Al;}

T;j = —2jy/RnRi[Al7}
Compute ||(I'(k, M);; — R(k);) + (T;j(k, M) — t;;(k))|| = err for M
end

return



Dipole Shape Optimization

Initialize dimensions with points p
A ={[lby,lb,] > p < [uby, ub,|}
while isfalse(A)
Initialize dimensions with points p
A={[lb,,Ib,| > p < [uby, ub,|}
Continue

Construct trace through points p

while err > [tol]
Compute FDTD solution to EM fields
for k = 1 to number of voxels in ROI
Compute
0bjs = ) BI() = B pyyea®

0bj; = )" SAR() — SARpesirea(r)

end

Compute
objs; = mean(Bi (")gor)

obj, = X|f=297.2 MHz
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err = [obj1,0bj;, 0bj3,0bj,]
Pick new p

return
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